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Tel: +46 (0)31-7721000, Fax: +46 (0)31-7723496
http://www.physics.gu.se

Printed by Stema Specialtryck AB
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Abstract

Modeling the human physiology in vitro is a challenging task, yet one of impor-
tance for the development of drugs and the study of diseases. To better address the
complexities of human organs, microfluidic systems called organs-on-chips are being
developed to emulate organ-specific environments for cell culture. Such systems are
designed to recapitulate one or several key physiological features from the organ in
question within an in vitro culture platform.

This thesis describes the work performed in order to develop, refine and val-
idate organs-on-chips designed specifically to mimic physiological cues from the
human liver. Designed to allow perfusion, low levels of shear stress, and three-
dimensional culture, the livers-on-chips described herein are intended for culture
of induced pluripotent stem cell-derived hepatocytes as well as cocultures between
hepatocytes and hepatic non-parenchymal cells, such as hepatic stellate cells.

The work performed as part of this thesis involves three different iterations of
such livers-on-chips and the steps taken to validate and refine them. Methodologies
used in this process, ranging from flow simulations, microfabrication, and cell culture
to microscopy, immunofluorescence, and more, are summarized in detail.

First, a partly validated liver-on-a-chip is described, which I applied for on-chip
differentiation of induced pluripotent stem cells into hepatocytes. Responding to the
shortcomings of said device, I designed, developed and optimized two further refined
variants of such devices. This thesis describes the work involved in fabricating,
testing and optimizing these devices for use with cell lines and induced pluripotent
stem cell alike.

The final iteration of microfluidic device produced as part of this project, termed
LC-v3, was found to support culture of HepG2 cells in monoculture as well as in
coculture with LX-2 cells, and functionality was demonstrated through albumin se-
cretion assays. The device was also proven to support on-chip differentiation of
induced pluripotent stem cells into hepatocytes, validated through the cells’ expres-
sion of albumin as observed through immunofluorescence. Further validation studies
are currently ongoing.

Based on the successful cultures demonstrated with the device, it is believed that
the LC-v3 may in the future serve as part of a more complete multi-organ model
system, and/or be implemented in drug development studies in vitro.
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Chapter 1

Introduction

T he human body is a highly complex system. Consisting of numerous different types
of tissues, its myriad functionalities depend on the health and function of the individ-

ual organs. These organs affect each other through circulatory and metabolic pathways,
together maintaining a state of homeostasis in the body. As the body grows and ages,
gets injured or falls ill, homeostasis sometimes needs to be externally restored.

Medicines are among our foremost tools in restoring lost homeostasis, but due to the
complexity of the human metabolism, such xenobiotic compounds can harm as well as
heal. Therefore, the ability to study the interaction of novel compounds with the various
bodily organs is a key part of developing new medicines and refining the existing ones.
Similarly, studying the bodily organs during onset and development of disease can help
deepen our understanding of the mechanisms that cause the disease, how best to prevent
it, and what medicines could be suitable in combating the disease.

It is common practice in drug development and biomedicine to use models of the human
physiology [2, 3]. Such models commonly come in the form of in vitro cell cultures, where
cells are grown in culture systems such as flasks or petri dishes, and in vivo animal models,
wherein complete animals are used for studies and experimentation. As model systems for
a complete human body, both systems have their shortcomings [4, 5]. Conventional cell
culture systems lack many of the key properties that allow bodily cells to maintain and
exercise their functionality, such as physiological cues, perfusion, and the interchange of
secreted signaling substances that allow organs to interact with one another. Conversely,
animal models represent complete organisms, but are hampered in their realism by inter-
species differences in terms of biochemistry and physiology.

Recently, an alternative to these two models has arisen from the fields of physics and
chemistry. Harnessing the tools available from microtechnology and microfabrication, the
fields of Lab-on-a-Chip and Organ-on-a-Chip have developed from science fiction to hard
science. Organs-on-Chips are microfluidic platforms designed for in vitro cell culture un-
der precisely defined conditions, having the possibility of integrating more structural com-
plexity and embedded functionality than conventional in vitro cell culture systems. These
organ chips can support physical deformation, continuous perfusion, three-dimensional
culture of various organotypic cells, electrical stimulation and read-out, and much more
[6–8]. Being largely modular in nature, such microfluidic systems can be connected into
fluidic circuits that enable different organ models and analogs to support serial and par-
allel cultures of different organ cells, connecting these individual model systems together
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8 Introduction

into a Body-on-a-Chip.

A Body-on-a-Chip (BOAC), consisting of multiple modular organs working in tandem,
would provide a much more complete and physiologically relevant human model than
conventional cell culture is able to offer [9, 10]. Its ability to support culture of human
or human-derived cells would also allow it to provide a dimension of human-physiological
realism that animal models do not possess, assuming that the BOAC allows the human-
derived cells to maintain an in vivo-like phenotype.

Even though metabolically coupled organ models will be affected by their inter-organ
interactions in such a model system, the physiological realism of a BOAC is ultimately
limited by the functionality of each constituent organ. Thus, the development of individual
Organs-on-Chips is important both for their potential integration into Body-on-a-Chip
platforms and for their utility as standalone organ models. By virtue of their potential
complexity and integratable physiological cues, the Organs-on-Chips can also serve as
organotypic culture systems without the need for connecting multiple organ chips together.

A good example of a case where this matters is that of the liver. The liver, as is
described in Chapter 2, consists of parenchymal cells (hepatocytes) which carry out liver-
specific functions such as xenobiotic metabolism, glycogen synthesis and fatty acid beta-
oxidation, but also of non-parenchymal cells (NPCs) such as liver sinusoidal endothelial
cells (LSECs) [11]. These NPCs perform important functions for the hepatocytes and
the liver, but thrive under different conditions than the hepatocytes. The functionality of
both cell types is known to be dependent on such physiological cues [12–14].

As such, while the two cell types mentioned could be cultured together in a Petri dish,
their functionality is better served by culturing them in a system that allows their different
conditions to be provided, all while having the two cultures fluidically connected. In this
way, individual organ models can provide greater physiological realism than conventional
culture platforms. It has also been shown, as is discussed in Chapters 2-3, that the
functionality of hepatocytes and other cells greatly depends on the environments in which
they are cultured. Thus, the validity and physiological relevance of a culture system, be it
for drug development, the study of diseases, or future integration into a BOAC, benefits
greatly from adapting the culture platform based on the native niche(s) of the constituent
cells [10].

This thesis describes the work of developing, refining and validating such an Organ-
on-a-Chip platform, specifically a liver-on-a-chip. The general purpose of this work was to
produce, refine and validate a physiologically relevant liver-mimetic system that would sup-
port high degrees of organotypic functionality as well as support culture of liver cells from
physiologically relevant sources, such as primary and/or stem cell-derived hepatocytes.
The validation was intended to take place through assays highlighting several aspects of
liver-native functionality and show long-term sustainability of a viable hepatic culture in
vitro.

� Chapter 2 describes the physiology, microanatomy and functionality of the liver as
well as its consitutent cells. It is intended as a background to the physiology that
the liver-on-a-chip should seem to emulate in order to be physiologically relevant.

� Chapter 3 consists of a primer on the topic of microfluidics and microprocessing, as
well as a review of the field of livers-on-chips, ranging from platforms that resemble
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conventional culture systems to structurally advanced microfluidic chips that mimic
the liver microarchitecture. This chapter serves as an introduction to livers-on-chips
and a comparison of the tools available in producing such platforms, as well as an
outline of the different levels of complexity that a liver-on-a-chip system can exhibit.

� Chapter 4 introduces the starting point of the work performed as part of this the-
sis, a liver-on-a-chip system that had previously been validated through culture of
stem cell-derived hepatocytes, and details the work performed with that device.
To further validate the device and attain an even more physiologically relevant liver
model, differentiation of stem cell-derived definitive endoderm cells into hepatocytes
on-chip was attermpted. Assays were optimized for the purpose and the device as-
sembly was modified, but inherent limitations in the system led to the differentiation
failing. Necessary and recommended improvements are suggested.

� Chapter 5 summarizes the work performed in order to build upon the strengths of the
device described in Chapter 4 while eliminating or building around its shortcomings.
The design of the device was changed from the ground up, simulated under flow,
and produced using a different microfabrication method than the previous device.
Following optimization of the fabrication method, cell culture in the new device was
attempted. The device was found to remedy several of the problems present in the
previous iteration but at the cost of introducing new difficulties. Another iteration
of device redesign was opted for.

� Chapter 6 details the next iteration of the device described in Chapter 5, with
updated design, simulations and utility. The implementation of the device using
cell lines for initial validation is described, complete with assay methods, a complete
culture protocol, and subsequent material and structural updates that were deemed
necessary to retain the functionality of the device under given culture conditions.
Finally, the device is evaluated in the light of the previous iterations and the original
ambition.

� Chapter 7 summarizes the work performed as part of this thesis project, giving an
outlook on future experiments to be carried out with the device, and contextualizing
the device into the field at large.

Thus, this thesis describes both bottom-up development, implementation and valida-
tion of a series of livers-on-chips. As such, it may serve as a guide both to further validation
and optimization of the resultant devices as well as to de novo development of different
organs-on-chips based on similar methodologies and concepts.
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Chapter 2

The Human Liver

T his chapter describes the human liver, its functionality and structure, as well as the
traits and properties of its main constituent cell types. Parts of this chapter have

been adapted from my previously published licentiate thesis [15].

2.1 Anatomy and microanatomy of the liver

The liver is the human body’s largest internal organ and carries out multiple vital functions
[16, 17]. It serves as our main metabolic organ for xenobiotics, secretes bile which assists
the intestine in lipid uptake, and helps regulate blood glucose levels, to name a few. The
liver is supplied with blood both from the digestive system (through the portal vein) and
from the systemic circulation (through the hepatic artery). The latter supplies the liver
with approximately 25% of the hepatic blood throughput, and the blood it supplies is
generally rich in oxygen. The hepatic arterial blood is generally saturated to more than
95% capacity with oxygen, most of which is carried by hemoglobin in the red blood cells,
and it is estimated that approximately half of the liver’s oxygen requirements are met by
the arterial blood [18, 19].

The portal vein, on the other hand, provides the liver with blood coming from the cap-
illary systems of various digestive organs, such as the intestine and the gallbladder. While
it supplies approximately 75% of the hepatic blood throughput, it is less oxygenated, but
instead carries nutrients, xenobiotics and other substances taken up into the bloodstream
by the digestive system.

The two bloodstreams intermix within the liver’s microvasculature to create a blend
of blood that supplies the resident cells with both oxygen and nutrients. The blood exits
the liver through the central veins, merging into the hepatic vein which drains into the
inferior vena cava. The liver receives approximately 25% of the heart’s total blood output
at rest [16, 19], and is responsible for about 20% of the body’s total oxygen consumption.

On the microscopic level, the liver mass is subdivided into roughly hexagonal cord-
like subunits called lobules, three-dimensional (3D) structures consisting mainly of liver
parenchymal cells (hepatocytes) [11, 20–22], as shown in figure 2.1. Each such lobule is
1-1.3 mm in size [11], and the adult human liver typically consists of over a million of them.
As illustrated in figure 2.1, the hepatic arterioles and portal venules run alongside these
lobules, parallel to the central vein in the middle of each lobule. The transport of blood

11
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Chapter 2

The Human Liver

T his chapter describes the human liver, its functionality and structure, as well as the
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between the outer blood vessels and the central vein takes place through the sinusoids,
specialized capillaries that are interspersed in the mass of the lobules (shown in purple in
figure 2.1, and highlighted in figure 2.2). These sinusoids are approximately 7-9 µm in
diameter in adults [23] and receive a blood flow of approximately 60 pL/s [24]. The blood
spends a time on the order of seconds in the sinusoid before reaching the central vein and
exiting the lobule.

The exchange of gas, nutrients and metabolites between the blood and the hepatic cells
takes place during their passage through these sinusoids, in a transport process regulated
by the liver endothelium. As arteries branch into arterioles and then into capillaries like the

Figure 2.1: The liver microanatomy is a mesh of lobules, hexagonal tissue clusters that consist of
the hepatic parenchymal cells (hepatocytes) as well as non-parenchymal cells (NPCs). The bottom
image shows the individual lobule with its influx and efflux vessels. The hepatocytes are shown as
dark red cuboids, and the sinusoidal vessels are highlighted in purple. Image by OpenStax College,
public domain; legend edited for clarity.
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sinusoids, the blood flow speed gradually decreases, while the pressure increases. Since the
hydrostatic pressure in the blood is higher than the oncotic pressure in the adjacent tissue
or interstitium, both blood and dissolved substances are driven across the endothelium.
Near the end of the capillaries, as they merge into venules and veins, the pressure in the
capillaries decreases again, allowing the reverse process to take place. Oxygen is mainly
carried through the vasculature by means of hemoglobin in the red blood cells [25], and is
released into the blood and nearby tissue based on surrounding conditions such as blood
CO2 levels and local pH through the Bohr effect [26].

Certain solutes can diffuse across the endothelial cell membranes [27]. Oxygen, be-
ing lipid-soluble and comparatively small, can diffuse readily across the endothelial wall,
whereas lipids packaged into larger lipoprotein particles depend on other mechanisms for
efficient transport between hepatocytes and the bloodstream [28]. Conversely, glucose, be-
ing water-soluble, can be transported across the cell membrane by aquaporins and through
the endothelium via the fenestrations [27].

The liver endothelium is fenestrated, bearing nanoscopic pores which open and close
dynamically [11, 16]. This permits the passage of blood plasma through the endothe-
lium, carrying substances such as plasma proteins, smaller lipoproteins and xenobiotic
compounds across without the need for transcytosis [29, 30]. Working as a sieve, the fen-
estrations allow the liver to regulate the influx and efflux of blood plasma and metabolites
between the liver tissue and the bloodstream dynamically. As a consequence, functional
endothelial fenestrations may have a profound influence on the homeostasis in the liver,
playing a role in both health and disease.

Figure 2.2: An illustration of a sinusoid capillary. Blood from the hepatic arterioles (red) and portal
venules (blue) flows through the sinusoid towards the central vein. The highly oxygenated arterial
blood and nutrient-rich portal blood mix (purple) during their passage through the sinusoid. Bile
(green) secreted by the hepatocytes flows through bile canaliculi out into bile ductules, which
transport it away from the liver. LSEC, liver sinusoidal endothelial cell. Illustration from Frevert
et al. [31], modified under the CC BY 2.5 license [32].

2.1.1 Cells of the liver

The liver consists of numerous different cell types (see, for example, the paper by Malarkey
et al. [21]). The most numerous and prominent of these are the hepatocytes, liver sinu-
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soidal endothelial cells (LSECs), hepatic stellate cells (SCs), Kupffer cells and cholangio-
cytes [33].

The hepatocytes are the liver’s most prominent parenchymal cell type and the most
numerous [16, 21, 33], making up approximately two-thirds of the liver cell population
and 80% of the liver mass. Hepatocytes are polygonal, sometimes binucleate, and range
in size between 20 and 30 µm. As parenchymal cells, the hepatocytes carry out most of
the liver-specific functions, including gluconeogenesis, secretion of albumin and urea, beta-
oxidation of fatty acids, and pharmaceutic metabolism through cytochrome P450 (CYP)
expression.

Hepatocytes are functionally polarized, having three different domains [16, 34]. The ba-
solateral domain faces towards the sinusoid and is involved in both the uptake of molecules
from the blood and the secretion of molecules into it. This domain is structurally folded
into microvilli which reach towards the sinusoid. The lateral domain forms tight junctions
with adjacent hepatocytes, allowing them to form a barrier of sorts separating the baso-
lateral side of adjacent hepatocytes from the canalicular or apical side. The apical (or
canalicular) domain faces away from the sinusoid, and it is to this side that hepatocytes
secrete bile as part of their metabolism. The bile is secreted into bile canaliculi, narrow
channels bordered by hepatocytes from different sinusoids, all with their apical sides facing
the canaliculus. The bile canaliculi drain into bile ductules which run alongside the hep-
atic arterioles and portal venules, together forming portal triads. The bile ductules merge
into a bile duct, which leads the bile away from the liver and drains into the gallbladder.
As shown in figure 2.2, the bile in the canaliculi thus flows in the opposite direction to the
blood in the sinusoids.

Between the hepatocytes and the sinusoids lies a gap known as the space of Disse,
where hepatic stellate cells reside. The space of Disse is rich in extracellular matrix
(ECM) proteins and lies separated from the bloodstream by a layer of endothelial cells
[11]. This space has a thickness on the order of 1 µm and is perfused by the blood plasma
that passes through the endothelium.

The hepatic stellate cells (HSCs) are an important class of non-parenchymal liver
cells (NPCs), inhabiting the space of Disse [16] and constituting approximately 5% of
the liver cell population [35]. They store most of the body’s vitamin A, and secrete
growth factors, cytokines, and para- and autocrine signaling substances of importance
for both hepatocytes and other NPCs [16]. Cytokines and growth factors secreted by
HSCs can aid the regeneration of hepatocytes through proliferation and differentiation
[36]. Furthermore, stellate cells play a role in the liver’s immune system, and they help
regulate the sinusoidal blood flow. This is done by affecting the sinusoid diameter, which
the HSCs do in response to vasoactive agents such as endothelin-1 and nitric oxide [37]
secreted by the liver endothelial cells [12].

In response to injury, HSCs can transdifferentiate into myofibroblasts to begin secreting
ECM proteins [36]. The scar-like tissue they form helps to protect the liver from further
injury, though the excessive formation of ECM (fibrosis) also distorts and disturbs the
vasculature and parenchyma, impairing the liver functions [11, 38]. If unchecked, such
fibrosis may eventually develop into cirrhosis, a chronic and often irreversible condition
involving necrosis and loss of the lobular structure.

The space of Disse, the stellate cells and the hepatocytes are shielded from the blood
flow by a layer of specialized endothelial cells [16] which line the insides of the sinusoids.

2.1 Anatomy and microanatomy of the liver 15

These liver sinusoidal endothelial cells (LSECs), comprising 10-20% of the liver cell pop-
ulation [35], are unusual in that they are fenestrated, exhibiting nanoscopic perforations
that range between 50 and 200 nm in size. These fenestrations are dynamic, changing
size, opening and closing in response to signaling substances from the hepatocytes and
stellate cells, as well as blood pressure. The fenestrations allow circulating lipoprotein
remnants, xenobiotics and other metabolites to cross the endothelium without having to
pass through the LSEC membranes [12].

Aside from playing a role in endocytosis and being able to secrete inflammatory cy-
tokines, the main function of the LSECs is to regulate the flow of blood, plasma and
metabolites between the sinusoids and the space of Disse [16]. LSECs also protect the
stellate cells and hepatocytes from excessive fluid shear stress (the stress of liquid flow
against the cells, further explained in Chapter 3) that they would experience if they were
in contact with the bloodstream. Correspondingly, LSEC function is strongly dependent
on shear stress [12]; LSECs normally experience shear stresses around 10-50 mPa [14, 39].
The maintained functionality and dynamic porosity of the LSECs is vital for the liver’s
ability to detoxify xenobiotics and maintain its metabolic functions. A loss of fenestrations
drastically impacts the passage of metabolites, xenobiotics and oxygen to the hepatocytes
[40]. A number of open questions remain regarding the role of LSECs and their fenestra-
tions in health and disease; for a more in-depth discussion on the matter, see the work of
Gracia-Sancho et al. [40].

The immune system of the liver is semi-independent from the immune system of the
rest of the body, and as such, it relies on resident lymphocytes and macrophages [16]. The
liver’s resident macrophages are known as Kupffer cells, and serve to clear out bacteria
and worn-out cells and proteins that pass through the hepatic bloodstream. Like the
other NPCs, Kupffer cells release important cytokines, but the Kupffer cells also serve to
coordinate the other hepatic cells’ responses to injury. They make up approximately 10%
of the liver cell population [35].

The last main cell type present in or around the lobules is cholangiocytes, the biliary
epithelial cells. Cholangiocytes are present along with hepatocytes lining the bile canali-
culi, comprising less than 1% of the liver parenchyma [16], but they are most commonly
found in the bile ducts leading away from the liver. Cholangiocytes secrete and inter-
act with bile, altering its composition as it is transported from the lobules towards the
gallbladder.

2.1.2 Organization and zonation

As shown in figure 2.2, the hepatocytes are arrayed in close proximity to the sinusoids, and
the exchange of oxygen and metabolites between hepatocytes and bloodstream takes place
as the blood flows through the sinusoid. Therefore, a gradient of oxygen and metabolite
concentration arises along the length of the sinusoid, highlighted in figure 2.3. Likewise,
molecules that are modified or secreted by hepatocytes in the early parts of the sinusoid
may affect cells further downstream in the sinusoid [16, 41].

Consequently, the hepatic functions that depend on oxygen concentration or metabo-
lites also vary along the sinusoid. The hepatocyte phenotype adapts based on the environ-
mental cues that the cells receive in a phenomenon called zonation. As such, the hepatic
lobule is typically subdivided into three zones: periportal, intermediate and perivenous (or
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pericentral)[11, 42, 43], as illustrated in figure 2.3. The concentration of oxygen is greatest
at the start, in the periportal zone, and declines along the sinusoid towards the pericentral
zone around the central vein. This gradient, as well as that of metabolites carried from the
intestines, dictate several of the functions of the parenchymal cells. In the periportal zone,
these are predisposed towards albumin secretion, gluconeogenesis (glucose synthesis), urea
synthesis and fatty acid beta-oxidation. Conversely, the pericentral zone parenchyma is
focussed on xenobiotic metabolism through cytochrome P450 (CYP) enzymes, as well as
glycolysis, triglyceride synthesis and the Wnt signaling pathway, the latter of which is in
turn linked to the regulation of zonation [42–44].

As a side note, it has been seen in animal models that reversing the blood flow reverses
the zonated profile of some functions but not all, demonstrating that the gradients alone
are not wholly responsible for zonation [45, 46]; instead, a signaling pathway termed the
Wnt/beta-catenin pathway has been pointed out as an important regulator of zonation [47,
48]. Wnt plays a role in directing proliferation and cell polarity, both during development
and homeostasis [49]. One of its major pathways, called canonical Wnt signaling, regulates
the expression of beta-catenin, which in turn plays an important role in gene expression

Figure 2.3: A schematic of the three zones of the hepatic sinusoid, illustrating metabolic differences
between the periportal, intermediate and perivenous zones. Illustration from Frevert et al. [31],
modified under the CC BY 2.5 license [32].
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during development. Beta-catenin, and its negative regulation by APC proteins, have
been found to play an important role in determining the ammonia detoxification in the
liver, affecting which cells that express glutamine synthetase (zone 3) and which ones that
participate in the urea cycle (zone 1). While discussing the Wnt signaling pathway is
beyond the scope of this thesis, the interested reader is recommended to see, for example,
the original paper on the topic by Benhamouche et al. [48] or the more general reviews
by Macdonald et al. [49] and Wild et al. [50].

Zonation also affects the hepatic NPCs. Hepatic stellate cells were recently found
to exhibit zonal differences in gene expression profiles, with HSCs located in zones 1
and 3 being distinct from those in the intermediate zone [51]. Similarly, the numbers of
fenestrations found in LSECs varies continuously with the zone, being the most numerous
in zone 3 and the fewest in zone 1 [11].

2.1.3 Hepatic parenchymal functions

Among the functions that are zonated in the sinusoids are the secretion of albumin and
urea. Albumin is a globular protein secreted by hepatocytes, and its ability to bind to
various ligands makes it an important carrier and transporter for fatty acids as well as
for various other endo- and exogenous hydrophobic compounds [52, 53]. Albumin also
plays an important role in regulating the oncotic pressure of blood plasma [54], and its
ability to cross endothelial barriers into the interstitial space make it an important part
of homeostasis maintenance. Recently, albumin has even been suggested for use in anti-
cancer drug delivery; see, for example, the review by Hoogenboezem and Duvall [53].
Albumin is prominently secreted by hepatocytes in the periportal zone.

Urea is a by-product of the body’s amino acid metabolism [11, 55]. As amino acids
and proteins are broken down and degraded throughout the body, ammonia is formed as a
metabolite, but its toxicity requires it to be broken down further by the body. While some
of the ammonia is cleared by the kidneys through urine, detoxification of ammonia in the
systemic circulation is also an important ability of the liver. Through the urea cycle (see,
for example, the review by Weiner et al. [55]), ammonia is converted into non-toxic urea,
which can in turn be excreted by the kidneys. Like albumin secretion, urea synthesis is
predominantly performed by periportal hepatocytes.

The liver also plays an important role in the body’s energy metabolism, being involved
in both glycolysis and gluconeogenesis. Glycolysis is the conversion of glucose to pyruvate,
lactate and free protons, leading to excess energy which is stored in the form of ATP and
NADH [56]. Gluconeogenesis, on the other hand, is the body’s ability to synthesize glucose
from lactate, pyruvate, glycerol and amino acids at the cost of stored energy [11, 57, 58].

These two seemingly opposed processes both take place in hepatocytes, but are spa-
tially separated by zonation, glycolysis being perivenous and gluconeogenesis being peri-
portal. They are also not highly active simultaneously [59], as their activities are controlled
by the concentrations of their respective precursors.

As glucose is broken down through glycolysis, the liver can also synthesize glycogen
through glycogenesis. Much of the glycogen is then stored in the liver [11, 57]. Glycogen
forms a reserve which can be converted back into glucose through glycogenolysis when the
need arises. The opposed processes of glycogenesis and glycogenolysis (for glycogen), as
well as gluconeogenesis and glycolysis (for glucose), are regulated by insulin, adrenaline
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and other signaling factors.

Fatty acids are also metabolized by the liver [57]. They are an important part of the
hepatic metabolism and arrive at the hepatocytes from the blood, originating from the
gastrointestinal tract or from adipose tissue. Hepatocytes can also convert glucose into
fatty acids via glycolytic processes in times of glucose excess.

In perivenous hepatocytes, fatty acids can be further converted into triglycerides and
cholesterol esters. These molecules can be stored in the hepatocytes as lipid droplets or
secreted back into the circulation as very low density lipoproteins (VLDL) [57]. VLDLs
are subsequently carried by the bloodstream to various extrahepatic tissues where their
contents are utilized for energy metabolism. If there is an overabundance of VLDL par-
ticles, excess triglycerides are normally stored in adipose tissue [60]. Alternatively, fatty
acids can be converted into phospholipids, which are a key component both in cellular
membranes and in formation of lipid vesicles.

Conversely, periportal hepatocytes play an important role in beta-oxidation of fatty
acids [11]. This oxidation process takes place in the hepatocyte mitochondria and involves
the breaking down of fatty acid chains through several reaction cycles [61]. The net result
of this breakdown of fatty acids is a relatively high yield of energy, stored as ATP. The
process has a relatively high oxygen demand, hence why it is carried out in the periportal
zone with its higher oxygen tension. As free fatty acids are toxic to hepatocytes, the liver’s
ability to convert these to energy or phospholipids is critical to maintain homeostasis.

Hepatocytes also generate bile acids, a by-product of the breakdown of cholesterol.
This bile is excreted into the bile canaliculi, leading out to the bile ducts. The resident
cholangiocytes supplement the canalicular bile with their own ductular bile [11], and the
bile is transported to the gallbladder for storage [62]. This bile is subsequently secreted
into the intestines after food intake, assisting in the digestion and uptake of fats [63].
Much of the bile is then recirculated to the liver along with metabolites taken up in the
intestines, and the lost bile is compensated for by fresh synthesis of bile.

Another key characteristic of the liver is drug metabolism, which is largely dependent
on cytochrome P450 (CYP) enzymes. Approximately 75% of the body’s drug metabolism
involves CYPs, with only 5 of the body’s 57 types involved in about 95% of the detoxifica-
tion reactions [64]. While most CYPs are located in the liver, CYPs are also found in the
kidneys and intestines [65]. CYPs are involved in oxidating, dehydroxylating, dealkylating
and dehalogenating xenobiotics. This is done in order to render the drugs inactive and
allow subsequent conjugation reactions, which increase the drugs’ solubility and thereby
facilitate their excretion. However, drugs may also inhibit or induce various CYPs, affect-
ing the hepatic metabolism of other drugs. This can lead to unexpected adverse effects or
changes in predicted efficacy when more than one drug is administered at once. Further-
more, some common non-drug products such as grapefruit juice can also strongly affect
the activity of certain CYPs [65].

It also happens that intermediary or final metabolites formed in the xenobiotic metabolism
are toxic, either to the liver itself or to other organs [4, 66]. As such, drug development
requires studying both what the drug does to the target and other organs (pharmacody-
namics) and what happens to the drug as it is metabolized and excreted (pharmacoki-
netics). Hydrophilic drug compounds can generally be excreted without needing to be
metabolized, but hydrophobic compounds tend to require biotransformation into a more
hydrophilic form before they can be excreted [67]. Most such biotransformation of xenobi-
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otics takes place in the liver. Certain drugs even need to be metabolized before becoming
active [68].

Consequently, the liver is at risk of adverse effects not only from drugs that target the
liver, but also from a multitude of others. It is estimated that 139-240 people per million
worldwide are afflicted with drug-induced liver injury (DILI) every year [69]. DILI caused
by idiosyncratic liver toxicity is the cause for over 10% of cases of acute liver failure in the
US alone [4]. DILI is also the most common reason for experimental drugs failing during
clinical testing, as animal models fail to accurately predict the toxic effects of new drug
compounds in humans [4, 70]. Likewise, hepatotoxic effects are a common cause for drugs
being withdrawn from the market or issued with warnings after release.

2.2 Liver cells in vitro

Because of its important and exposed role in the drug metabolism, the liver cannot be
ignored in the testing of new drug compounds, even those that do not target the liver.
Preclinical testing of new drugs is carried out not only on animal models but also on in
vitro cultures of cells [71], as the latter are used in high-throughput screening of promising
compounds [44, 72, 73]. The predictive power of such preclinical high-throughput testing
depends greatly on both the culture system and the cell type used. While Chapter 3
focuses on the culture systems, this section is centred on different types of hepatocytes
that are commonly used and studied in vitro.

Hepatocytes taken directly from human donors (called primary hepatocytes) are the
best suited ones for representing or modelling a human organ [73]. They are genetically
complete and fully functional when taken directly from a healthy donor, which is why
they are typically considered the golden standard. Normally, primary hepatocytes undergo
rapid dedifferentiation when cultured in vitro, losing their functionality and polarity when
cultured under standard culture conditions [74, 75]. However, there exist several ways of
prolonging the viability and functionality, such as culturing the hepatocytes in collagen
sandwich format [72, 76].

Primary human hepatocytes are generally limited in supply, as they typically stem
from tissue excised during biopsies and surgery. As such, they are generally harder to ob-
tain than rodent primary hepatocytes. When cultured in vitro under standard conditions,
primary hepatocytes generally exhibit strongly limited proliferation before turning senes-
cent, thus hindering their continuous replenishment and maintenance. While it is possible
to achieve in vitro proliferation of primary hepatocytes through coculture with NPCs [77]
or in special culture conditions [78], it is far less trivial to expand primary hepatocytes as
compared to immortalized ones, as discussed below.

Primary cells tend to be costlier, less robust and require more precise and pre-optimized
handling and culture conditions as compared to immortalized cell lines [79]. In addition,
they are donor-specific and subject to great variations between individual donors based
on their genetic makeup. Consequently, while the variability reflects the heterogeneity of
the human population, primary hepatocytes tend to be relatively poorly characterized and
require a very large number of repeated trials for the results to be representative. Similarly,
their tendency for inter-donor variability makes primary hepatocytes less suitable as a
means of validating new culture systems or conditions, as different donors’ hepatocytes
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can respond differently to given stimuli.

A variant of primary cell culture is the culture of precision-cut liver slices. This way,
the cells retain their vascularization, relative structure and positions as well as heterotypic
cell-cell interaction. The extracellular matrix (ECM) and bile efflux canaliculi are also
largely maintained. These conditions allow the cells to retain a partially zonated CYP
expression [73, 80]. However, being cut off from the bloodstream means that the access
to nutrients and oxygen no longer happens along the portocentral axis, which is part of
what drives the zonation in the first place. The delivery of nutrients and oxygen does not
subject the slices to the same physiological conditions such as gradients and shear stress.
Thus, even when freshly isolated, these slices do not provide the constituent cells with the
physiological cues that they need to retain their functionality. Another drawback that is
common for primary hepatocytes and liver slices is the scarcity of donors, strongly limiting
the supply.

Primary hepatocytes from mice and rats are sometimes used as an alternative to
human primary hepatocytes [81, 82]. These cells are more readily obtainable and tend
to exhibit less inter-individual differences than their human equivalents. Furthermore,
animal models such as mice and rats can be used as whole organisms, making them more
complete than any model using only singular cell types. However, the use of animal models
is hampered both by ethical concerns (see, for example, Akhtar [83]) and by crucial inter-
species differences, making them less than suitable as a model for human organs [84–86].
An example is the endocrine-disrupting substance bisphenol A, which activates a CYP3A-
based response in humans but not in rats [87].

Human immortalized cell lines are a common alternative to primary cells. Immortal-
ized cells can proliferate indefinitely in vitro due to natural [88] or induced [89] mutations
that allow the cells to avoid senescence. Immortalized cell lines tend to be very well
characterized and homogeneous, offering very low batch-to-batch variability and thereby
a higher degree of inter-experiment consistency [79, 90]. Furthermore, they are highly
cost-effective due to their proliferative nature, and are generally easy to handle compared
to primary cells. However, genetically and metabolically, cell lines differ from primary
cells. Whether derived from tumors or immortalized by gene editing, their origins risk
introducing changes as compared to the primary population. Their proliferative, non-
senescent nature is one example, and as they keep dividing, new mutations can occur. As
cell lines each stem from one single donor, they also fail to reproduce the heterogeneity
of the human population in terms of, for example, drug efficacy. Nonetheless, they are
an easy-to-use and reproducible model system, and several hepatocyte-like cell lines exist.
Notable examples include HepaRG and HepG2.

Of all immortalized hepatocyte lines, HepG2 is the most well-characterized one, hav-
ing been studied since its establishment in 1979 [79, 88, 91]. Consequently, the interplay
between HepG2 and a wide variety of drug compounds is well known. They are phenotyp-
ically stable, retaining several differentiated hepatic functions such as albumin and urea
production during in vitro culture. However, HepG2 cells present an expression of many
CYP enzymes that is lower than that of freshly isolated primary hepatocytes [92, 93]. As
such, while the drug metabolism of HepG2 cells is certainly well-enough characterized to
be used in comparative studies, they are not a suitable system for preclinical drug trials.
Nonetheless, it has been found that 3D culture of HepG2 cells is sufficient to raise the ex-
pression of CYPs and other metabolic enzymes, ensuring a phenotype that is more similar
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to primary cells [94].

HepaRG is a cell line like HepG2, but exhibit traits of bipotent hepatic progeni-
tor cells, able to differentiate into cells resembling either hepatocytes or biliary cells
[79, 95]. The hepatocyte-like HepaRG, once differentiated, have a higher expression of
drug-metabolizing enzymes than HepG2 cells and a phenotype that is closer to primary
hepatocytes than any other hepatic cell line. Like HepG2, HepaRG become more phe-
notypically similar to primary hepatocytes by culturing in 3D systems than in 2D [96].
However, the activity of the common drug metabolizer CYP3A4 has been found to be
reduced in HepaRG cells under flow compared to static conditions [97]. The need for
differentiation and the bipotency of the HepaRG cells also make them less easy to handle
in culture compared to HepG2.

In recent years, multi- or pluripotent stem cells have risen as a possible alternative
to both primary cells and cell lines. Stem cells, whether adult, embryonic or induced,
have the possibility to differentiate into one of several different types of organotypic cells,
including hepatocytes [79]. Stem cells can proliferate in their undifferentiated state, and
by supplementing their nutrient medium with combinations of growth factors, they can
be induced to differentiate into organotypic cells of multiple organs, including the liver
[98, 99]. Induced pluripotent stem cells (iPSCs) can be generated from adult donors via,
e.g., skin biopsies, blood or urine samples, making them more easily available than both
embryonic stem cells and primary liver cells [100]. They retain the donor’s genotype,
limiting the inter-experiment variability, but they tend to rely on extensive and lengthy
differentiation protocols, and the resulting phenotype is not necessarily mature [99–101].
As such, while they show a lot of promise compared to primary cells and cell lines, they
have their share of practical drawbacks. Therefore, suitable cell sources are determined
based on the needs of the experiment.

In the scope of this thesis, both iPSC-derived cells (UTA.11304.EURCCs) and cell
lines have been used. iPSC-derived cells were selected for their higher overall physiological
relevance and were applied in microfluidic systems which had already been verified using
less demanding cell lines. Conversely, cell lines were used as an initial validation method
for novel microfluidic culture platforms in order to gauge the effects of said platforms more
stringently and easily. The cell lines used were HepG2 and LX-2.

LX-2 is a human hepatic stellate cell line, immortalized and proven stable over 50
passages [102]. The LX-2 line shares several key features primary hepatic stellate cells,
showing a 98.7% similarity in gene expression between them. LX-2 cells are natively very
similar to activated HSCs, but can be turned quiescent by various culture conditions.

However, the functionality and physiological relevance of any hepatic culture is strongly
dependent on the culture conditions. Hepatocytes can be grown in a variety of conditions,
some more beneficial than others. For example, culturing hepatocytes in monolayer cul-
tures such as well plates or Petri dishes allows an arrangement that retains interactions
with neighbouring cells and the formation of junctions in two dimensions (2D). Still, such
arrangements are less supportive of the hepatocytes’ functions than 3D culture systems.
This is evident in the generally lower expression of hepatic functionality, e.g., CYP enzyme
activity and MRP2/Pgp transporter function [5], in 2D culture systems as compared to
3D ones, such as spheroids (reviewed by Cox2 et al. [103]; see also Chapter 3). This is
partly because of hepatocytes’ tendencies to form junctions in vivo, which are loci of vari-
ous interactions that are important for hepatic functionality; see, for example, the review
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by Vinken et al. [104]. Likewise, physiological cues such as perfusion (the flow of blood or
medium over the cell culture) and shear stress (the stress of liquid flow against the cells)
have been shown to be greatly beneficial for maintaining hepatocyte functionality in vitro
[13, 14]. Examples of this, as well as explanations of the phenomena, are found in Chapter
3.

2.3 Key properties of a liver model

Considering the liver as described above, there are several traits which are essential to
maintaining a liver-like environment in vitro. Successful replication of those traits can
be considered a requirement for hepatocytes in in vitro culture to retain enough of their
physiological phenotype that they can be used as a model system. A list of these traits is
found in table 2.1.

As indicated in the table, precise control of the cell culture environment is important
in replicating the liver microenvironment in vitro. Such control is possible using tools
from the field of microfluidics. Perfusion is enabled through pumping or gravitational
flow, and the design of channels and chambers dictates shear stresses. Connected cell
culture compartments allow culture of hepatocytes and NPCs under different conditions.
The tools and key principles that enable the fabrication of such devices are discussed in
Chapter 3.

Cells cultured under such conditions could be used to study drug responses and stem
cell differentiation as well as to model liver-specific diseases. This is the niche that the
organs-on-chips developed and evaluated in this thesis seek to fill. By creating an envi-
ronment modelled to mimic the in vivo environment, cells were grown in conditions of
heterotypic coculture, shear stress, perfusion and 3D growth to let the cells retain their
physiological in vivo-like traits.
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Table 2.1: Fundamental traits of the liver that should be retained in in vitro culture
in order to maintain an in vivo-like environment.

Trait Reason to retain

3D cell-cell communication

Retained signaling between adjacent cells allows a
more organotypic culture and facilitates reorgani-
zation of hepatocytes and NPCs as well as reten-
tion of polarity and zonated phenotype [16].

Polarization
Polarized hepatocytes can form bile canaliculi, al-
lowing bile acids to be cleared from the cell culture
rather than impacting the cells [16].

Perfusion

Culture under flow provides continuous access to
nutrients and oxygen as well as continuous re-
moval of waste products and metabolites. Perfu-
sion also enables zonation as upstream and down-
stream cells experience different concentrations of
oxygen and solutes [11, 42, 43].

Shear stress

Low levels of shear stress have been found to posi-
tively influence hepatocyte drug metabolic capac-
ity [13, 14]. Thus, shear stress must be enabled
but not excessive.

Coculture

Hepatocyte function is strongly affected by signal-
ing from NPCs, and an in vitro model must be able
to recapitulate this [16, 36]. The physiological ar-
rangement of the cells should ideally be replicated.

Cell type(s) and origin

Cell sources matter greatly in terms of physiolog-
ical relevance. A liver chip should be able to sup-
port culture of primary and/or stem cell-derived
hepatocytes, as they are more physiological but
less resilient than cell lines.
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by Vinken et al. [104]. Likewise, physiological cues such as perfusion (the flow of blood or
medium over the cell culture) and shear stress (the stress of liquid flow against the cells)
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As indicated in the table, precise control of the cell culture environment is important
in replicating the liver microenvironment in vitro. Such control is possible using tools
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physiological in vivo-like traits.
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Table 2.1: Fundamental traits of the liver that should be retained in in vitro culture
in order to maintain an in vivo-like environment.
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to recapitulate this [16, 36]. The physiological ar-
rangement of the cells should ideally be replicated.

Cell type(s) and origin

Cell sources matter greatly in terms of physiolog-
ical relevance. A liver chip should be able to sup-
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hepatocytes, as they are more physiological but
less resilient than cell lines.
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Chapter 3

Organs-on-Chips

T he cellular microenvironment of the liver is complex. As described in Chapter 2, hep-
atocytes are subject to both mechanical, chemical and biological cues, all of which

affect their functionality. Replicating such cues in vitro requires precise control of flows,
structures and gradients that is difficult to attain on macroscopic scales. With microtech-
nology, however, such precision can be achieved.

Micromachines and microdevices have been a developing technology since the 1950s
[105], with microelectromechanical systems (MEMS) and microfluidics being two of the
fields that have grown from it. Techniques such as micromilling, sub-micrometer resolution
lithography and electroplating now allow devices containing flow channels, electrodes,
valves and actuators to fit together into a space of a few square centimeters.

Such lab-on-a-chip technologies have found many applications within physics, chem-
istry and biology alike. The ability to harness and control fluid flows at a microscopic scale
not only enables smaller reagent volumes and precisely controlled reactions and dosages,
but also benefits from the physics of laminar flow and low Reynolds numbers, as described
in this chapter.

This chapter will cover some basic concepts of liquid flow at the microscale, as well as
summarize the topic of livers-on-chips. Together, these sections form the foundation for
the work presented in Chapters 4-6.

Parts of this chapter have been adapted from my previously published licentiate thesis
[15].

3.1 Key concepts

The properties and behavior of a fluid are determined by a large number of factors, so
for this discussion, the case will be limited to conditions suitable for an organ-on-a-chip
system. Temperatures will be in the range from 20 to 37◦C, ambient pressure will be one
atmosphere, and all liquids (typically aqueous solutions) will be treated as incompressible,
Newtonian and isotropic. Thus, the viscosity is not dependent on the flow speed of the
fluid, and the pressure doesn’t affect the fluid density. These conditions will henceforth
be called lab conditions. For a more generalized treatment of the concepts to follow, the
book by Nguyen & Wereley [106] is an excellent place to start. The description given here
is tailored to the level necessary for the discussion of the devices described in Chapters
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4-6.

3.1.1 Laminar flow conditions

Under lab conditions, the flow of a fluid can be described using the Navier-Stokes equation

ρ

(
∂u

∂t
+ u∇ · u

)
= −∇p+ η∇2u+ f. (3.1)

where ρ is the fluid density, u is the flow velocity vector, t is time, p is pressure and η is
the fluid’s dynamic viscosity. The Navier-Stokes equation relates the inertial acceleration
of the system to the force densities that act on it, the latter being pressure- (p) and
viscosity-based (η) as well as body forces (f) such as gravity.

Due to the small length — and thereby velocity — scales in a microfluidic channel,
the dominant terms are the spatial inertial one ρu∇ · u and the viscous one η∇2u. The

former scales as ρU2

L , while the viscous term scales as ηU
L2 , where L and U are the typical

length scales and velocities of the system.

The relationship between these contributions, known as the Reynolds number and
expressed as the ratio between the two terms, determines the type of flow present in
microfluidic channels.

Re =
ρU2

L

η U
L2

= ρ
UL

η
. (3.2)

If this value is low (typically <2300 [107]), the flow behavior of the fluid will be dominated
by the viscous forces rather than the inertial ones, and the flow will be laminar, free of
turbulence. Conversely, if the value is high (>2300), the inertial forces dominate the
viscous, and turbulent flow arises. Examples are shown in figure 3.1.

For a given microfluidic system, the typical length scale can be approximated using
the channel’s hydraulic diameter. This is for a rectangular channel given as

DH =
4ab

2a+ 2b
(3.3)

where a and b correspond to the channel’s width and height, respectively. More explicitly,
the hydraulic diameter is defined as fuor times the channel cross-section divided by the
wetted perimeter.

In the case where the inertial contributions become negligible (Re <<2300), so does
the left-hand part of equation 3.1. The body forces f are typically also negligible compared
to the remaining terms, yielding the Stokes equation

∇p = η∇2u. (3.4)

As this equation is time-independent, the flow is reversible in time. This means that the
flow does not exhibit the stochastic traits that are typical for turbulent flow, such as eddies
and vortices. Instead, the flow is strictly laminar, behaving more like parallel sheets of
fluid that slide against one another. In this regime, lateral mixing and mass transport
between such sheets take place mainly through diffusion rather than convection.

3.1 Key concepts 27

Figure 3.1: A schematic illustration of the flow profile of a fluid through a channel during laminar
(top) and turbulent (bottom) conditions. Image from Wikimedia Commons, public domain.

3.1.2 Diffusion

Diffusion results from collisions between a particle of interest and the ambient molecules
in a fluid. At thermal equilibrium, the speed of the constituent atoms or molecules (hence-
forth, particles) in a fluid follows the Maxwell-Boltzmann distribution [108]

f(v)dv =

(
m

2πkBT

)3/2

4πv2e
− mv2

2kBT (3.5)

where v is the particle speed, m the particle mass, kB is Boltzmann’s constant, and T
is the fluid’s absolute temperature. Collisions between the particles results in transfer of
momentum and kinetic energies between them, and it is the force exerted by the collisions
that drive the displacement of particles at thermal equilibrium. While the average force
exerted on the particle is zero, the force is not zero at all times, resulting in a displacement.
The particles can move a given mean distance before subsequent collisions, called the mean
free path l,

l =
µ

p

√
πkBT

2m
(3.6)

where µ is the fluid viscosity and p is the pressure. A particle moving in three dimen-
sions can travel from its initial location by consecutive collisions. This phenomenon is
called diffusion. The behavior is governed by the particle’s diffusion constant, given for a
spherical particle by the Einstein-Stokes equation

D =
kBT

6πrη
. (3.7)

Here, as above, kB is Boltzmann’s constant, T is the absolute temperature, and r is the
radius of the particle. Diffusion is commonly considered in the case of a number of particles
of one type in a solution of particles of a different type, such as a droplet of ink in water.
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When dealing with such subsets of particles in fluids, parameters such as concentration
and mass flux become relevant.

The mass flux [109] of diffusion is usually expressed using Fick’s law,

J = −D∇c (3.8)

which relates the mass flux J to the diffusion constant D of the given solute and its concen-
tration (c) gradient in the absence of fluid flow. When flow is present, the concentration
of a given solute depends on both advection and diffusion:

∂c

∂t
= D∇2c− v · ∇c (3.9)

Just as the Reynolds number relies on the typical length scale and velocity of the system
along with a few key parameters, so does the balance between advection and diffusion as
means of mass transport. In the latter case, it is the dimensionless Péclet number,

Pe =
UL

D
, (3.10)

which factors in the diffusion constant, and thereby the viscosity, temperature and particle
size, into the behavior [110]. As both the Reynolds and Péclet numbers scale with L, their
relevance in the field of microfluidics is clear. The smaller the length scales, the more
the fluid flow is governed by laminar behavior and the mass transport is dominated by
diffusion.

3.1.3 Shear stress

A concept of key importance when applying microfluidic flows to cell cultures is that of
shear stress. In its simplest form, the shear stress is defined as

τ = −µ
∂u

∂y
(3.11)

relating to the change in velocity across a flow with the distance from the wall, as shown
in figure 3.2. The flow profile in a microchannel under incompressible laminar flow condi-
tions is parabolic, being slower near the channel walls [109, 111]. The friction that arises
between the fluid and the channel walls is typically represented as a no-slip boundary
condition, where the fluid velocity is zero at the walls. This shearing stress affects cells
through deformation and mechanosensing [112–114], and different cell types respond dif-
ferently to such mechanical stimulus. Endothelial cells, which line the insides of blood
vessels, are generally adapted to higher levels of shear stress than parenchymal cells such
as hepatocytes.

Many different cell types respond to shear stress, and the mechanotransduction of
force into biological stimuli happens in a number of ways. Integrin activation and binding
[115] as well as other mechanosensory complexes [116] have been implicated in the cellular
response to shear stress. While an in-depth discussion of the biomechanics involved in
force transduction into cells is beyond the scope of this thesis, the review by Zhu et al.
[117] or that of White and Frangos [118] are recommended as a good place to start.
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Figure 3.2: Laminar flow along a surface, showing the relation between the velocity profile and the
shear stress based on the distance from the wall. The flow direction is left to right, and the wall
is at the bottom of the graph. A no-slip boundary condition is used, where the velocity is zero at
the wall. Image from Wikimedia Commons, public domain.

It is known, however, that hepatocytes exhibit a distinctive response to shear stress.
The arrangement of the liver sinusoid in vitro (see figure 2.2 in Chapter 2) allows distinctly
different levels of shear stress to be applied to the different resident cell types. Being in
contact with the blood flow directly, the liver sinusoidal endothelial cells experience the
brunt of the shear stress exerted by the flow. Conversely, the hepatocytes are gently
perfused by the blood that passes through the endothelial fenestrations, thus experiencing
a much lower level of shear stress [13].

In both primary human hepatocytes [13] and human embryonic stem cell-derived hepa-
tocytes [14], shear stress has been shown to have beneficial effects on hepatic functionality.
In the former, a shear stress of 10 µPa was shown to upregulate the expression of detoxifi-
cation genes to a level comparable to freshly isolated hepatocytes [13], thus counteracting
the loss of this functionality that was observed under static culture. In the latter, a shear
stress level of 3-5 µPa greatly increased the activity of two key CYP enzymes and reduced
the expression of fetal marker AFP in stem-cell-based hepatocytes [14].

It is thus known that shear stress has beneficial effects on hepatocytes in culture.
However, too high shear stress is harmful for hepatocytes, as demonstrated by Tilles et al.
[119]. They found that rat primary hepatocytes cultured at 33 mPa or less showed a higher
level of functionality than those cultured at 500 mPa and higher. As such, there is an
upper bound to what is a healthy level of shear stress for hepatocytes. Similarly, Tanaka
et al. [120] saw the secretion of albumin decline in hepatocytes grown under increasing
shear stress, starting from 140 mPa.

Measuring the actual shear stress that hepatocytes experience in vivo is a difficult task
[44], seeing as it is caused by a seeping blood flow regulated by the opening and closing of
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fenestrations. The LSECs themselves experience shear stress on the order of 10-50 mPa
[39], implying that the hepatocytes experience substantially lower shear stress levels.

3.1.4 Surface wetting

Another phenomenon of relevance to microchannels is surface wetting. When a dropletof
liquid is placed on a solid surface, the contact angle it exhibits depends on the surface
tensions between the solid, liquid and the surrounding gas [109, 121]. These tensions (γ,
unit N/m) are connected through Young’s equation

γLGcosθC = γSG − γSL (3.12)

where the indexes stand for solid, liquid and gas, and θC is the angle seen in figure 3.3.
The tension between solid and liquid for any given surrounding gas are dependent on
the molecular species of both solid and liquid, but are in practice also impacted by the
structure of the surface [109]. The surface tension holds the droplet together, but also
determine how readily it wets a given surface. The droplet will deform in such a way
as to minimize the surface free energy [121]. If γSL < γSG, it is energetically favourable
for the droplet to wet the surface, resulting in a droplet contact angle that is less than
90◦. The more it reduces the total surface free energy to wet the surface, the smaller
the contact angle will be. Surfaces that are easily wetted (contact angle < or typically
<<90◦) by water and other aqueous solutions such as cell culture medium are classified
as hydrophilic, and those that exhibit contact angles >90◦ are termed hydrophobic.

Even though surface tension is an inherent property of any given material with regards
to the liquids and gases in contact with it, there are ways of modifying γSL of a given
surface. For example, coating a hydrophobic surface with an amphiphilic surfactant [109]
can lower its effective surface energy. Certain hydrophobic polymers like poly(dimethyl
siloxane) (PDMS) are hydrophobic by nature but can be rendered hydrophilic by exposure
to air- or oxygen plasma, as described below. Lastly, surface microstructure can play
an important role in surface wetting. Micro- or nanoscale patterning can enhance the
hydrophobic or hydrophilic property of a given surface by increasing the total surface area
exposed to the droplet [109], as shown in figure 3.4. Likewise, surface roughness can also
play a role in enhancing the hydrophobic or hydrophilic tendencies of a surface [122]; see,
for example, Gustafsson et al. [123].

3.1.5 The role of air in microfluidics

The interplay of surface tensions within a microfluidic system matters not only for the
wetting of the solid surface. The balance described by Young’s equation (3.12) also dictates
the interaction of both solid and liquid phases with gas. This is most commonly seen in the
form of air bubbles that arise or get trapped within microfluidic channels. The disruptive
effects that such bubbles can have [124, 125] include diversion or blockage of flow, increased
pressure and shear stress on cells or substrates, and drying of surfaces.

In multiphase flows where immiscible phases meet (such as oil and water, or water and
air), the two flowing phases’ ability to wet the solid channel walls determines how easily
they will flow through it. A bubble of air in water, being pushed along a channel by a force
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Figure 3.3: An illustration of the concept of contact angles. The angle θC that the droplet makes
with the surface is dependent on all three interface surface tensions γ, where the indices S, L and
G represent the solid, liquid and gas phases.

Fpush (stemming from a mechanical pump, for instance), will experience both a wetting
force Fcap(γLG) pulling it forward and a viscous drag force Fdrag(η, U) holding it back
[109, 124, 126]. The balance between these two forces determines how much additional
force, and thereby pressure, that must be added to keep the flow going. This balance,
called the capillary number,

Ca =
ηU

γLG
(3.13)

is in turn linked to the contact angles of the advancing bubble, which change as the
bubble is deformed and pushed by the flow [109]. Thus, the balance of surface tensions is
of importance also in the prevention of air in microfluidics.

Bubbles in microfluidics tend to arise from changes in gas saturation of the liquid
phase [125]. Any liquid that is in contact with a gas phase at steady state will have atoms
of the gas dissolved in the liquid. The extent of this is determined by Henry’s law

cs = H(T ) · pg (3.14)

where cs is the saturation concentration in mol/L, H is the Henry’s law constant for the
given gas, T is the absolute temperature, and pg is the pressure of the gas phase. H
decreases with increasing temperature for polar liquids such as water. When a liquid with
such dissolved gas is exposed to changes in temperature or ambient pressure, cs will change
and the actual concentration c will be either higher or lower than cs, leading to either
over- or undersaturation of the liquid.

During oversaturation, there is a net flux of air from the liquid into bubbles that
are large enough, causing them to grow; for an in-depth discussion of this phenomenon,
see the paper by Pereiro et al. [125]. Thus, once the temperature rises or the pressure
drops — both plausible processes for a microfluidic cell culture system — air dissolved
in the medium may begin flowing into existing microbubbles. While these bubbles may
arise in the liquid bulk (homogeneous nucleation), such nucleation generally requires far
higher saturation levels than on solid-liquid interfaces (heterogeneous nucleation). Micro-
or even nanoscopic bubbles are prone to being trapped in surface crevices when liquid fills
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tensions between the solid, liquid and the surrounding gas [109, 121]. These tensions (γ,
unit N/m) are connected through Young’s equation

γLGcosθC = γSG − γSL (3.12)

where the indexes stand for solid, liquid and gas, and θC is the angle seen in figure 3.3.
The tension between solid and liquid for any given surrounding gas are dependent on
the molecular species of both solid and liquid, but are in practice also impacted by the
structure of the surface [109]. The surface tension holds the droplet together, but also
determine how readily it wets a given surface. The droplet will deform in such a way
as to minimize the surface free energy [121]. If γSL < γSG, it is energetically favourable
for the droplet to wet the surface, resulting in a droplet contact angle that is less than
90◦. The more it reduces the total surface free energy to wet the surface, the smaller
the contact angle will be. Surfaces that are easily wetted (contact angle < or typically
<<90◦) by water and other aqueous solutions such as cell culture medium are classified
as hydrophilic, and those that exhibit contact angles >90◦ are termed hydrophobic.

Even though surface tension is an inherent property of any given material with regards
to the liquids and gases in contact with it, there are ways of modifying γSL of a given
surface. For example, coating a hydrophobic surface with an amphiphilic surfactant [109]
can lower its effective surface energy. Certain hydrophobic polymers like poly(dimethyl
siloxane) (PDMS) are hydrophobic by nature but can be rendered hydrophilic by exposure
to air- or oxygen plasma, as described below. Lastly, surface microstructure can play
an important role in surface wetting. Micro- or nanoscale patterning can enhance the
hydrophobic or hydrophilic property of a given surface by increasing the total surface area
exposed to the droplet [109], as shown in figure 3.4. Likewise, surface roughness can also
play a role in enhancing the hydrophobic or hydrophilic tendencies of a surface [122]; see,
for example, Gustafsson et al. [123].

3.1.5 The role of air in microfluidics

The interplay of surface tensions within a microfluidic system matters not only for the
wetting of the solid surface. The balance described by Young’s equation (3.12) also dictates
the interaction of both solid and liquid phases with gas. This is most commonly seen in the
form of air bubbles that arise or get trapped within microfluidic channels. The disruptive
effects that such bubbles can have [124, 125] include diversion or blockage of flow, increased
pressure and shear stress on cells or substrates, and drying of surfaces.

In multiphase flows where immiscible phases meet (such as oil and water, or water and
air), the two flowing phases’ ability to wet the solid channel walls determines how easily
they will flow through it. A bubble of air in water, being pushed along a channel by a force
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Figure 3.3: An illustration of the concept of contact angles. The angle θC that the droplet makes
with the surface is dependent on all three interface surface tensions γ, where the indices S, L and
G represent the solid, liquid and gas phases.

Fpush (stemming from a mechanical pump, for instance), will experience both a wetting
force Fcap(γLG) pulling it forward and a viscous drag force Fdrag(η, U) holding it back
[109, 124, 126]. The balance between these two forces determines how much additional
force, and thereby pressure, that must be added to keep the flow going. This balance,
called the capillary number,

Ca =
ηU

γLG
(3.13)

is in turn linked to the contact angles of the advancing bubble, which change as the
bubble is deformed and pushed by the flow [109]. Thus, the balance of surface tensions is
of importance also in the prevention of air in microfluidics.

Bubbles in microfluidics tend to arise from changes in gas saturation of the liquid
phase [125]. Any liquid that is in contact with a gas phase at steady state will have atoms
of the gas dissolved in the liquid. The extent of this is determined by Henry’s law

cs = H(T ) · pg (3.14)

where cs is the saturation concentration in mol/L, H is the Henry’s law constant for the
given gas, T is the absolute temperature, and pg is the pressure of the gas phase. H
decreases with increasing temperature for polar liquids such as water. When a liquid with
such dissolved gas is exposed to changes in temperature or ambient pressure, cs will change
and the actual concentration c will be either higher or lower than cs, leading to either
over- or undersaturation of the liquid.

During oversaturation, there is a net flux of air from the liquid into bubbles that
are large enough, causing them to grow; for an in-depth discussion of this phenomenon,
see the paper by Pereiro et al. [125]. Thus, once the temperature rises or the pressure
drops — both plausible processes for a microfluidic cell culture system — air dissolved
in the medium may begin flowing into existing microbubbles. While these bubbles may
arise in the liquid bulk (homogeneous nucleation), such nucleation generally requires far
higher saturation levels than on solid-liquid interfaces (heterogeneous nucleation). Micro-
or even nanoscopic bubbles are prone to being trapped in surface crevices when liquid fills
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Figure 3.4: A schematic of a water droplet placed onto a hydrophobic surface with a microstruc-
tured roughness (top) and a flat surface of the same material (bottom). The surface roughness
increases the droplet’s contact area and thereby its contact angle with the surface plane.

a microfluidic device, forming so-called Harvey nuclei that can grow and detach during
oversaturation conditions.

Bubbles may also enter microfluidics in more macroscopic ways. Corners and dead-end
channels are likely to trap air during priming, when liquid first fills the device. Likewise,
insufficient sealing of external connectors linking the devices to pumping setups and similar
may cause the introduction of air. Designing a device to avoid such large-scale trapping
is a reasonable first step towards reducing the presence of air bubbles in a given system.
For filling a complex geometry, phase guides can be a viable strategy; see the paper by
Vulto et al. [127] for an in-depth review.

As the surface tension between solid and liquid is important for proper wetting, it is
possible to pre-treat the device interior with an amphiphilic surfactant (if appropriate)
[125]. Similarly, some materials such as PDMS lend themselves well to treatment with
oxygen plasma in order to increase hydrophilicity and thus improve surface wetting, trap-
ping fewer gas pockets. In addition, gas-permeable materials such as PDMS can reabsorb
air to some extent if degassed prior to priming. While this is a transient effect, much like
plasma treatment, it helps in the early stages of priming. At sufficient pressures inside
the device, gas can also diffuse from bubbles into the material when it is at steady-state
concentration with the ambient air.

The amount of air that can be taken up by microbubbles present in a device can also
be limited by degassing the liquid before priming. This may be unsuitable in cell culture
settings, though, as the medium is often needed to carry oxygen to the cells. Lastly,
bubbles that enter the device through fluidic connections to the outside can be reduced by
implementing bubble traps. Such traps can be based on physical patterns, zones of altered
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surface tension, or permeable membranes, to name a few. See the paper by Pereiro et al.
[125] for further discussion.

3.2 Microfluidic fabrication methods

The concepts described in the section above have found widespread use in science and
engineering, leading to the ”birth” of microfluidics in the 1960s [105]. While the scope
of applications widened from inkjet printers towards chemical and biological applications
over time, the manufacture methods used generally originate from developments in micro-
electronics.

Microfluidic devices can be divided by their fabrications into monolithic and molded
devices. The former are commonly made of glass, photoresist, or silicon [128–130], which
is micropatterned and sealed to form a closed volume that comprises the channel. The
latter, conversely, are generated using a micropatterned negative structure as a reusable
master mold, from which devices are cast in suitable materials. Such replica-molded
or injection-molded devices are commonly made from polymers such as poly(dimethyl
siloxane), polymethyl methacrylate or off-stoichiometry thiol-ene epoxy (PDMS, PMMA
and OSTE, respectively) [129, 131–133]. Master molds for replica-molded devices are often
manufactured using similar methods as monolithic devices, so the discussion that follows
is relevant for both cases. Since master molds serve as negatives for the microfluidics,
limitations in aspect ratio apply both to the master mold and the molded device.

3.2.1 Microfabrication of devices and molds

Monolithic devices are commonly made from either glass or silicon [130], both of which can
be patterned with micrometer precision but with slightly different requirements. Glass has
the benefit of transparency in addition to its chemical stability and biocompatibility [134],
and lends itself to both micromilling, chemical wet-etching and reactive ion etching (RIE).
Micromilling involves mechanical removal of bulk material, and requires carefully tuned
process parameters to limit the risk of fracturing, cracking and surface roughness. While
such glass devices have many attractive properties, the resolution of such milling depends
on both the mechanical setup and, eventually, the stability of the substrate material.
While channel widths less than 100 µm are possible, channels of 5 µm or less remain a
challenge. Silicon and plastic can also be micromachined mechanically [135, 136] but with
similar limitations.

An alternative to micromachining is photolithography-assisted etching. A mask layer,
typically consisting of photoresist, is established on top of the glass or silicon substrate,
and is selectively patterned as will be described below. The mask then protects the glass
or silicon substrate, while the exposed areas are etched into the substrate as channels using
either chemical wet etching or RIE.

Chemical wet etching of glass and silicon oxide is commonly done using hydrofluoric
acid (HF) and buffered oxide etch (BOE), respectively [137–139]. However, chemical wet-
etching of these materials is isotropic, making it suitable for generating channels with
rounded corners but not with straight edges. This also places a limit on the aspect ratio
of etched channels. Pure silicon can also be wet-etched anisotropically [106, 140] thanks
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over time, the manufacture methods used generally originate from developments in micro-
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is micropatterned and sealed to form a closed volume that comprises the channel. The
latter, conversely, are generated using a micropatterned negative structure as a reusable
master mold, from which devices are cast in suitable materials. Such replica-molded
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the benefit of transparency in addition to its chemical stability and biocompatibility [134],
and lends itself to both micromilling, chemical wet-etching and reactive ion etching (RIE).
Micromilling involves mechanical removal of bulk material, and requires carefully tuned
process parameters to limit the risk of fracturing, cracking and surface roughness. While
such glass devices have many attractive properties, the resolution of such milling depends
on both the mechanical setup and, eventually, the stability of the substrate material.
While channel widths less than 100 µm are possible, channels of 5 µm or less remain a
challenge. Silicon and plastic can also be micromachined mechanically [135, 136] but with
similar limitations.
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typically consisting of photoresist, is established on top of the glass or silicon substrate,
and is selectively patterned as will be described below. The mask then protects the glass
or silicon substrate, while the exposed areas are etched into the substrate as channels using
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of etched channels. Pure silicon can also be wet-etched anisotropically [106, 140] thanks



34 Organs-on-Chips

to its crystalline structure, allowing different types of directional preferences based on the
substrate’s crystal plane alignment.

A more broadly anisotropic form of etching in silicon substrates is that of reactive ion
etching, RIE. This method relies on ion bombardment by a plasma rather than by chemical
reactions alone. While variations exist, such as cryogenic RIE, this summary focuses on the
Bosch processing method [141, 142] using inductively coupled plasma (ICP). The substrate
wafer is first clamped mechanically at the bottom of the reaction chamber, which is put
under vacuum. The chamber is then flooded with an etching gas, commonly SF6 for
silicon, and a radiofrequency (RF, commonly 13.56 MHz) voltage is applied to induce a
plasma. A potential difference is applied across the chamber which accelerates the ions
towards the wafer [106, 143, 144]. The etching by the ions is strongly directional, having
both a physical component through the ions’ momentum and a chemical one through the
interaction between the fluoride ions and the substrate. As the chemical component of the
etching is isotropic, etching steps typically only last for a few seconds before the etching
gas is pumped out and replaced by a passivation gas. The passivation gas, commonly
C4F8, is exposed to the RF plasma but is not accelerated towards the substrate. Instead,
it fills the process chamber and covers the substrate surface, both the bottom and sidewalls
of the etched troughs, with a thin protective layer. After the passivation cycle, also on
the order of seconds, the passivation gas is pumped out and replaced by the etching gas
again.

As the etching ions strike the passivation layer, it is stripped off, allowing the surface
underneath to be etched downwards. Since the bombardment is strongly directional,
the passivation layer is left largely intact on vertical surfaces, protecting them from the
chemically etching effect of fluoride ions and neutral radicals formed by the plasma. These
two steps, passivation and etching, are alternated over time with intervals on the order of
seconds in order to achieve a strongly directional downward etching.

In RIE processing of silicon wafers, it is important to use a mask layer that is etched
less efficiently than the exposed silicon surface, so that the mask pattern will withstand the
ion bombardment. Materials such as photoresist and silicon dioxide offer good selectivity
in SF6 RIE compared to silicon. For example, Merck’s AZ series of positive photoresist
as well as silicon dioxide masks have both been cited to have a selectivity of at least 20:1
over silicon when etching with SF6 [145, 146], though much higher values can be attained
by tuning the process parameters. The experiments described in Chapters 5-6 attained a
selectivity of at least 20:1 with AZ1512 photoresist and 150:1 using silicon dioxide masks.
While it will not be discussed in detail here, it is also possible to etch glass by similar
methods [147].

Photolithography is a key principle not only in use as photomasks for RIE but also
in the fabrication of master molds for replica molding. Photoresists are organic resins
whose crosslinking into solid form is strongly dependent on light exposure. Typically,
these resists are subdivided into positive and negative photoresists, based on whether
light cures or deteriorates them [106]. Positive photoresists, such as the AZ 1500 series,
can be cured when heated, but the exposure to light of the appropriate wavelengths alters
the resin chemically and makes it soluble to developer solutions [106, 128]. Thus, the
part of the resin layer that is exposed is removed from the sample. Conversely, negative
photoresists such as SU-8 are altered by light to become insoluble in developer solution,
meaning that only the pattern exposed to light remains after development. The choice of
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developer, as well as the wavelength of light, depend on the photoresist. The exposure
wavelengths are given as 310-440 nm for AZ 1500 [148] and 350-400 nm for SU-8 3000
[149].

The choice of photoresist depends on a number of factors, such as intended thickness of
the patterns, whether several patterns will be sequentially layered, resolution and aspect
ratio. Chemical and mechanical stability and properties can also play a role. In the work
described in this thesis, the resists SU-8 2015, 2035 and AZ 1512 HS were used, and SU-8
2002 were also of relevance. Hence, the following discussion is restricted to their use.

The SU-8 series of photoresists lend themselves well to sequential structuring due to
being negative resists. For a pattern of multiple different heights, it is possible to spin-
coat, bake and expose a wafer multiple times in a row before developing it, with smaller
patterns added each time to build on top of the previous structures, as shown in figure
3.5. If properly cured, these stacked structures will remain once the unexposed resist is
removed by the developer fluid.

Figure 3.5: An illustration of a silicon wafer (dark gray) and the sequential addition of photoresist
(light gray). As the layers are exposed individually, the patterns of different exposures do not need
to match, but the subsequent layers should lie within the boundaries of the prior layers for optimal
development, as shown in the bottom figure.

A positive resist like AZ 1512, on the other hand, would be less suitable for sequential
patterning. As one layer is deposited and exposed, the next layer would require the light
source shining over resist that remains from the previous exposure, thus weakening it.

The resolution attainable in micropatterning also differs based on the type of resist, the
layer thickness and exposure method. Thick layers of resist run the risk that the exposure
light can diffuse in the substrate, thus decreasing the resolution of structures closer to
the bottom of the sample. Thinner resists are a more suitable choice for high resolution,
though thicker layers are possible to attain by repeated patterning of the same pattern on
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developer, as well as the wavelength of light, depend on the photoresist. The exposure
wavelengths are given as 310-440 nm for AZ 1500 [148] and 350-400 nm for SU-8 3000
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The choice of photoresist depends on a number of factors, such as intended thickness of
the patterns, whether several patterns will be sequentially layered, resolution and aspect
ratio. Chemical and mechanical stability and properties can also play a role. In the work
described in this thesis, the resists SU-8 2015, 2035 and AZ 1512 HS were used, and SU-8
2002 were also of relevance. Hence, the following discussion is restricted to their use.
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several subsequent thin layers. In order to spread photoresist evenly on substrates such as
silicon wafers, the resist can be spin-coated onto the wafer, and the resist thickness and
uniformity vary with the resin’s viscosity.

The pattern resolution is also dependent on the type of mask used. For direct exposure
from a single light source, a mask is usually placed between the sample and the light source,
either in contact with or at a small distance from the substrate [128]. The unprotected
parts of the surface are then exposed all at once. In such cases, masks can be made from
simple printed transparency films or from more complex materials such as chromium-
plated glass. The distance between mask and sample, as well as the resolution of the
mask itself, will then determine pattern size and resolution. For sequential patterning of
multiple layers, the layers must be manually aligned using, for instance, a mask aligner.

An alternative to such direct exposure is serial light exposure. Instead of using a
photomask to determine which parts of the sample that are exposed, the light is focused
into a spot directly on the wafer. This generally yields a higher resolution than mask-based
exposure, but at the cost of more costly machinery [128]. Such direct laser writing does,
however, enable fast high-resolution prototyping, as it only requires a design file for the
pattern rather than a ready-made mask.

3.2.2 Replica molding of devices

As stated above, microfluidics can be generated with photolithography both as monolithic
devices and by using the patterned wafer as a master mold for replica molding. In replica
molding, a liquid prepolymer is poured onto the wafer and cured, then detached to form
a microfluidic system. Such systems can either be used for open-top microfluidics or be
bonded to another material or substrate to seal the system closed.

3.2.2.1 PDMS

The most common material for such replica molding is poly(dimethyl siloxane), [-Si(CH3)2O-
]x , abbreviated PDMS [150]. PDMS is one of the core components of soft lithography
[151, 152], sees frequent use in microfluidics thanks to a host of beneficial properties. The
most common variant [153], Sylgard 184, consists of a base polymer and a crosslinking
agent. After mixing, the resulting sample is applied to a master mold and cured, with a
curing time that depends on sample temperature. The Young’s modulus of the resulting
solid PDMS depends both on curing temperature [154] and the ratio of base polymer to
curing agent [155], covering a range of approximately 0.6 to 3 MPa. Once cured, the
polymer is flexible, optically transparent, biocompatible and gas-permeable.

Optical transparency [156] and low innate autofluorescence [157] are important prop-
erties of microfluidic materials, as it allows them to be reliably imaged using light and
fluorescence microscopy.

The gas permeability of PDMS polymer [158] allows a gradient of gas partial pressure
across a PDMS surface to be equilibrated over time. This lets thin PDMS membranes
maintain an exchange of oxygen between cell culture compartments and ambient air [159].
Such devices can maintain steady state oxygenation levels between ambient and hypoxic,
depending on PDMS layer thickness. This allows PDMS devices to be less dependent on
the oxygenation of cell culture medium to compensate for the oxygen uptake rates (OUR)
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of cells. High-OUR cells might otherwise require oxygen saturation of cell culture medium
prior to use. However, the drawback is that the control of oxygen tension in a device
becomes dependent not only on the medium but also on the diffusion of oxygen through
the PDMS walls. Untreated PDMS at 10:1 ratio between base polymer and crosslinker
have a diffusion coefficient of approximately 3.5 · 10−9 m2/s [158, 160]. However, gas
permeation through PDMS depends not only on sample thickness but also on surface
treatment, storage conditions [160] and curing agent ratio [160, 161], making accurate
prediction of oxygen permeation more challenging. Consequently, it may be preferable to
use gas-impermeable layers of glass or plastic embedded in PDMS devices to hinder such
uncontrolled gas diffusion into cell culture compartments.

Because of its gas permeability, PDMS at ambient conditions retains an equilibrium
gas content, similar to a fluid as described above [162]. It is possible to deplete this gas
content by placing a solid PDMS sample under vacuum. The undersaturated sample,
once returned to ambient conditions, can then absorb adjacent gas until the equilibrium
concentration is restored. This has a number of potential applications, such as using
degassed PDMS as a vacuum-driven micropump or to facilitate precise sample loading;
see, for example, the paper by Xu et al. [162]. In the work described in this thesis,
this gas-absorption capability of PDMS has been used to facilitate cell seeding and liquid
priming of devices. Microscopic air bubbles that were trapped in devices during seeding
and priming were seen to be absorbed by vacuum-treated PDMS devices but remained in
devices that had not been vacuum-treated.

PDMS is also well-known to be biocompatible and biologically inert [163]. Its use in
surgical implantation traces back to the 1960s [164, 165], and it is known from a multitude
of microfluidic platforms to not be toxic to cells [153, 166]. Still, not all cells thrive
and adhere on native PDMS [166, 167] due to its innate hydrophobicity [168]. Several
ways exist to circumvent this problem, including metal ion irradiation [167] and, more
commonly, surface oxidization by oxygen or air plasma [122, 166].

This is comparable to how cells readily adhere to tissue culture-treated polystyrene
(PS) but not to untreated PS [169]. For PS and PDMS alike, the hydrophilicity and
surface charge play a role in facilitating adhesion. PS is typically either functionalized
by liquid treatment (such as by sulfuric acid) or by plasma exposure. Oxygen plasma
exposure affects the surface phenyl groups of the PS, enriching or replacing the phenyl
with oxygen and hydroxyl groups. A number of other gases such as CO2 and argon have
been used for plasma treatment of PS as well; see, for example, the review by Lerman et
al. [169].

The innate hydrophobicity of PDMS is an obstacle not only for cell adhesion but also
for liquid filling. As cell culture medium is generally aqueous and is therefore similar
to pure water in surface wetting, it is often necessary to increase the hydrophilicity of
microfluidic systems made of PDMS. The composition of the PDMS polymer makes it
highly suitable for oxidization through exposure to oxygen or air plasma [122, 166]. When
thusly treated, methyl groups in the surface layer of the polymer are replaced with hydroxyl
groups. As the surface thus presents polar silanol (Si-OH), its surface tension with respect
to water (γSL) decreases, making the surface more hydrophilic. The plasma exposure also
tends to affect the surface structure [122], giving it a nanoscale roughness that further
enhances the hydrophilicity as discussed above.

Regular PDMS recovers its hydrophobicity over time following plasma treatment [170–
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several subsequent thin layers. In order to spread photoresist evenly on substrates such as
silicon wafers, the resist can be spin-coated onto the wafer, and the resist thickness and
uniformity vary with the resin’s viscosity.

The pattern resolution is also dependent on the type of mask used. For direct exposure
from a single light source, a mask is usually placed between the sample and the light source,
either in contact with or at a small distance from the substrate [128]. The unprotected
parts of the surface are then exposed all at once. In such cases, masks can be made from
simple printed transparency films or from more complex materials such as chromium-
plated glass. The distance between mask and sample, as well as the resolution of the
mask itself, will then determine pattern size and resolution. For sequential patterning of
multiple layers, the layers must be manually aligned using, for instance, a mask aligner.

An alternative to such direct exposure is serial light exposure. Instead of using a
photomask to determine which parts of the sample that are exposed, the light is focused
into a spot directly on the wafer. This generally yields a higher resolution than mask-based
exposure, but at the cost of more costly machinery [128]. Such direct laser writing does,
however, enable fast high-resolution prototyping, as it only requires a design file for the
pattern rather than a ready-made mask.

3.2.2 Replica molding of devices

As stated above, microfluidics can be generated with photolithography both as monolithic
devices and by using the patterned wafer as a master mold for replica molding. In replica
molding, a liquid prepolymer is poured onto the wafer and cured, then detached to form
a microfluidic system. Such systems can either be used for open-top microfluidics or be
bonded to another material or substrate to seal the system closed.

3.2.2.1 PDMS

The most common material for such replica molding is poly(dimethyl siloxane), [-Si(CH3)2O-
]x , abbreviated PDMS [150]. PDMS is one of the core components of soft lithography
[151, 152], sees frequent use in microfluidics thanks to a host of beneficial properties. The
most common variant [153], Sylgard 184, consists of a base polymer and a crosslinking
agent. After mixing, the resulting sample is applied to a master mold and cured, with a
curing time that depends on sample temperature. The Young’s modulus of the resulting
solid PDMS depends both on curing temperature [154] and the ratio of base polymer to
curing agent [155], covering a range of approximately 0.6 to 3 MPa. Once cured, the
polymer is flexible, optically transparent, biocompatible and gas-permeable.

Optical transparency [156] and low innate autofluorescence [157] are important prop-
erties of microfluidic materials, as it allows them to be reliably imaged using light and
fluorescence microscopy.

The gas permeability of PDMS polymer [158] allows a gradient of gas partial pressure
across a PDMS surface to be equilibrated over time. This lets thin PDMS membranes
maintain an exchange of oxygen between cell culture compartments and ambient air [159].
Such devices can maintain steady state oxygenation levels between ambient and hypoxic,
depending on PDMS layer thickness. This allows PDMS devices to be less dependent on
the oxygenation of cell culture medium to compensate for the oxygen uptake rates (OUR)
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of cells. High-OUR cells might otherwise require oxygen saturation of cell culture medium
prior to use. However, the drawback is that the control of oxygen tension in a device
becomes dependent not only on the medium but also on the diffusion of oxygen through
the PDMS walls. Untreated PDMS at 10:1 ratio between base polymer and crosslinker
have a diffusion coefficient of approximately 3.5 · 10−9 m2/s [158, 160]. However, gas
permeation through PDMS depends not only on sample thickness but also on surface
treatment, storage conditions [160] and curing agent ratio [160, 161], making accurate
prediction of oxygen permeation more challenging. Consequently, it may be preferable to
use gas-impermeable layers of glass or plastic embedded in PDMS devices to hinder such
uncontrolled gas diffusion into cell culture compartments.

Because of its gas permeability, PDMS at ambient conditions retains an equilibrium
gas content, similar to a fluid as described above [162]. It is possible to deplete this gas
content by placing a solid PDMS sample under vacuum. The undersaturated sample,
once returned to ambient conditions, can then absorb adjacent gas until the equilibrium
concentration is restored. This has a number of potential applications, such as using
degassed PDMS as a vacuum-driven micropump or to facilitate precise sample loading;
see, for example, the paper by Xu et al. [162]. In the work described in this thesis,
this gas-absorption capability of PDMS has been used to facilitate cell seeding and liquid
priming of devices. Microscopic air bubbles that were trapped in devices during seeding
and priming were seen to be absorbed by vacuum-treated PDMS devices but remained in
devices that had not been vacuum-treated.

PDMS is also well-known to be biocompatible and biologically inert [163]. Its use in
surgical implantation traces back to the 1960s [164, 165], and it is known from a multitude
of microfluidic platforms to not be toxic to cells [153, 166]. Still, not all cells thrive
and adhere on native PDMS [166, 167] due to its innate hydrophobicity [168]. Several
ways exist to circumvent this problem, including metal ion irradiation [167] and, more
commonly, surface oxidization by oxygen or air plasma [122, 166].

This is comparable to how cells readily adhere to tissue culture-treated polystyrene
(PS) but not to untreated PS [169]. For PS and PDMS alike, the hydrophilicity and
surface charge play a role in facilitating adhesion. PS is typically either functionalized
by liquid treatment (such as by sulfuric acid) or by plasma exposure. Oxygen plasma
exposure affects the surface phenyl groups of the PS, enriching or replacing the phenyl
with oxygen and hydroxyl groups. A number of other gases such as CO2 and argon have
been used for plasma treatment of PS as well; see, for example, the review by Lerman et
al. [169].

The innate hydrophobicity of PDMS is an obstacle not only for cell adhesion but also
for liquid filling. As cell culture medium is generally aqueous and is therefore similar
to pure water in surface wetting, it is often necessary to increase the hydrophilicity of
microfluidic systems made of PDMS. The composition of the PDMS polymer makes it
highly suitable for oxidization through exposure to oxygen or air plasma [122, 166]. When
thusly treated, methyl groups in the surface layer of the polymer are replaced with hydroxyl
groups. As the surface thus presents polar silanol (Si-OH), its surface tension with respect
to water (γSL) decreases, making the surface more hydrophilic. The plasma exposure also
tends to affect the surface structure [122], giving it a nanoscale roughness that further
enhances the hydrophilicity as discussed above.

Regular PDMS recovers its hydrophobicity over time following plasma treatment [170–
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172]. This is a consequence of the migration of low molecular weight chains of polymer
from the bulk PDMS to the surface. The recovery occurs on the scale of minutes to hours
but is generally not complete. It is also possible to extend the duration of the surface
hydrophilicity through, e.g., the storage condition [160], crosslinker ratio [161] and the
inclusion of copolymer components [173].

The presence of hydroxyl groups on the surface of plasma-treated PDMS also allows it
to form silanol bonds with glass and other substrates, including similarly treated PDMS
samples [106, 168, 174, 175]. This is achieved through the merging of silanol groups on
the PDMS substrate with silicon or silanol on the other substrate, forming Si-O-Si bonds
(termed silanol bridges). These covalent bonds tend to have higher bond strength than
the bonds between adjacent PDMS oligomers in the bulk [175]. However, the effective
bonding strength at the PDMS-substrate interface can be tuned by adjusting the exposure
parameters as well as the substrate material, contact surface area and structure. As the
number of silanol bridges determines the effective strength of the bonding, reduction or
alteration of the plasma treatment can affect the bonding strength.

During plasma treatment, an oscillating RF field is applied to a chamber filled with
the active gas, in this case normally oxygen. The plasma ionizes the oxygen [176] and
removes surface methyl groups from the PDMS [177]. These are replaced by hydroxyl
groups, which are the basis for the silanol bridge. Increasing the power or exposure time
of the plasma treatment increases the amount of hydroxyl groups that arise on the surface,
thus increasing the bonding strength up to a point.

For example, Juarez-Moreno et al. [177] found that the water contact angle of PDMS
did not decrease below approximately 60◦ when the plasma power or exposure time were
increased past certain levels. Thus, the bonding strength cannot be increased past a certain
level by plasma treatment alone. It can, however, be reduced greatly by decreasing the
plasma power and exposure time, as further shown in Chapter 4.

Air plasma can also be used to treat PDMS, though such a treatment generally causes
weaker bonding as less oxygen is present than during dedicated oxygen plasma treatment,
thus forming fewer silanol groups on the surface.

Measurement of bond strength are typically done as blister tests [178], by applying
pressure inside a sealed microchannel after bonding. Its adhesion can also be measured
with peel testing [179]. Conversely, the hydrophilicity — and thereby the enrichment
of hydroxyl groups — can be gauged through the sessile drop technique, where a water
droplet is placed onto the surface to measure the contact angle [177].

While it is common to bond PDMS to glass or to other PDMS surfaces, it can also
be bonded to materials like polystyrene following plasma treatment and annealing [180].
Such a bonding, however, is more than an order of magnitude weaker than that of PDMS
to glass.

Many other sealing methods exist for PDMS-based devices, ranging from using uncured
[181] or partially cured [182] PDMS as bonding adhesive to clamping the PDMS to a hard
substrate [183] and more (see, for example, the paper by Eddings et al. [184]). PDMS
also adheres to other PDMS substrates through van der Waals force [175, 185], which for
some applications produces sufficient bonding strength.

Even when treated with oxygen plasma, the hydrophilicity of PDMS is generally tran-
sient, and even wetted PDMS will recover its hydrophobicity to a large extent, as ex-
plained above. Temporarily negating this hydrophobicity helps with liquid priming with
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aqueous solutions, but as it returns, one major drawback arises: PDMS tends to adsorb
and absorb small hydrophobic molecules. Examples shown in literature include Nile Red,
quinine [186], transferrin [187], Bodipy dye [188], rhodamine compounds [189], bortezomib
[190], amodiaquine [191] and estrogen [192]. The tendency of PDMS to adsorb or absorb
these compounds is dependent on both the solution pH and the ionic strength of solutes
[186, 187], among other factors.

A number of drugs [189, 190] and steroid hormones [192] fall into the category of small
hydrophobic molecules. Therefore, their adsorption and absorption by PDMS presents
a problem for culture of certain cell types as well as drug trials on chip. Suggested
solutions include initial saturation of the microfluidic system [186], increased duration
of hydrophilization [160, 161], embedding of silica nanoparticles [193] and inclusion of
copolymer compounds [173]. More recently, Oyama et al. [194] described a method for
inducing lasting hydrophilicity in PDMS by electron beam or gamma irradiation. Their
method also purportedly solves the problem of uncured PDMS oligomers leaching into
the fluidic channels [192], though that could otherwise be resolved through thermal aging
[172].

3.2.2.2 Alternatives to PDMS

Other materials that see frequent use in microfluidics include poly(methyl methacrylate),
cyclic olefin copolymer, and off-stoichiometry thiol-ene (PMMA, COC, and OSTE, respec-
tively).

PMMA is a thermoplastic that shares the biocompatibility and optical transparency
of PDMS, but is three orders of magnitude more rigid (Young’s modulus of 3.3 GPa) and
three orders less permeable to oxygen (diffusion coefficient of 2 · 10−12 m2/s) [130, 195].
While PDMS is generally used for replica molding, PMMA also lends itself to methods like
hot embossing [196]. As PMMA undergoes glass transition around 100◦C but doesn’t melt
until 250◦C, it has a broad temperature range in which it can be mechanically patterned.
Mold materials include polyester [197], silicon [198], steel [199], PDMS [200] and more.
PMMA is also common in injection molding, where the polymer is melted down and
injected into a mold, before cooling to harden [201]. A number of bonding strategies also
exist for PMMA. While it is possible to bond it following oxygen plasma exposure similar
to PDMS [202], PMMA substrates can also be bonded using thermal, optical or chemical
means; see, for example, the paper by Sood [203]. PMMA is by nature hydrophobic [204],
but can be modified to increase or further decrease hydrophilicity [205, 206].

COC, like PMMA, is a thermoplastic. Similar to PDMS and PMMA, it exhibits
low autofluorescence in the visible spectrum [157]. COC is biocompatible [207] and has an
oxygen permeability comparable to PMMA, approximately 5 ·10−12 m2/s [208]. A number
of production and bonding methods are known to work for COC [209]. While PDMS
is typically replica-molded, COC is generally either hot-embossed, injection molded or
micromilled. This places different demands on equipment and offers different resolution;
for a more in-depth discussion, see, e.g., the paper by Nunes et al. [209]. Similarly, the
innate hydrophobicity of COC can be overcome in a number of ways, including oxygen
plasma exposure [210].

OSTE is a UV-curable polymer based on an offset balance between thiol and allyl
groups [133]. Much like PDMS, it can be patterned through replica molding. By adjust-
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number of silanol bridges determines the effective strength of the bonding, reduction or
alteration of the plasma treatment can affect the bonding strength.

During plasma treatment, an oscillating RF field is applied to a chamber filled with
the active gas, in this case normally oxygen. The plasma ionizes the oxygen [176] and
removes surface methyl groups from the PDMS [177]. These are replaced by hydroxyl
groups, which are the basis for the silanol bridge. Increasing the power or exposure time
of the plasma treatment increases the amount of hydroxyl groups that arise on the surface,
thus increasing the bonding strength up to a point.

For example, Juarez-Moreno et al. [177] found that the water contact angle of PDMS
did not decrease below approximately 60◦ when the plasma power or exposure time were
increased past certain levels. Thus, the bonding strength cannot be increased past a certain
level by plasma treatment alone. It can, however, be reduced greatly by decreasing the
plasma power and exposure time, as further shown in Chapter 4.

Air plasma can also be used to treat PDMS, though such a treatment generally causes
weaker bonding as less oxygen is present than during dedicated oxygen plasma treatment,
thus forming fewer silanol groups on the surface.

Measurement of bond strength are typically done as blister tests [178], by applying
pressure inside a sealed microchannel after bonding. Its adhesion can also be measured
with peel testing [179]. Conversely, the hydrophilicity — and thereby the enrichment
of hydroxyl groups — can be gauged through the sessile drop technique, where a water
droplet is placed onto the surface to measure the contact angle [177].

While it is common to bond PDMS to glass or to other PDMS surfaces, it can also
be bonded to materials like polystyrene following plasma treatment and annealing [180].
Such a bonding, however, is more than an order of magnitude weaker than that of PDMS
to glass.

Many other sealing methods exist for PDMS-based devices, ranging from using uncured
[181] or partially cured [182] PDMS as bonding adhesive to clamping the PDMS to a hard
substrate [183] and more (see, for example, the paper by Eddings et al. [184]). PDMS
also adheres to other PDMS substrates through van der Waals force [175, 185], which for
some applications produces sufficient bonding strength.

Even when treated with oxygen plasma, the hydrophilicity of PDMS is generally tran-
sient, and even wetted PDMS will recover its hydrophobicity to a large extent, as ex-
plained above. Temporarily negating this hydrophobicity helps with liquid priming with
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aqueous solutions, but as it returns, one major drawback arises: PDMS tends to adsorb
and absorb small hydrophobic molecules. Examples shown in literature include Nile Red,
quinine [186], transferrin [187], Bodipy dye [188], rhodamine compounds [189], bortezomib
[190], amodiaquine [191] and estrogen [192]. The tendency of PDMS to adsorb or absorb
these compounds is dependent on both the solution pH and the ionic strength of solutes
[186, 187], among other factors.

A number of drugs [189, 190] and steroid hormones [192] fall into the category of small
hydrophobic molecules. Therefore, their adsorption and absorption by PDMS presents
a problem for culture of certain cell types as well as drug trials on chip. Suggested
solutions include initial saturation of the microfluidic system [186], increased duration
of hydrophilization [160, 161], embedding of silica nanoparticles [193] and inclusion of
copolymer compounds [173]. More recently, Oyama et al. [194] described a method for
inducing lasting hydrophilicity in PDMS by electron beam or gamma irradiation. Their
method also purportedly solves the problem of uncured PDMS oligomers leaching into
the fluidic channels [192], though that could otherwise be resolved through thermal aging
[172].

3.2.2.2 Alternatives to PDMS

Other materials that see frequent use in microfluidics include poly(methyl methacrylate),
cyclic olefin copolymer, and off-stoichiometry thiol-ene (PMMA, COC, and OSTE, respec-
tively).

PMMA is a thermoplastic that shares the biocompatibility and optical transparency
of PDMS, but is three orders of magnitude more rigid (Young’s modulus of 3.3 GPa) and
three orders less permeable to oxygen (diffusion coefficient of 2 · 10−12 m2/s) [130, 195].
While PDMS is generally used for replica molding, PMMA also lends itself to methods like
hot embossing [196]. As PMMA undergoes glass transition around 100◦C but doesn’t melt
until 250◦C, it has a broad temperature range in which it can be mechanically patterned.
Mold materials include polyester [197], silicon [198], steel [199], PDMS [200] and more.
PMMA is also common in injection molding, where the polymer is melted down and
injected into a mold, before cooling to harden [201]. A number of bonding strategies also
exist for PMMA. While it is possible to bond it following oxygen plasma exposure similar
to PDMS [202], PMMA substrates can also be bonded using thermal, optical or chemical
means; see, for example, the paper by Sood [203]. PMMA is by nature hydrophobic [204],
but can be modified to increase or further decrease hydrophilicity [205, 206].

COC, like PMMA, is a thermoplastic. Similar to PDMS and PMMA, it exhibits
low autofluorescence in the visible spectrum [157]. COC is biocompatible [207] and has an
oxygen permeability comparable to PMMA, approximately 5 ·10−12 m2/s [208]. A number
of production and bonding methods are known to work for COC [209]. While PDMS
is typically replica-molded, COC is generally either hot-embossed, injection molded or
micromilled. This places different demands on equipment and offers different resolution;
for a more in-depth discussion, see, e.g., the paper by Nunes et al. [209]. Similarly, the
innate hydrophobicity of COC can be overcome in a number of ways, including oxygen
plasma exposure [210].

OSTE is a UV-curable polymer based on an offset balance between thiol and allyl
groups [133]. Much like PDMS, it can be patterned through replica molding. By adjust-
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ing the stoichiometric balance between the two compound types, the sample’s Young’s
modulus, glass transition temperature and surface properties can be adjusted as well. The
Young’s modulus at room temperature is 250 MPa at 90% thiol excess and 1.75 GPa at
30% allyl excess. Once heated above the glass transition temperatures (35◦C and 68◦C,
respectively), the Young’s modulus of both combinations is decreased to approximately
10 MPa.

OSTE surface hydrophilicity can be adjusted through changes or additives to the
composition. Native OSTE of the excess ratios given above have water contact angles
(WCAs) near 70◦, but by grafting PDMS or polyethylene glycol (PEG) to the surfaces,
hydrophilicity can be decreased or increased, respectively. Thiol-excess OSTE with PDMS
has a WCA of 97◦, while allyl-excess OSTE has a WCA of 35◦.

Bonding of OSTE is doable at or near room temperature, but much like the curing
process, it is dependent on UV exposure. OSTE is more than an order of magnitude less
permeable to oxygen diffusion than PDMS [158, 211]. When fabricated to have free thiol
groups at the surface, OSTE can exhibit oxygen-scavenging capabilities, allowing it to
generate hypoxic conditions on-chip [212]. While early models of OSTE showed variable
biocompatibility [213, 214], later variants such as OSTEMER have shown much better cell
viability [215]. Because of its UV-curable composition, OSTE tends to have a heightened
autofluorescence in the UV range, despite its otherwise good optical characteristics.

PMMA, COC and OSTE, due to their reduced permeability to gases, solve an often-
cited flaw of PDMS, namely that it allows water evaporation from within a system through
the solid PDMS. However, in cell culture applications the low gas permeability places
additional constraints on the transport of oxygen through the liquid medium. As cells
consume oxygen during respiration, new oxygen must be supplied in order to maintain a
stable oxygen concentration in a given device. With a permeable material such as PDMS,
the oxygen can be resupplied both by the medium and by diffusing through the material.

As a radically different alternative to silicone and thermoplastics, microfluidic systems
have also been produced from gels such as calcium alginate [216] and from gelatin [217].
Different fabrication methods have also opened up in the last decades, enabling microfluidic
systems made by 3D printing (see, for example, the paper by Ho et al. [218].

Similarly, microfluidic channels and systems have been manufactured on paper with
wax printing, becoming a sub-field of its own within microfluidics (see, for instance, the
review by Akyazi et al. [219]. While less suited for cell culture due to its commonly
open-top structure, paper microfluidics has nonetheless found a niche in affordable lab-on-
a-chip applications. Methods like UV lithography, injection molding and 3D printing for
microfluidic purposes tend to be expensive, in terms of both equipment and consumables.
One of the most important benefits of paper microfluidics is the ability to produce func-
tional, microfluidics-based assays at a fraction of the cost and time. For example, Lu et al.
[220] demonstrate the use of filter paper, wax crayons and an oven to realize single- or sub-
millimeter channels in less than 10 minutes from start to finish. More complex patterns
were achieved using a wax-based printer on filter paper. These microfluidic systems were
used to perform BSA and glucose assays. Similarly, Carrilho et al. [221] used wax-printed
devices to detect protein, glucose and cholesterol content in biological samples, showing
how paper-based devices can be employed as lab-on-a-chip or point-of-care systems also
in resource-limited regions.

In the end, the choice of a suitable manufacturing method and device material depends
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on the application requirements. Oxygen permeability, bonding method, hydrophilicity,
resolution, and cost and availability of the required means of fabrication differ between the
materials. In some cases, combination of several materials for different chip components
may be desirable.

For the applications described in this thesis, devices used were made of PDMS bonded
to glass as well as to PDMS, for reasons of practical utility. As PDMS is gas-permeable,
the oxygen content of the medium is partly replenished by means of diffusion through
the material, reducing the risk of hypoxia. In order to study more hypoxic conditions,
the outer walls of the PDMS could easily be blocked with oxygen-impermeable materials
such as glass. Thus, the permeability makes the device easily amenable to both condi-
tions. Furthermore, the possibility of depleting the gas content of the PDMS by degassing
devices means that air pockets that are trapped in the device during priming or direct
seeding can be absorbed by the PDMS. This reduces the constraints on the device design,
and even eliminates the need for plasma-treating the devices in certain applications, as
seen in Chapter 6. The elasticity of PDMS enables easy and leak-free attachment and
detachment of tubing and reservoirs, and the treatment-free adhesion of PDMS to itself
allows temporary bonding of different layers and modalities, as shown in Chapter 6.

3.3 Liver-on-a-Chip — a summary of the field

The tools provided by microfluidics have found a multitude of uses in science and engineer-
ing. With small sample volumes, precise control of flows and conditions, rapid prototyping,
and easy integration of sensors, actuators and micropumps, the field of lab-on-a-chip and
micro-total analysis systems benefits both biology, chemistry and physics [222]. Microflu-
idic systems can be outfitted with electrodes [8], pumps [223], valves, and numerous other
microscale utilities to tailor a system to the needs of the application.

This versatility makes microfluidics a well-suited tool to develop microscale cell cul-
ture analogues, systems that mimic aspects of in vivo environments for in vitro culture. In
the last two decades, the field of organs-on-chips (also called microphysiological systems,
MPSs) has generated breathing lung chips based on stretching membranes [6], beating
heart chips equipped with electrodes [224], various multi-organ bioreactors aiming to em-
ulate the complexities of drug metabolism [225, 226], and more.

The field of organs-on-chips can be seen as the refinement of individual organ models
and the pursuit of a more complete body-on-a-chip. Such a system would allow studies
of complex interactions between functional organ models, enabling the study of intricate
processes such as disease progression and the effects of drugs.

The liver, as described in Chapter 2, is the organ where most of the human xenobiotic
metabolism takes place. The liver is also the focal point of certain deadly diseases such
as non-alcoholic fatty liver disease and hepatocellular carcinoma. Studying the liver is of
use both for understanding disease onset and progression, and observing the efficacy and
safety of a multitude of drugs — not only those targeting the liver. Therefore, livers-on-
chips are important both in their own right and for the generation of a more complete
multi-organ body-on-a-chip.

Based on the description of the liver in Chapter 2, it is possible to outline a number
of key characteristics that matter in the design and application of an in vitro liver model.
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autofluorescence in the UV range, despite its otherwise good optical characteristics.

PMMA, COC and OSTE, due to their reduced permeability to gases, solve an often-
cited flaw of PDMS, namely that it allows water evaporation from within a system through
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Different fabrication methods have also opened up in the last decades, enabling microfluidic
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review by Akyazi et al. [219]. While less suited for cell culture due to its commonly
open-top structure, paper microfluidics has nonetheless found a niche in affordable lab-on-
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One of the most important benefits of paper microfluidics is the ability to produce func-
tional, microfluidics-based assays at a fraction of the cost and time. For example, Lu et al.
[220] demonstrate the use of filter paper, wax crayons and an oven to realize single- or sub-
millimeter channels in less than 10 minutes from start to finish. More complex patterns
were achieved using a wax-based printer on filter paper. These microfluidic systems were
used to perform BSA and glucose assays. Similarly, Carrilho et al. [221] used wax-printed
devices to detect protein, glucose and cholesterol content in biological samples, showing
how paper-based devices can be employed as lab-on-a-chip or point-of-care systems also
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on the application requirements. Oxygen permeability, bonding method, hydrophilicity,
resolution, and cost and availability of the required means of fabrication differ between the
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For the applications described in this thesis, devices used were made of PDMS bonded
to glass as well as to PDMS, for reasons of practical utility. As PDMS is gas-permeable,
the oxygen content of the medium is partly replenished by means of diffusion through
the material, reducing the risk of hypoxia. In order to study more hypoxic conditions,
the outer walls of the PDMS could easily be blocked with oxygen-impermeable materials
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tions. Furthermore, the possibility of depleting the gas content of the PDMS by degassing
devices means that air pockets that are trapped in the device during priming or direct
seeding can be absorbed by the PDMS. This reduces the constraints on the device design,
and even eliminates the need for plasma-treating the devices in certain applications, as
seen in Chapter 6. The elasticity of PDMS enables easy and leak-free attachment and
detachment of tubing and reservoirs, and the treatment-free adhesion of PDMS to itself
allows temporary bonding of different layers and modalities, as shown in Chapter 6.

3.3 Liver-on-a-Chip — a summary of the field

The tools provided by microfluidics have found a multitude of uses in science and engineer-
ing. With small sample volumes, precise control of flows and conditions, rapid prototyping,
and easy integration of sensors, actuators and micropumps, the field of lab-on-a-chip and
micro-total analysis systems benefits both biology, chemistry and physics [222]. Microflu-
idic systems can be outfitted with electrodes [8], pumps [223], valves, and numerous other
microscale utilities to tailor a system to the needs of the application.

This versatility makes microfluidics a well-suited tool to develop microscale cell cul-
ture analogues, systems that mimic aspects of in vivo environments for in vitro culture. In
the last two decades, the field of organs-on-chips (also called microphysiological systems,
MPSs) has generated breathing lung chips based on stretching membranes [6], beating
heart chips equipped with electrodes [224], various multi-organ bioreactors aiming to em-
ulate the complexities of drug metabolism [225, 226], and more.

The field of organs-on-chips can be seen as the refinement of individual organ models
and the pursuit of a more complete body-on-a-chip. Such a system would allow studies
of complex interactions between functional organ models, enabling the study of intricate
processes such as disease progression and the effects of drugs.

The liver, as described in Chapter 2, is the organ where most of the human xenobiotic
metabolism takes place. The liver is also the focal point of certain deadly diseases such
as non-alcoholic fatty liver disease and hepatocellular carcinoma. Studying the liver is of
use both for understanding disease onset and progression, and observing the efficacy and
safety of a multitude of drugs — not only those targeting the liver. Therefore, livers-on-
chips are important both in their own right and for the generation of a more complete
multi-organ body-on-a-chip.

Based on the description of the liver in Chapter 2, it is possible to outline a number
of key characteristics that matter in the design and application of an in vitro liver model.
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� As hepatocytes are polarized, their spatial arrangement matters. In the liver, the
cells have a complex 3D microstructure, allowing them to align their apical, lateral,
and basolateral domains based on one another [16]. The alignment of the apical
sides of adjacent hepatocytes enables the formation of thin channels between them,
into which bile is secreted and cleared from the liver. Such bile canaliculi cannot
easily form without a retained 3D arrangement of cells. The 3D organization also
lets the cells retain their cell-cell interactions in a more physiological manner. As
such, the culture system should be built to support and sustain 3D culture.

� The sinusoidal endothelium is fenestrated, enabling a gentle, controlled, and contin-
uous perfusion of the hepatic tissue by the bloodstream [16]. In in vitro culture, the
tissue or cell mass also needs to be perfused, allowing nutrients and oxygen to reach
all cells whether in 2D or 3D configurations. The perfusion also allows constant
replenishment of the nutrients, unlike static culture as is common in well plates and
Petri dishes. Thus, the liver chip should be perfused.

� The hepatocytes in vivo are protected from most of the shear stress of the blood
flow by virtue of the endothelium. Still, they experience a non-zero level of shear
stress. While the physiological range of this is somewhat disparate in the literature,
it has been shown that low levels of shear stress benefit the hepatocytes in vitro too
[13, 14]. Therefore, the perfusion of the liver chip should take place in such a way
that the hepatocytes experience shear stress, but are protected from harmful levels
of shear.

� A liver-on-a-chip device must be designed for its intended validation in addition
to being suitable for the cells. Material oxygen permeability and drug absorption
characteristics should be considered for their suitability based on the intended ap-
plications.

� While many of the commonly associated liver metabolic functions are carried out
by the hepatocytes, the interplay between hepatocytes and non-parenchymal cells is
of importance to the hepatic phenotype [16]. A suitable liver model system should
support coculture of multiple liver-native cell types.

� The type of cells used in a liver-on-a-chip matters greatly. While cell lines are
suitable for initial optimization thanks to their well-characterized nature and ho-
mogeneity, primary cells are by far the best analogue of in vivo cells. However,
primary hepatocytes exhibit great heterogeneity and dedifferentiate quickly in vitro
[79], making induced pluripotent stem cell-derived hepatocytes a potential option.

� An organ-on-chip system needs to be validated by comparison to a benchmark.
However, a suitable benchmark is not trivial to delineate. Many organ-on-chip
devices are validated by comparison to static 2D cultures of the same type of cells
as in the device, and results of viability, bioactivity or secretion are compared. in
vivo data from animals suffers from inter-species differences [84–86], and clinical data
from human patients is inherently more complex due to the interplay of all organs,
as well as due to patient heterogeneity. Primary human hepatocytes, the oft-cited
”gold standard” of hepatocyte functionality, display great inter-donor variability,
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making them less than ideal as a benchmark [79]. While there is no clear-cut best
choice for benchmark, the validation methods used — and the validation methods
that are possible for a given device — are important parameters for any organ-on-
chip.

The following section aims to review the field of livers-on-chips from this perspective,
before outlining what still needs to be accomplished.

3.3.1 Static platforms

The design of a liver chip determines most of its functionality and thereby how physiolog-
ically relevant the model will be. Liver chips cover a broad range of complexities, ranging
from designs comparable to static well plates to complex bioreactor layouts.

An example from the structurally simple side of the spectrum is the design of Khetani
and Bhatia [227]. Their device is a PDMS-based well plate layout that allows patterning
of the bottom surface with ECM proteins. Hepatocytes could then be seeded into the
wells and adhered only to the patterned points, allowing seeding of non-parenchymal cells
(NPCs) in the surrounding area. While more structurally advanced than a conventional
well plate, the platform they describe does not allow consistent perfusion, shear stress,
or 3D arrangements of cells. However, the patterning that they enable between hepa-
tocytes and NPCs has a noticeable effect on both the longevity and functionality of the
hepatocytes.

3D equivalents of static culture liver chips also exist in literature. Zhu et al. [228] gen-
erated gelatin microscaffolds for culturing hepatocytes and NPCs on scaffolds of variable
stiffness under static conditions. Another example of static 3D culture chips is that of
Roth et al. [229], who patterned hepatocytes in ECM onto micropillars. These micropil-
lars could subsequently be immersed in corresponding microwells containing medium or
various compounds. While such methods allow a more physiologically relevant structuring
of cells, they still lack controlled perfusion and shear stress.

3.3.2 Perfused, gravity-driven 2D culture systems

Since perfusion is known to be beneficial to hepatocytes [13, 14], a majority of liver chips
are based on flow. Structures still exist that are similar to well plates, potentially enabling
them to be used with automated well plate handling machinery.

Examples include the work done by Chen et al. [230]. The device they describe shares
the footprint of a conventional 96-well plate, where sets of 4 wells constitute fluid inlet,
seeding inlet, culture chamber and outlet. The inlet and outlet form reservoirs for medium,
which is perfused through the culture chamber by means of a tilting platform. The tilting
platform is adjusted automatically over time to maintain approximately stable flow and
shear rates over time.

Similarly, Wang et al. [231] describe a gravity-driven platform. While working with
endothelial cells rather than hepatocytes, the principle of their device could easily translate
to hepatocyte culture as well. They describe a PMMA-based device where two reservoirs
are connected to a central culture channel. As the device is tilted by a programmable
tilting platform, the reservoir inlets and outlets cause a unidirectional flow over the cell
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replenishment of the nutrients, unlike static culture as is common in well plates and
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stress. While the physiological range of this is somewhat disparate in the literature,
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to being suitable for the cells. Material oxygen permeability and drug absorption
characteristics should be considered for their suitability based on the intended ap-
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� While many of the commonly associated liver metabolic functions are carried out
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mogeneity, primary cells are by far the best analogue of in vivo cells. However,
primary hepatocytes exhibit great heterogeneity and dedifferentiate quickly in vitro
[79], making induced pluripotent stem cell-derived hepatocytes a potential option.

� An organ-on-chip system needs to be validated by comparison to a benchmark.
However, a suitable benchmark is not trivial to delineate. Many organ-on-chip
devices are validated by comparison to static 2D cultures of the same type of cells
as in the device, and results of viability, bioactivity or secretion are compared. in
vivo data from animals suffers from inter-species differences [84–86], and clinical data
from human patients is inherently more complex due to the interplay of all organs,
as well as due to patient heterogeneity. Primary human hepatocytes, the oft-cited
”gold standard” of hepatocyte functionality, display great inter-donor variability,
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making them less than ideal as a benchmark [79]. While there is no clear-cut best
choice for benchmark, the validation methods used — and the validation methods
that are possible for a given device — are important parameters for any organ-on-
chip.

The following section aims to review the field of livers-on-chips from this perspective,
before outlining what still needs to be accomplished.

3.3.1 Static platforms

The design of a liver chip determines most of its functionality and thereby how physiolog-
ically relevant the model will be. Liver chips cover a broad range of complexities, ranging
from designs comparable to static well plates to complex bioreactor layouts.

An example from the structurally simple side of the spectrum is the design of Khetani
and Bhatia [227]. Their device is a PDMS-based well plate layout that allows patterning
of the bottom surface with ECM proteins. Hepatocytes could then be seeded into the
wells and adhered only to the patterned points, allowing seeding of non-parenchymal cells
(NPCs) in the surrounding area. While more structurally advanced than a conventional
well plate, the platform they describe does not allow consistent perfusion, shear stress,
or 3D arrangements of cells. However, the patterning that they enable between hepa-
tocytes and NPCs has a noticeable effect on both the longevity and functionality of the
hepatocytes.

3D equivalents of static culture liver chips also exist in literature. Zhu et al. [228] gen-
erated gelatin microscaffolds for culturing hepatocytes and NPCs on scaffolds of variable
stiffness under static conditions. Another example of static 3D culture chips is that of
Roth et al. [229], who patterned hepatocytes in ECM onto micropillars. These micropil-
lars could subsequently be immersed in corresponding microwells containing medium or
various compounds. While such methods allow a more physiologically relevant structuring
of cells, they still lack controlled perfusion and shear stress.

3.3.2 Perfused, gravity-driven 2D culture systems

Since perfusion is known to be beneficial to hepatocytes [13, 14], a majority of liver chips
are based on flow. Structures still exist that are similar to well plates, potentially enabling
them to be used with automated well plate handling machinery.

Examples include the work done by Chen et al. [230]. The device they describe shares
the footprint of a conventional 96-well plate, where sets of 4 wells constitute fluid inlet,
seeding inlet, culture chamber and outlet. The inlet and outlet form reservoirs for medium,
which is perfused through the culture chamber by means of a tilting platform. The tilting
platform is adjusted automatically over time to maintain approximately stable flow and
shear rates over time.

Similarly, Wang et al. [231] describe a gravity-driven platform. While working with
endothelial cells rather than hepatocytes, the principle of their device could easily translate
to hepatocyte culture as well. They describe a PMMA-based device where two reservoirs
are connected to a central culture channel. As the device is tilted by a programmable
tilting platform, the reservoir inlets and outlets cause a unidirectional flow over the cell
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culture area irrespective of the direction of the tilt. Using a modified rocking platform,
their device experiences a more even flow than one placed on a purely back-and-forth
tilting platform. The principle is illustrated in figure 3.6.

Figure 3.6: A schematic of the rocking-platform system employed by Wang et al. [231]. The tilting
of the platform moved the medium (red) between the two reservoirs, as indicated by the arrows.

Bircsak et al. [232] describe the use of a commercial microfluidic platform. Their
OrganoPlate consists of separated channels for culturing cells under low and high shear
conditions. The structure allows culturing different cell types in the different channels,
which are separated by a phase guide. The perfusion channel showed 3d formation of the
NPCs into a capillary-like structure. The system’s well plate-like layout enables automated
liquid handling, but as the flow is gravity-driven between two reservoirs, the perfusion and
shear stress are not consistent over time.

Gravity-driven platforms like these have a number of benefits over pumped flow. Air
bubbles that could arise in the reservoir would float to its top rather than being forced into
the microchannels, as would be the case under pumped flow. Medium replacement and
liquid handling can be readily automated thanks to the well plate-like format. Conversely,
as the maintained flow only depends on a rocking or tilting platform, it is possible to
achieve perfused flow at relatively low cost compared to pressure-driven, peristaltic or
syringe-based pumps. However, relying solely on gravity makes the flow parameters less
exact than using specific pumps intended for the application. For example, syringe pumps
keep a specific consistent flow rate regardless of the innate resistance of a microfluidic
device, within reason. A gravity-driven flow, on the other hand, is sensitive to individual
variations between devices, as an increase in resistance (e.g., by clogging or material
imperfections) impacts the flow rate.

3.3.3 Pump-driven 2D culture systems

With the implementation of pumping, well plate-like devices have also been developed
to more structurally advanced forms. Satoh et al. [233] have developed a pressure-driven
multi-organ chip based on a similar reservoir notion as that of Wang et al. [231]. However,
the design of Satoh et al. has inlets that are always positioned higher than the outlets,
and the flow between different reservoirs is dictated by pressure actuation through a thin
membrane. Micropatterned Laplace valves were built into the structure surrounding the
outlets in order to prevent air from entering the medium recirculation. The medium could
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thus circulate, generating some degree of shear stress over the cells grown in 2D on a
culture insert in the reservoirs.

Devices based on 2D hepatocyte culture under flow are relatively common. An example
is the work presented by Hattersley et al. [234] using a glass-based device. They describe
a simple straight channel with a Y-shaped junction at the end, wherein primary rat liver
tissue was cultured under flow. Such a system, while serving the purpose of attaining
controlled perfusion and shear, does not have any innate 3D culture scaffolding aside from
the ECM of the liver tissue itself.

Somewhat similarly, Zhang et al. [235] describe a device in which hepatocytes and
breast cancer cells were cultured in sequence in flow chambers. The device in question
consisted of two separate culture chambers in which the cells of the two different types were
cultured in 2D. A second part of the chip consisted of a solid phase extraction chamber for
on-chip analysis of metabolites. Such additional on-chip functionalities exist in numerous
forms, both for liver chips and other organ culture devices.

An interesting variant of 2D culture is the zonation-mimicking device demonstrated
by Kang et al. [236]. Their device, consisting of a gradient generator stage and a set of
five adjacent culture chambers, allowed the cells grown inside to be exposed to different
concentrations of glucagon and insulin. This external influence was enough to affect the
cellular phenotype, improving the nitrogen metabolism (as seen through staining for CPS1,
which takes part in the urea cycle) of the cells in the periportal-like zone compared to the
perivenous-like one. Similarly, periodic acid and Schiff (PAS) staining revealed an increase
in glycogen storage in the zone 3 equivalent. While the approach to zonative signaling is
an interesting one, such a device lacks an innate structural basis for 3D culture as well as
for coculture of hepatocytes and NPCs.

3.3.4 Membrane-based 2D liver chips

More common than the single monolayer 2D culture devices are the membrane-based
culture platforms. An example is the work presented by Rennert et al. [237], where two
flow chambers are separated by a porous membrane. Endothelial cells and macrophages are
cultured on one side of the membrane, with hepatocytes and stellate cells being cultured
on the other side. The separation allows the device to mimic the in vivo structure to
some extent, with different flow rates above and below the membrane. The membrane
porosity still allows cell-cell communication between the layers. Such arrangements, while
sometimes referred to as 3D or quasi-3D culture, typically still consist of 2D monolayers of
cells adhering to opposite sides of the membrane. Modelling of zonation in such a device is
done through downstream gradients of oxygen and metabolites, as all the cells are equally
in contact with the flow on their respective sides of the membrane. As such, the flow rates
in the upper and lower compartments are of great importance not only in adjusting the
shear stress but also in regulating the supply of oxygen and biomolecules. If the cell layers
are not fully confluent on either side of the membrane, there is also an exchange of fluid
flow between the two sides of the membrane.

Rennert et al. studied HepaRG hepatocytes in combination with LX-2 stellate cells,
human umbilical vein endothelial cells (HUVECs) and peripheral blood mononuclear cell-
derived macrophages. The devices used were made of COC with PET-based membranes,
and oxygen sensing was carried out at the device inlet and outlet under hypoxic and
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culture area irrespective of the direction of the tilt. Using a modified rocking platform,
their device experiences a more even flow than one placed on a purely back-and-forth
tilting platform. The principle is illustrated in figure 3.6.
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Bircsak et al. [232] describe the use of a commercial microfluidic platform. Their
OrganoPlate consists of separated channels for culturing cells under low and high shear
conditions. The structure allows culturing different cell types in the different channels,
which are separated by a phase guide. The perfusion channel showed 3d formation of the
NPCs into a capillary-like structure. The system’s well plate-like layout enables automated
liquid handling, but as the flow is gravity-driven between two reservoirs, the perfusion and
shear stress are not consistent over time.

Gravity-driven platforms like these have a number of benefits over pumped flow. Air
bubbles that could arise in the reservoir would float to its top rather than being forced into
the microchannels, as would be the case under pumped flow. Medium replacement and
liquid handling can be readily automated thanks to the well plate-like format. Conversely,
as the maintained flow only depends on a rocking or tilting platform, it is possible to
achieve perfused flow at relatively low cost compared to pressure-driven, peristaltic or
syringe-based pumps. However, relying solely on gravity makes the flow parameters less
exact than using specific pumps intended for the application. For example, syringe pumps
keep a specific consistent flow rate regardless of the innate resistance of a microfluidic
device, within reason. A gravity-driven flow, on the other hand, is sensitive to individual
variations between devices, as an increase in resistance (e.g., by clogging or material
imperfections) impacts the flow rate.

3.3.3 Pump-driven 2D culture systems

With the implementation of pumping, well plate-like devices have also been developed
to more structurally advanced forms. Satoh et al. [233] have developed a pressure-driven
multi-organ chip based on a similar reservoir notion as that of Wang et al. [231]. However,
the design of Satoh et al. has inlets that are always positioned higher than the outlets,
and the flow between different reservoirs is dictated by pressure actuation through a thin
membrane. Micropatterned Laplace valves were built into the structure surrounding the
outlets in order to prevent air from entering the medium recirculation. The medium could
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thus circulate, generating some degree of shear stress over the cells grown in 2D on a
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is the work presented by Hattersley et al. [234] using a glass-based device. They describe
a simple straight channel with a Y-shaped junction at the end, wherein primary rat liver
tissue was cultured under flow. Such a system, while serving the purpose of attaining
controlled perfusion and shear, does not have any innate 3D culture scaffolding aside from
the ECM of the liver tissue itself.

Somewhat similarly, Zhang et al. [235] describe a device in which hepatocytes and
breast cancer cells were cultured in sequence in flow chambers. The device in question
consisted of two separate culture chambers in which the cells of the two different types were
cultured in 2D. A second part of the chip consisted of a solid phase extraction chamber for
on-chip analysis of metabolites. Such additional on-chip functionalities exist in numerous
forms, both for liver chips and other organ culture devices.

An interesting variant of 2D culture is the zonation-mimicking device demonstrated
by Kang et al. [236]. Their device, consisting of a gradient generator stage and a set of
five adjacent culture chambers, allowed the cells grown inside to be exposed to different
concentrations of glucagon and insulin. This external influence was enough to affect the
cellular phenotype, improving the nitrogen metabolism (as seen through staining for CPS1,
which takes part in the urea cycle) of the cells in the periportal-like zone compared to the
perivenous-like one. Similarly, periodic acid and Schiff (PAS) staining revealed an increase
in glycogen storage in the zone 3 equivalent. While the approach to zonative signaling is
an interesting one, such a device lacks an innate structural basis for 3D culture as well as
for coculture of hepatocytes and NPCs.

3.3.4 Membrane-based 2D liver chips

More common than the single monolayer 2D culture devices are the membrane-based
culture platforms. An example is the work presented by Rennert et al. [237], where two
flow chambers are separated by a porous membrane. Endothelial cells and macrophages are
cultured on one side of the membrane, with hepatocytes and stellate cells being cultured
on the other side. The separation allows the device to mimic the in vivo structure to
some extent, with different flow rates above and below the membrane. The membrane
porosity still allows cell-cell communication between the layers. Such arrangements, while
sometimes referred to as 3D or quasi-3D culture, typically still consist of 2D monolayers of
cells adhering to opposite sides of the membrane. Modelling of zonation in such a device is
done through downstream gradients of oxygen and metabolites, as all the cells are equally
in contact with the flow on their respective sides of the membrane. As such, the flow rates
in the upper and lower compartments are of great importance not only in adjusting the
shear stress but also in regulating the supply of oxygen and biomolecules. If the cell layers
are not fully confluent on either side of the membrane, there is also an exchange of fluid
flow between the two sides of the membrane.

Rennert et al. studied HepaRG hepatocytes in combination with LX-2 stellate cells,
human umbilical vein endothelial cells (HUVECs) and peripheral blood mononuclear cell-
derived macrophages. The devices used were made of COC with PET-based membranes,
and oxygen sensing was carried out at the device inlet and outlet under hypoxic and
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Figure 3.7: A schematic of the type of microfluidic system used by Du et al. [238] and multiple
others. The red and blue channels run on opposite sides of a porous membrane, separating two
cell cultures.

normoxic conditions. Numerous assays were performed, showing that the hepatocytes
retained their polarity, and that perfusion increased the metabolic activity of the HepaRG
cells. These traits are strengths of the membrane-based liver chips, stemming from the
cell-cell communication and different levels of perfusion that the cells experience.

Similar devices have been used by a number of other groups as well. Kang et al. [239]
describe both a single- and a double-layer configuration of their design, where the latter is
of the same nature as the device used by Rennert et al. Their device is a straight channel
made of PDMS that is bonded either onto a culture dish on onto another piece of PDMS,
in the latter case with a PET membrane sandwiched in between. Their study used primary
rat hepatocytes and bovine aortic endothelial cells, and showed both long-term (30 days)
viability of the cells and the effect of hepatitis B virus infection in their on-chip cultures.

Prodanov et al. [240] used a similar PDMS-and-PET device to culture primary human
hepatocytes for 28 days in combination with liver NPC cell lines. Their experiments
showed an increase in metabolic function compared to static cultures throughout the
culture. In their device, the hepatocytes were sandwiched between a bottom layer of
fibronectin and an upper coating of stellate cell-laden collagen in the bottom channel. As
such, in contrast to Rennert et al. and Kang et al., Prodanov et al cultured the hepatocytes
on the glass bottom side rather than adherent to the membrane. In a similar vein, Du et
al. [238] used a membrane-based device with primary mouse NPCs seeded to both sides
of a membrane, with corresponding hepatocytes growing underneath. The principles of
membrane-based devices like these is illustrated in figure 3.7.

Li et al. [241] describe the use of a commercial glass-based device with a PET mem-
brane. By precisely controlling the flow rates in their device, they achieve a controlled
oxygen tension across the cell culture area, covering normoxic ( 18%) to hypoxic (4%) con-
ditions. The use of glass rather than PDMS allowed them to have a more precise control
of the oxygen available to the cells.
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Zhu et al. [242] took a slightly different approach to membrane-based culture, us-
ing it to study hepatocytes under pressure rather than shear stress. While the effective
pressure, like the effective shear stress, on hepatocytes in vivo is hard to measure, the
intra-abdominal and portal vein pressures lie in the range of 600-1300 Pa. The authors es-
timated the pressure on the hepatocytes to be on the order of hundreds of Pa, and designed
a membrane-based perfusion platform to expose primary rat hepatocytes to controllable
pressure during culture. They found that the compaction caused by the applied pressure
accelerated the hepatocyte repolarization and improved the cell morphology, albumin and
urea secretion compared to static culture.

Membrane-based 2D cultures such as those described above are fairly commonplace
as liver chips, owing mainly to their versatility and ease of use. The possibility of having
different cell types at different flow rates above and below the membrane makes them a
perfused counterpart to the static transwell type of culture. Different types of culture
medium can also be used in the upper and lower channel to suit the needs of the cells,
albeit with the downside that the two types of media will intermix downstream. The simple
structure of these membrane devices allows them to be produced through soft lithography
with relatively low resolution, as the main features are two mostly straight channels with
dimensions that typically well exceed 10 µm. Even the implementation of the membrane
simply adds one extra step in the plasma-based assembly process. The membranes can
be selected for material properties, pore size and density to match the necessities of the
culture. Matching the membrane properties to the flow rates allows precision in the mass
transport between the layers.

That being said, however, such culture systems are not ideally suited for true 3D
culture. The cells tend to be kept as individual monolayers on either side of the membrane,
even when several monolayers of different cells are stacked on top of each other. In the liver
lobule, hepatocytes experience cell-cell contact in more than two dimensions. Under static
conditions, it has been shown that hepatocyte differentiation and functionality is greatly
enhanced in 3D culture as compared to 2D culture [243]. Starting from the monolayer
configuration in such devices, cells of different types are also generally unable to self-
arrange into physiologically appropriate 3D forms as they would in organoid culture [244].

3.3.5 3D mass cultures

3D culture can be divided into spheroid and 3D mass cultures. The two have several
traits in common, but while spheroids are generally formed off-chip for loading, 3D mass
cultures tend to be formed either upon seeding or after some time.

Lu et al. [245] provide an example of a different approach to the membrane-based
device design in the form of a 3D liver tumor microenvironment on a chip. Their chip is
based on a similar membrane structure as those discussed above but is perfused only in
the upper channel, with the cells only growing underneath it. Thus, the membrane serves
to protect the cells from most of the direct shear stress, but is not used to support other
cell types. They describe using a mixture of gelatin methacryloyl and decellularized liver
matrix to support culturing hepatocytes in 3D underneath the membrane. The matrix
mixture, when cured with UV light, stabilizes into a 3D scaffold able to support the HepG2
cells in the bottom chamber.

Gel-based methods of forming and maintaining 3D tissue can be found elsewhere in
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cells. These traits are strengths of the membrane-based liver chips, stemming from the
cell-cell communication and different levels of perfusion that the cells experience.
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describe both a single- and a double-layer configuration of their design, where the latter is
of the same nature as the device used by Rennert et al. Their device is a straight channel
made of PDMS that is bonded either onto a culture dish on onto another piece of PDMS,
in the latter case with a PET membrane sandwiched in between. Their study used primary
rat hepatocytes and bovine aortic endothelial cells, and showed both long-term (30 days)
viability of the cells and the effect of hepatitis B virus infection in their on-chip cultures.

Prodanov et al. [240] used a similar PDMS-and-PET device to culture primary human
hepatocytes for 28 days in combination with liver NPC cell lines. Their experiments
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Zhu et al. [242] took a slightly different approach to membrane-based culture, us-
ing it to study hepatocytes under pressure rather than shear stress. While the effective
pressure, like the effective shear stress, on hepatocytes in vivo is hard to measure, the
intra-abdominal and portal vein pressures lie in the range of 600-1300 Pa. The authors es-
timated the pressure on the hepatocytes to be on the order of hundreds of Pa, and designed
a membrane-based perfusion platform to expose primary rat hepatocytes to controllable
pressure during culture. They found that the compaction caused by the applied pressure
accelerated the hepatocyte repolarization and improved the cell morphology, albumin and
urea secretion compared to static culture.

Membrane-based 2D cultures such as those described above are fairly commonplace
as liver chips, owing mainly to their versatility and ease of use. The possibility of having
different cell types at different flow rates above and below the membrane makes them a
perfused counterpart to the static transwell type of culture. Different types of culture
medium can also be used in the upper and lower channel to suit the needs of the cells,
albeit with the downside that the two types of media will intermix downstream. The simple
structure of these membrane devices allows them to be produced through soft lithography
with relatively low resolution, as the main features are two mostly straight channels with
dimensions that typically well exceed 10 µm. Even the implementation of the membrane
simply adds one extra step in the plasma-based assembly process. The membranes can
be selected for material properties, pore size and density to match the necessities of the
culture. Matching the membrane properties to the flow rates allows precision in the mass
transport between the layers.

That being said, however, such culture systems are not ideally suited for true 3D
culture. The cells tend to be kept as individual monolayers on either side of the membrane,
even when several monolayers of different cells are stacked on top of each other. In the liver
lobule, hepatocytes experience cell-cell contact in more than two dimensions. Under static
conditions, it has been shown that hepatocyte differentiation and functionality is greatly
enhanced in 3D culture as compared to 2D culture [243]. Starting from the monolayer
configuration in such devices, cells of different types are also generally unable to self-
arrange into physiologically appropriate 3D forms as they would in organoid culture [244].

3.3.5 3D mass cultures

3D culture can be divided into spheroid and 3D mass cultures. The two have several
traits in common, but while spheroids are generally formed off-chip for loading, 3D mass
cultures tend to be formed either upon seeding or after some time.

Lu et al. [245] provide an example of a different approach to the membrane-based
device design in the form of a 3D liver tumor microenvironment on a chip. Their chip is
based on a similar membrane structure as those discussed above but is perfused only in
the upper channel, with the cells only growing underneath it. Thus, the membrane serves
to protect the cells from most of the direct shear stress, but is not used to support other
cell types. They describe using a mixture of gelatin methacryloyl and decellularized liver
matrix to support culturing hepatocytes in 3D underneath the membrane. The matrix
mixture, when cured with UV light, stabilizes into a 3D scaffold able to support the HepG2
cells in the bottom chamber.

Gel-based methods of forming and maintaining 3D tissue can be found elsewhere in
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literature as well. One such example is the work of Trietsch et al. [246] using a three-
channel microfluidic platform based on a 384-well plate structure. Cells were mixed with
ECM gel prior to loading into one or several channels separated by phase guides. Medium
could then be added to the adjacent channels, infiltrating the cell-laden gel slowly at a
reduced level of shear stress. The transport of nutrients through the gel is dominated by
diffusion, and the medium can be kept at either static or flowing conditions. Under flow,
the system could be said to be a simple mimicry of the liver sinusoid, with the gel serving
to protect the hepatocytes and regulate the influx and efflux of nutrients and biomolecules.

In lieu of using phase guides and gels, other groups have chosen to fabricate enclosure-
based microfluidics where a physical barrier separates the cells from the direct flow. One
such device is that presented by Lee et al. [247], illustrated in figure 3.8. Cells are loaded
into a 50 µm wide channel, and medium is flowed by gravitational flow into a channel
leading alongside and around the cell enclosure. The two are separated by a perforated
wall, with 1 x 2 µm microchannels connecting the cell culture area to the medium channel.
As such, this PDMS barrier serves the function of the liver endothelium, with the device
itself mimicking the liver sinusoid.

The quasi-3D arrangement of cells was achieved by simply loading the cells in a densely
packed way into the chamber, forcing them to stack onto each other. Mass transport
through the microchannels was highly diffusion-driven, as shown by the Péclet number
being less than 1. Rat and human primary hepatocytes were cultured for 7 days in the
device and maintained their viability without the need for collagen coating, which was
required in the purely 2D static control cultures. Furthermore, dense culture conditions
were found to be essential in the device for long-term maintenance owing to maintained
cell-cell contact and interaction.

The beneficial results of such device culture on hepatocytes have led to other, similar
devices being introduced and utilized as well. Gori et al. [7] used a similar device structure
to study the onset of non-alcoholic fatty liver disease (NAFLD) in HepG2/C3A cells under
flow. The channel height allowed two overlapping layers of hepatocytes at full confluency.
Like Lee et al., Gori et al found that a perfused quasi-3D culture condition proved more
suitable for in vivo-like culture than static 2D cultures. In the study by Gori et al., it
was found that on-chip cultures mimicked NAFLD more closely than the control cultures,
both in terms of triglyceride accumulation and viability.

Similar designs, with 2-5 µm wide diffusion channels, were also reported by Nakao et
al. [248] and Boul et al. [249]. Nakao et al. modified the design of Lee et al. in order to
assemble rat hepatocytes into two lines, successfully encouraging the formation of a bile
canaliculus between the lines. Conversely, Boul et al. used devices with different heights
of the culture chambers and different sizes of the diffusion channels, observing the 3D
stacking and migration of HepaRG cells.

Another example of a sinusoid-mimicking device is that used by Ong et al [250], using
a similar design to the above but in a different scale. The device they describe is 100
µm high and 200 µm wide, with microchannel equivalents that are 20 µm in width and
100 µm high. Notably, they used DRIE etching of silicon rather than UV lithography of
SU-8 to manufacture the master mold. Ong et al used their device to culture primary
rat hepatocytes, as well as to differentiate HepaRG progenitor cells into hepatocyte-like
cells. Cells seeded into the system formed 3D masses even when not seeded in overly
dense configurations, and HepaRG differentiation into hepatocyte-like cells was improved
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Figure 3.8: An illustration of the principle behind the device presented by Lee et al. [247]. The
medium (blue) flows in a channel surrounding a cell culture area (red), following the solid arrows.
The medium is able to perfuse the culture area by diffusing through the small microchannels,
following the dashed arrows, ensuring that the cells have direct access to the medium.

in terms of metabolic capacity compared to 2D static models. Devices of this endothelial
barrier design have also been employed in more advanced configurations. Toh et al. [251]
combined a device similar to that used by Ong et al. with a chemical gradient generator
to perform hepatotoxicity assays.

Notably, however, hepatocytes can aggregate into 3D structures even when not forced
into dense packing. While Lee et al. achieved a quasi-3D culture by packing the cells very
densely into the culture chamber and Trietsch et al. attained a 3D culture by means of
ECM packing, Ong et al. saw the cells self-arrange into hepatic cords under perfusion.
This kind of self-organization has been observed in a number of different types of liver chip
designs. Leclerc et al. [252] showed that HepG2 cells reorganize into 3D-like masses in a
perfused microfluidic device, despite not being confined at high-enough density to force a
3D arrangement. While they did not observe this behavior in fetal human hepatocytes,
they attribute that fact to a higher degree of adherence of the fetal human hepatocytes to
the substrate. In a similar vein, Vernetti et al. [253] observed primary human hepatocytes
self-organizing into hepatic cords during on-chip culture. Furthermore, NPC cell lines
were shown to self-organize relative to the hepatocytes over time.
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assemble rat hepatocytes into two lines, successfully encouraging the formation of a bile
canaliculus between the lines. Conversely, Boul et al. used devices with different heights
of the culture chambers and different sizes of the diffusion channels, observing the 3D
stacking and migration of HepaRG cells.
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a similar design to the above but in a different scale. The device they describe is 100
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to perform hepatotoxicity assays.
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Among the more interesting examples of such self-arrangements are those shown by Ya
et al. [254] and Du et al. [255]. While structurally different, both groups’ liver-mimicking
devices are based on separate inflows of medium into the culture chamber representing
the hepatic arterioles and portal venules, respectively. Using multi-layered PDMS- and/or
PMMA devices, they spatially separate the flows across their lobule mimetics, allowing
them to model phenomena that arise in vivo due to the different natures of these blood
supplies.

Ya et al. [254] model the different oxygen concentrations in the hepatic arterial and
portal venous blood by suppplying medium with different oxygen contents to the arterial
and venous ports of their device, respectively, revealing differences in the on-chip angio-
genesis achieved as well as albumin secretion and CYP expression based on local oxygen
levels.

In a similar vein, Du et al. [255] investigated the effect of lipid loading in their liver
chip, using the portal vein equivalent to supply medium loaded with free fatty acids while
their hepatic arterial equivalent provided normal medium. The authors observed a zonated
deposition of lipid droplets inside their device, showing that the lipid build-up was greater
in the periportal zone than in the perivenous one. Furthermore, the steatosis condition
induced by the free fatty acids could be prevented or reversed using a combination of the
drugs elafibranor and obeticholic acid, administered either in tandem with or after the
lipid-loaded medium.

Both of the abovementioned devices used a combination of hepatic cell types in their
devices; Ya et al. used primary mouse hepatocytes, LSECs, HSCs and Kupffer cells,
whereas Du et al. used HepaRG cells together with LX-2 cells and primary human LSECs.
It is worth noting that both groups observed self-assembly of capillary-like structures
formed by the LSECs within the 3D mass formed by the other cells. Such spontaneous
angiogenesis likely arose as a response to the combination of coculture of these hepatic
cell types under perfused conditions, highlighting the importance of both coculture and
perfusion. While Ya et al. observed a clear difference in this angiogenetic behavior for
different flow rates (and thereby different shear stresses) as well as different oxygenation
conditions, it is worth noting that similar angiogenesis was observed also by Du et al.
despite their chip being entirely gravity-driven. Similarly, both groups also observed bile
canaliculi forming in their devices. However, neither device has any practical means of
protecting the hepatocytes from excessive shear stress induced by flow. This is further
exemplified by the fact that too-high shear stresses were implicated by Ya et al. as a
reason for poorer viability and angiogenesis at higher flow rates in their device. As it
stands, both device designs expose all of the cell types present to the same degree of shear
stress, regulated only by presumed preferential flow through the spontaneously formed —
and thus not necessarily uniform — capillaries.

3D cultures of hepatic cells exist in other formats as well; for instance, Starokozhko et
al. [256] used both a porous solid scaffold bioreactor and a liver slice ”perifusion” chip for
culturing hepatocytes. In the former, they demonstrated the culture and differentiation of
iPSC-derived definitive endoderm cells into mature hepatocytes grown in perfused scaffolds
made of PDMS. These scaffolds were either made porous randomly by salt leaching or in
ordered configurations by casting the PDMS around preformed dissoluble materials. It
was found that the cells self-arranged into 3D clusters and cords in the scaffolds during
perfusion. As one of their comparison models, they also cultured primary human liver
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slices in a microfluidic system, previously described by van Midwoud et al. [257]. This
device consisted of 10 separate layers of PDMS, meant to contain precision-cut liver slices
in a perfused volume. The term ”perifusion” is used as the medium flow goes around
the slice but not actually through it. The chip supported 4 such slices for a period of
over three weeks [256]. Using the liver slice chip as benchmarks, which in turn had been
validated against well plate cultures of liver slices [257], Starokozhko et al. found the
hepatic functionality of the scaffold iPSC-hep culture to match that of the liver slices very
well.

Another interesting example of a 3D hepatocyte assembly is that described by Cui et al.
[258]. HepG2 cells and HUVECs were embedded in thin slices of cross-linked poly(ethylene
glycol) diacrylate and gelatin methacrylate, respectively, forming an outer layer of hepa-
tocytes and an inner layer of endothelial cells. These slices were then hydrodynamically
assembled, forming a hepatic cord which could be perfused from the inside. As with other
devices described above, albumin secretion was significantly increased compared to static
controls.

Overall, 3D cultures have proven advantageous over 2D ones, in that they allow cell-
cell contact and communication in a more in vivo-like manner. The tendency of hepatic
cells to self-organize and arrange into 3D mass as described above is of particular interest,
as this is also the fundament of spheroid and organoid culture.

3.3.6 Spheroid and organoid cultures

As discussed in the previous section, hepatocytes — and a number of other cell types —
can form 3D aggregates on their own under specific circumstances. This does not require
perfused microfluidic systems; indeed, two of the most common methods are hanging drop
culture and low-adherence well plate culture.

In the hanging droplet method, illustrated in figure 3.9, a single-cell suspension of
cells is deposited in the form of droplets onto a surface, such as the inside of a culture
dish lid [259–261]. The surface with the droplets is then inverted and placed upside-down,
with the droplets hanging down. Typically, a reservoir of aqueous solution or buffer is
placed underneath the droplets to prevent evaporation. Over time, the cells aggregate
into spheroids or sheets. In some cases, subsequent culture in shaker flasks is required.

Spheroids also tend to form when cells are cultured in specialized well plates with
rounded bottoms that are treated to minimize adherence [262]. Cells are seeded into
the wells in suspension and allowed to sediment, which forces the cells together into a
pile. Over time, as in the 3D culture devices, the cells typically form cohesive, spherical
aggregates.

As a side note, aggregation of stem cells or progenitor cells which are matured or
differentiated into mature cells are another way of achieving 3D clustering of organotypic
cells. Such structures are called organoids [263], and while they have great potential for in
vivo-like phenotypes, their need for differentiation makes them more difficult to culture.
The differentiation protocol and aggregation method matter greatly for the results, as
reviewed by Harrison et al. [264].

By comparison, spheroids (illustrated in figure 3.10) are an easy form of 3D culture,
as they aggregate with little to no need for external stimulus. Primary liver spheroids
consisting of multiple cell types have been shown to self-reorganize into domains of hep-
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slices in a microfluidic system, previously described by van Midwoud et al. [257]. This
device consisted of 10 separate layers of PDMS, meant to contain precision-cut liver slices
in a perfused volume. The term ”perifusion” is used as the medium flow goes around
the slice but not actually through it. The chip supported 4 such slices for a period of
over three weeks [256]. Using the liver slice chip as benchmarks, which in turn had been
validated against well plate cultures of liver slices [257], Starokozhko et al. found the
hepatic functionality of the scaffold iPSC-hep culture to match that of the liver slices very
well.

Another interesting example of a 3D hepatocyte assembly is that described by Cui et al.
[258]. HepG2 cells and HUVECs were embedded in thin slices of cross-linked poly(ethylene
glycol) diacrylate and gelatin methacrylate, respectively, forming an outer layer of hepa-
tocytes and an inner layer of endothelial cells. These slices were then hydrodynamically
assembled, forming a hepatic cord which could be perfused from the inside. As with other
devices described above, albumin secretion was significantly increased compared to static
controls.

Overall, 3D cultures have proven advantageous over 2D ones, in that they allow cell-
cell contact and communication in a more in vivo-like manner. The tendency of hepatic
cells to self-organize and arrange into 3D mass as described above is of particular interest,
as this is also the fundament of spheroid and organoid culture.

3.3.6 Spheroid and organoid cultures

As discussed in the previous section, hepatocytes — and a number of other cell types —
can form 3D aggregates on their own under specific circumstances. This does not require
perfused microfluidic systems; indeed, two of the most common methods are hanging drop
culture and low-adherence well plate culture.

In the hanging droplet method, illustrated in figure 3.9, a single-cell suspension of
cells is deposited in the form of droplets onto a surface, such as the inside of a culture
dish lid [259–261]. The surface with the droplets is then inverted and placed upside-down,
with the droplets hanging down. Typically, a reservoir of aqueous solution or buffer is
placed underneath the droplets to prevent evaporation. Over time, the cells aggregate
into spheroids or sheets. In some cases, subsequent culture in shaker flasks is required.

Spheroids also tend to form when cells are cultured in specialized well plates with
rounded bottoms that are treated to minimize adherence [262]. Cells are seeded into
the wells in suspension and allowed to sediment, which forces the cells together into a
pile. Over time, as in the 3D culture devices, the cells typically form cohesive, spherical
aggregates.

As a side note, aggregation of stem cells or progenitor cells which are matured or
differentiated into mature cells are another way of achieving 3D clustering of organotypic
cells. Such structures are called organoids [263], and while they have great potential for in
vivo-like phenotypes, their need for differentiation makes them more difficult to culture.
The differentiation protocol and aggregation method matter greatly for the results, as
reviewed by Harrison et al. [264].

By comparison, spheroids (illustrated in figure 3.10) are an easy form of 3D culture,
as they aggregate with little to no need for external stimulus. Primary liver spheroids
consisting of multiple cell types have been shown to self-reorganize into domains of hep-
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Figure 3.9: A schematic of the hanging drop method of spheroid generation. A droplet of cell
suspension is placed onto a flat substrate (top; cells are shown as red circles). The substrate is
inverted (middle) and the cells sediment, aggregate and form a spheroid over time (bottom).

atocytes, biliary cells and lumen [265]. Their viability and functionality were maintained
for up to 2 months in culture. This reorganization behavior is common in spheroids to an
extent [260], happening also in spheroids of other cell types. Spheroid cultures of primary
hepatocytes provide a more realistic, in vivo-like culture than corresponding 2D culture,
seen in e.g. response to hepatotoxic substances [266] and disease modeling [262, 266].

However, spheroids grown with either of the two methods above are essentially a static
form of 3D culture, which comes with innate limitations of its own. In 2D culture in well
plates and culture dishes, cells are in constant contact with the medium from which they
draw their nutrients. Oxygen is supplied through diffusion of incubator air into the liquid,
making the oxygen transport to the cells dependent only on the medium gas solubility
and height over the cells. Taking such a static culture into 3D adds the complexity of
transporting oxygen and nutrients into the 3D mass, as well as transporting out waste
products. This transport must take place through diffusion alone in a static culture,
which in turn imposes a size limit on the spheroids. Once a spheroid grows too large
and/or dense, diffusion of metabolites, nutrients and oxygen is hindered, and the spheroid
core turns necrotic [269, 270]. This is particularly problematic with proliferating cells, but
affects primary cells too if the spheroids are made too large. For HepG2 cells, the limit is
usually cited to be around 200-300 µm [271, 272].
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Figure 3.10: Example of spheroid culture: scanning electron microscopy (SEM) image of a multi-
cellular spheroid consisting of Chlorella cells. The scale bar corresponds to 10 µm. Image taken
from Xu et al. [267] under the CC BY 4.0 license [268].

Possible workarounds for the poor diffusion of oxygen is to increase the spheroids’
access to oxygen, either by using oxygen carriers in the medium [273] or by using a culture
platform permeable to air [274]. Still, such methods do not assist the transport of nutrients
or waste products to and from the spheroid core. Vascularizing the spheroids by including
endothelial cells and/or hydrogel matrices can help to some extent as it facilitates diffusion
to and from deeper-lying cells [269, 270, 275]. However, the transport of both oxygen,
nutrients and waste can be greatly helped by perfusion.

Perfusion stir tanks are one way to provide such stimulus. Tostoes et al. [276] cultured
primary human hepatocytes in a stir tank, and observed them readily form 3D aggregates.
These spheroids remained viable for over 3 weeks in culture and exhibited several promising
indicators of in vivo-like phenotype. The most prominent of these was the appearance of
cohesive and functional bile canaliculi, formed spontaneously by the spheroids in culture.

Similarly in vivo-like results have also been attained by culturing spheroids in mi-
crofluidic systems; in fact, numerous liver chips exist that use spheroids as a convenient
form of 3D culture. One of the earliest was that of Powers et al. [277], which relied
on well structures machined in silicon. The wells had a membrane at the bottom, and
medium was flowed both above and through the wells. Spheroids of primary rat liver cells
were seeded into the wells and cultured under perfusion, with modelled shear stress levels
of 10-35 mPa. Of the cells that formed the spheroids, the hepatocytes showed retained
microvilli, and the endothelial cells appeared to be fenestrated, both matching in vivo
characteristics.

As an alternative to the permanent well-based design of Powers et al., Maschmeyer et
al. [278, 279] developed a device that was amenable to cell culture both in direct contact
with the flow and on Transwell inserts. Cultures of HepaRG spheroids complemented with
stellate cells were combined with either intestinal or dermal cells for studying direct and
indirect effects of drug exposure. The liver cells were cultured in direct contact with the
flow, experiencing a median shear stress of approximately 70 mPa.
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Figure 3.9: A schematic of the hanging drop method of spheroid generation. A droplet of cell
suspension is placed onto a flat substrate (top; cells are shown as red circles). The substrate is
inverted (middle) and the cells sediment, aggregate and form a spheroid over time (bottom).

atocytes, biliary cells and lumen [265]. Their viability and functionality were maintained
for up to 2 months in culture. This reorganization behavior is common in spheroids to an
extent [260], happening also in spheroids of other cell types. Spheroid cultures of primary
hepatocytes provide a more realistic, in vivo-like culture than corresponding 2D culture,
seen in e.g. response to hepatotoxic substances [266] and disease modeling [262, 266].

However, spheroids grown with either of the two methods above are essentially a static
form of 3D culture, which comes with innate limitations of its own. In 2D culture in well
plates and culture dishes, cells are in constant contact with the medium from which they
draw their nutrients. Oxygen is supplied through diffusion of incubator air into the liquid,
making the oxygen transport to the cells dependent only on the medium gas solubility
and height over the cells. Taking such a static culture into 3D adds the complexity of
transporting oxygen and nutrients into the 3D mass, as well as transporting out waste
products. This transport must take place through diffusion alone in a static culture,
which in turn imposes a size limit on the spheroids. Once a spheroid grows too large
and/or dense, diffusion of metabolites, nutrients and oxygen is hindered, and the spheroid
core turns necrotic [269, 270]. This is particularly problematic with proliferating cells, but
affects primary cells too if the spheroids are made too large. For HepG2 cells, the limit is
usually cited to be around 200-300 µm [271, 272].
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Figure 3.10: Example of spheroid culture: scanning electron microscopy (SEM) image of a multi-
cellular spheroid consisting of Chlorella cells. The scale bar corresponds to 10 µm. Image taken
from Xu et al. [267] under the CC BY 4.0 license [268].

Possible workarounds for the poor diffusion of oxygen is to increase the spheroids’
access to oxygen, either by using oxygen carriers in the medium [273] or by using a culture
platform permeable to air [274]. Still, such methods do not assist the transport of nutrients
or waste products to and from the spheroid core. Vascularizing the spheroids by including
endothelial cells and/or hydrogel matrices can help to some extent as it facilitates diffusion
to and from deeper-lying cells [269, 270, 275]. However, the transport of both oxygen,
nutrients and waste can be greatly helped by perfusion.

Perfusion stir tanks are one way to provide such stimulus. Tostoes et al. [276] cultured
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These spheroids remained viable for over 3 weeks in culture and exhibited several promising
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Similarly in vivo-like results have also been attained by culturing spheroids in mi-
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form of 3D culture. One of the earliest was that of Powers et al. [277], which relied
on well structures machined in silicon. The wells had a membrane at the bottom, and
medium was flowed both above and through the wells. Spheroids of primary rat liver cells
were seeded into the wells and cultured under perfusion, with modelled shear stress levels
of 10-35 mPa. Of the cells that formed the spheroids, the hepatocytes showed retained
microvilli, and the endothelial cells appeared to be fenestrated, both matching in vivo
characteristics.

As an alternative to the permanent well-based design of Powers et al., Maschmeyer et
al. [278, 279] developed a device that was amenable to cell culture both in direct contact
with the flow and on Transwell inserts. Cultures of HepaRG spheroids complemented with
stellate cells were combined with either intestinal or dermal cells for studying direct and
indirect effects of drug exposure. The liver cells were cultured in direct contact with the
flow, experiencing a median shear stress of approximately 70 mPa.
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There are also spheroid-culture devices based on traditional well plate layouts, similar
to that used by Chen et al. [230]. One such example is the plate used by Kim et al.
[280]. Spheroids are loaded into individual chambers, which are in contact with a gravity-
driven flow but protected from the brunt of the shear stress by a barrier surrounding the
spheroid chamber. The device has the footprint of a well plate and consists of 11 lanes,
each consisting of 6 such wells that share one inlet and one outlet. Spheroids were formed
off-chip and loaded into the system manually. Albumin secretion was shown to increase
over time under perfusion, while in the static control the albumin secretion decreased over
time. Barrier-based chambers that are loaded separately have also been seen in several
other spheroid culture devices, such as that used by Ong et al. [281].

An interesting alternative to such devices are those in which the spheroids are formed
directly on-chip. One example is that of Ma et al. [282], illustrated in figure 3.11, which
consists of a flow channel with an array of 1080 microwells in the bottom layer. The two
can be separated by a Transwell insert in order to provide an endothelium-like barrier
against shear, but the device can also be operated without it. HepG2/C3A cells were
seeded into the device and sedimented into the rounded wells, which were pre-coated with
Pluronic gel to prevent adhesion. Spheroids formed readily and could be cultured either
in contact with the flow, or with the Transwell membrane separating the wells from the
flow. The shear stress values ranged from 0.1 µPa to 100 µPa with the membrane, with
the variations stemming from flow rate and well depth, and was 3-4 orders of magnitude
higher without the Transwell insert. Spheroid cultures under the membrane were found
to fare better than both those cultured without the membrane and those cultured in 2D
for comparison.

Similar devices have been employed by other groups as well. Lee et al. [283] describe
the fabrication and use of a comparable device with PDMS microwells for culturing liver
spheroids. While Ma et al. used two-step molding to create round-bottom wells, Lee
et al. used liquid meniscus formation of uncured PDMS to turn cylindrical wells into
round-bottom ones. They seeded primary rat hepatocytes in suspension into the chip and
observed spheroid formation in the wells. For coculture with stellate cells, those were
seeded in 2D in a separate chip which was connected upstream of the spheroid device.
Cocultures of these cells were found to show higher CYP450 activity and higher secretion
of hepatotypic markers than monocultures of hepatocytes. Furthermore, the paracrine
signaling of the stellate cells was found to enhance the formation of tight cell-cell junctions
in the hepatocyte spheroids, supporting their functionality.

Still others have demonstrated devices that support spheroid/aggregate formation
combined with 2D coculture of NPCs within the same chip. Okuyama et al. [284] devel-
oped a device centered around an array of microwells in a flow channel, similar to those
described above. The device was primed using a mixture of albumin, ethylene glycol and
glycerol, but because of the surface tension of the liquid, it did not enter the wells, coating
only the surrounding area. This hindered adherence of hepatocytes outside of the wells,
effectively patterning them only in the wells. After a few days of hepatocyte growth, the
nonadherent surface was washed with poly(ethyleneimine) to re-enable adherent cell cul-
ture. Fibroblasts could then be seeded around the wells, forming a hybrid 2D-3D culture.

As an alternative to spheroid formation in wells, it’s also possible to have them form
in droplets. Sart et al. [285] demonstrated a chip in which cells in droplets of agarose
solution were generated and trapped in microwells. After the cells had aggregated within
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Figure 3.11: A representation of the principle described by Ma et al. [282], shown from the side.
Top: cells (red circles) are allowed to sediment into round-bottom wells, eventually aggregating
into spheroids. Bottom: spheroid in microwell, separated from the flow in the medium channel
by an optional membrane (dashed line), making the exchange between wells and channel (dashed
arrows) more dependent on diffusion.

the droplets, the oil phase was replaced with medium. Like Okuyama et al., Sart et al.
show the possibility of combining hepatic spheroids with 2D NPC culture within the same
chip, achieved in the latter case by inserting them from opposite ends of the device.

All told, many of the benefits of 3D mass culture can be attained using spheroids as
well, with the additional benefit that they can be formed off-chip if needed. While static
spheroid culture in itself is limited by the difficulty of transporting oxygen, nutrients and
metabolites to and from the spheroid core by diffusion alone, perfused systems can go a
long way towards alleviating that problem.
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3.4 What the field needs

With the ability to culture hepatic cells in 3D and under flow, the field of livers-on-chips
is well equipped to offer a more physiologically relevant alternative to conventional, static,
2D culture. But the platforms described above all have room for improvement, in terms of
physiological relevance and/or practical utility. The culture systems must be amenable to
testing in order to verify their functionality on a level comparable to what can be attained
using conventional cell culture methods.

As described above, such a system should allow:

� 3D culture with retained polarity of the cells

� Coculture of several organotypic cell types, arranged in their respective physiological
manners

� Consistent and well-defined perfusion

� Shear stress within the physiological range

A number of the systems described above notably support this. Both 3D mass cultures
and spheroid cultures retain a 3D cell-cell contact environment wherein cells can self-
arrange based on polarity and cell type. 2D cultures, such as many membrane-based
devices, fall short in this regard.

Regarding coculture, 2D cultures are more dependent on sequential layering than 3D
mass cultures are, as cells in the latter can rearrange more readily.

Perfusion and shear stress are matters of fluidic design and can be attained in most
of the systems described above, but the exactness of the values varies with how well they
are validated, and whether that is done by simulation or experiment. The difficulty lies in
accurately modelling the perfusion of cell masses such as spheroids, which may vary in size
and density — particularly if they consist of multiple cell types. Spheroid-based devices
are also generally made for holding spheroids individually, limiting their size to what is
imposed by the system. If allowed to grow unchecked, on the other hand, spheroids tend to
turn necrotic at the cores. Even vascularized spheroids under flow may not necessarily have
a physiological level of internal perfusion as, depending on the device structure and the
size of the vasculature, medium may primarily flow around the spheroids. In such cases,
diffusion rather than advection becomes the predominant mode of bringing nutrients into
the spheroids.

What 3D mass cultures have as main benefit over spheroid cultures is that 3D mass
culture systems are typically designed with perfusion of a larger tissue volume in mind.
Devices like those described by Lee, Gori, Ong and Toh [7, 247, 250, 251] are designed to
mimic the zonated sinusoid of one cohesive liver mass, enabling signaling directly between
cells in a larger, yet perfused, volume. This allows such a system to be upscaled to mimic
a larger portion of an organ and retain more in vivo-like signaling and interaction as
compared to spheroid chips.

Such 3D mass systems are relatively rare, however. A large portion of the devices
presented in recent literature are of the kinds described above. Many varieties of commer-
cially available devices, from companies like Emulate, Mimetas, NortisBio and TissUse
rely either on membrane-separated 2D or quasi-3D cultures, or on spheroids kept in direct
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perfusion (see, for example, reviews by Gough et al. [286] and Chen et al. [287]). There
seems to be relatively little work done to expand on the principles of the 3D mass culture
chips, such as those described by Lee et al. in 2007 [247]. Others, like Ong and Toh, have
enlarged the design and tweaked it slightly, but the core is the same: a straight channel
filled with hepatocytes, flanked by perfused flow on the other side of a perforated barrier
wall.

One example of a 3D mass device that actually expands on the principles of Lee et
al is the device described by Banaeiyan et al. [1], described in detail in Chapter 4. It
is a two-layer PDMS device consisting of lobule-like hexagonal culture chambers. Like
the devices of Lee et al. and others, it separates medium flow from cell culture areas by
means of a perforated barrier wall. However, rather than being a single narrow lane, it
consists of wide chambers for 3D culture, with sinusoid-like indentations to ensure sufficient
perfusion of the chambers. The device has been proven successful in culturing both HepG2
cells and iPSC-derived hepatocytes for prolonged times, showing increased albumin and
urea secretion compared to static controls.

Based on the specifications above for a physiologically relevant liver model, it is clear
that the different culture systems outlined in section 3.3 each meet some of the require-
ments but not all. A handful of representative culture systems are listed in table 3.1,
highlighting their strengths and weaknesses.

As can be seen, none of the abovementioned device types fulfills all the conditions, but
devices such as those of Lee et al. and Banaeiyan et al. hold great potential, lacking only
the coculture aspect. However, thanks to the separation of low-shear hepatocyte culture
areas and high-shear medium flow areas, physiologically relevant coculture of hepatocytes
and endothelial cells is possible. The device of Banaeiyan et al. also features broad cell
culture areas surrounded by medium channels, allowing large-scale culture of hepatocytes
in a single device. The chambers each have indentations corresponding to sinusoids, in-
creasing the number of cells that are in close proximity to the medium. Such a structure
also allows the device to mimic zonation in two lateral dimensions as medium can seep
in both from outside the lobule-like chambers and from the sinusoid, thus mimicking an
entire lobule. This is illustrated in figure 3.12.
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Figure 3.12: Left: Part of the device designed by Banaeiyan et al. [1], illustrating the flow of
medium (red arrows) from the inlet (top right) and around the hexagonal cell culture chambers.
The medium is able to enter the chambers by diffusing through the barrier walls (black dashed
arrows), and the presence of sinusoid mimetics allow a two-dimensional concentration gradient
to arise across the chambers. Right: an illustration of the zonation gradient that arises in the
chambers as medium is able to enter both from the main medium channel and from the sinusoid
mimetic channels. The concentration of medium solutes that are consumed by the cells, such
as glucose, thus effectively depends on a given cell’s distance from the barrier wall, which is a
two-dimensional coordinate in the device.

By contrast, the device type pioneered by Lee et al. models a sinusoid 50 µm in width,
having the medium flowing near a hepatic cord rather than around a larger culture area.
As such, even though the cells form a 3D- or quasi-3D arrangements in the sinusoid device,
the device does not mimic zonation by permeation into the chamber. The zonation, driven
by variations in metabolite and solute concentration, depends more strongly on a given
cell’s placement along the medium channel than its lateral distance from the medium
channel. The lobule-mimicking device of Banaeiyan et al., by contrast, makes the cells’
relative distances to the medium channel vary in two dimensions, allowing a more stringent
and in vivo-like zonation mimicry.

Therefore, with its physiology-based dimensions and culture environment, the device
presented by Banaeiyan et al. meets the criteria given above for a liver microphysiological
system.

The device of Banaeiyan et al. serves as the starting point for the work described
in this thesis. Chapter 4 summarizes the work performed to further validate the system,
by means of iPSC-derived definitive endoderm culture and several forms of on-chip assay
methods. Chapters 5-6 describe the work that was performed in order to improve upon the
device from Chapter 4. All of this work has been carried out to develop, characterize and
validate a liver chip system based on perfused 3D mass culture of hepatocytes, intended
to fill the need of a physiologically relevant culture system for hepatocytes in vitro.
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Figure 3.12: Left: Part of the device designed by Banaeiyan et al. [1], illustrating the flow of
medium (red arrows) from the inlet (top right) and around the hexagonal cell culture chambers.
The medium is able to enter the chambers by diffusing through the barrier walls (black dashed
arrows), and the presence of sinusoid mimetics allow a two-dimensional concentration gradient
to arise across the chambers. Right: an illustration of the zonation gradient that arises in the
chambers as medium is able to enter both from the main medium channel and from the sinusoid
mimetic channels. The concentration of medium solutes that are consumed by the cells, such
as glucose, thus effectively depends on a given cell’s distance from the barrier wall, which is a
two-dimensional coordinate in the device.

By contrast, the device type pioneered by Lee et al. models a sinusoid 50 µm in width,
having the medium flowing near a hepatic cord rather than around a larger culture area.
As such, even though the cells form a 3D- or quasi-3D arrangements in the sinusoid device,
the device does not mimic zonation by permeation into the chamber. The zonation, driven
by variations in metabolite and solute concentration, depends more strongly on a given
cell’s placement along the medium channel than its lateral distance from the medium
channel. The lobule-mimicking device of Banaeiyan et al., by contrast, makes the cells’
relative distances to the medium channel vary in two dimensions, allowing a more stringent
and in vivo-like zonation mimicry.

Therefore, with its physiology-based dimensions and culture environment, the device
presented by Banaeiyan et al. meets the criteria given above for a liver microphysiological
system.

The device of Banaeiyan et al. serves as the starting point for the work described
in this thesis. Chapter 4 summarizes the work performed to further validate the system,
by means of iPSC-derived definitive endoderm culture and several forms of on-chip assay
methods. Chapters 5-6 describe the work that was performed in order to improve upon the
device from Chapter 4. All of this work has been carried out to develop, characterize and
validate a liver chip system based on perfused 3D mass culture of hepatocytes, intended
to fill the need of a physiologically relevant culture system for hepatocytes in vitro.
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Chapter 4

Optimizing the Very Large-Scale
Liver Lobule-on-a-Chip

A
s described at the end of Chapter 3, the work described in this thesis began from the
Very Large-Scale Liver Lobule-on-a-chip (VLSLL), as shown by Banaeiyan et al. [1].

This chapter covers the work that I performed using that device, but first, the device itself
is summarized. The work shown in section 4.1 was performed by Banaeiyan et al., whereas
section 4.2 and onwards describe work that I carried out. Parts of the on-chip cell culture
described in section 4.2.2.4 were performed with some assistance from Dr. Muhammad
Asim Faridi.

Parts of this chapter have been adapted from my previously published licentiate thesis
[15].

4.1 The VLSLL device

The VLSLL device is a two-layer construct, with the bottom layer comprising the cell
culture chambers and the upper layer containing seeding ports, medium inlet and super-
natant collection outlets. The bottom layer consists of 18 hexagonal chambers for cell
culture, each one surrounded by a double barrier wall perforated by diffusion channels.
The medium that enters the device flows in a network of narrow channels around the
chambers. The barrier wall limits the shear stress of the flow from impacting the cells in
the chambers, allowing a diffusion-dominated mass transport from the medium channels
to the chambers. In that way, it mimics the working principle of the device presented by
Lee et al. [247].

The diffusion channels are 2 x 2 µm in size, spaced 20 µm apart along the wall and
measuring 50 µm in length per barrier layer, as shown in figure 4.1. The chambers are
hexagonal with a side length of 1 mm, comparable in size to the lobules in vivo [11],
and the center of each chamber has a 450 µm aperture at the top for cell seeding and
supernatant outlet. Each chamber also has six long indentations, 70 µm wide and 750
µm in length, which correspond to the liver sinusoid. Their function is to allow diffusion-
dominated mass transport also to the center of the chambers. Supernatant leaves each
chamber both by diffusion out into the surrounding medium and by exiting through the
seeding aperture at the center of each chamber.
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Figure 4.1: Schematic of the VLSLL device at different scales. Left: The chambers (red) surrounded
by the medium (pale green) form a hexagonal array in the device. The medium inlet is at the
center of the pattern. Center: When in operation, the device is pumped with medium which
flows around the chambers (magenta arrows). The medium in the channels is in contact with the
medium inside the chambers by means of diffusion, allowing medium solutes to diffuse into the
chambers (blue arrows) through the microchannels in the barrier wall (white). Supernatant can
also flow out through the central vein mimetic at the center of the chamber. Right: Dimensions
of the barrier wall. The figure is based on illustrations by Amin Banaeiyan.

The medium inlet lies at the very center of the device, surrounded by the cell culture
chambers. The medium flows radially outwards around the chambers, whereupon it is
diverted towards supernatant collection reservoirs, one at each of the short sides of the
device. The bottom layer measures 60 µm in height and has a total volume of 11.1 µl,
with the chamber volume being 3.6 µl in total, 0.2 µl per chamber. Each chamber has a
bottom surface area of approximately 3.33 mm2.

The top layer consists of three separate channels: a medium inlet channel that leads
medium from the pump inlet connector to the center of the chamber array, and two
opposed branching channels that serve as seeding paths. Each seeding channel links an
inlet connector to the center of 9 separate chambers, each one ending above the seeding
aperture of a chamber in the bottom layer. The top layer channels measure 100 µm in
height. The top and bottom layers are shown in figure 4.2.

The device was simulated using COMSOL Multiphysics (Comsol Inc., Stockholm, Swe-
den) under laminar flow with no-slip boundary conditions to determine the spreading of
a model solute (glucose) over time and the shear stress inside and outside the chamber.
Simulations were carried out on a 2D model of the device featuring a single hexagonal
chamber, with a flow rate of 1 µl/min.

The device master mold was fabricated using SU-8 photoresist on silicon wafers. The
bottom layer wafer was patterned in three sequential steps to define the diffusion barrier
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Figure 4.2: Illustrations of the very large-scale liver lobule-on-a-chip, shown split up into the
seeding layer (A) and the culture layer (B) as well as combined (C) and filled with food dyes.
In the latter image, the medium inlet (1), seeding ports (2) and collection outlets (3) are also
indicated. Figure adapted from the work of Amin Banaeiyan.

channels, the medium network and chambers, and the apertures in the chamber centers,
respectively. The top layer wafer was patterned once with SU-8.

Devices were cast in PDMS (Sylgard 184, Dow Corning, Midland, Michigan, USA),
with ratios of polymer base to crosslinker that were 5:1 for the bottom layer and 15:1
for the top layer, respectively. The bottom-layer wafer was spin-coated with PDMS to
achieve a layer thickness of approximately 400 µm. The bottom layer wafer was covered
with PDMS to a height of approximately 4 mm. After curing, the device was assembled
by bonding the bottom layer to a glass slide and the top layer to the bottom one, both
using air plasma treatment followed by thermal curing.

Prior to use, each device was cleaned from debris using 70% ethanol, then rendered
hydrophilic by exposure to oxygen plasma, and finally stored under vacuum in a desiccator
overnight to degas the PDMS.

In the paper, Banaeiyan et al. validated the device with both HepG2 cells and iPSC-
derived hepatocytes. The latter were seeded into the device as immature hepatocytes
and underwent the last stage of maturation on-chip. Cells were monitored by qualita-
tive fluorescent staining for viability (Live/Dead assay kit, L3224, Thermo Fisher Scien-
tific, Waltham, Massachusetts, USA) and bile canaliculi (CDFDA, 21884, Sigma-Aldrich,
Burlington, Massachusetts, USA), and quantitative measurements were performed for al-
bumin secretion and urea synthesis. The cultures were maintained for 14 (HepG2) and 21
(iPSC-H) days, respectively.

HepG2 cells cultured in the device were observed to form tissue-like structures after
one day of culture, and viability was confirmed up to 14 days using calcein AM staining.
iPSC-derived hepatocytes were found to start exhibiting 3d clustering over time, displaying
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Devices were cast in PDMS (Sylgard 184, Dow Corning, Midland, Michigan, USA),
with ratios of polymer base to crosslinker that were 5:1 for the bottom layer and 15:1
for the top layer, respectively. The bottom-layer wafer was spin-coated with PDMS to
achieve a layer thickness of approximately 400 µm. The bottom layer wafer was covered
with PDMS to a height of approximately 4 mm. After curing, the device was assembled
by bonding the bottom layer to a glass slide and the top layer to the bottom one, both
using air plasma treatment followed by thermal curing.

Prior to use, each device was cleaned from debris using 70% ethanol, then rendered
hydrophilic by exposure to oxygen plasma, and finally stored under vacuum in a desiccator
overnight to degas the PDMS.

In the paper, Banaeiyan et al. validated the device with both HepG2 cells and iPSC-
derived hepatocytes. The latter were seeded into the device as immature hepatocytes
and underwent the last stage of maturation on-chip. Cells were monitored by qualita-
tive fluorescent staining for viability (Live/Dead assay kit, L3224, Thermo Fisher Scien-
tific, Waltham, Massachusetts, USA) and bile canaliculi (CDFDA, 21884, Sigma-Aldrich,
Burlington, Massachusetts, USA), and quantitative measurements were performed for al-
bumin secretion and urea synthesis. The cultures were maintained for 14 (HepG2) and 21
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HepG2 cells cultured in the device were observed to form tissue-like structures after
one day of culture, and viability was confirmed up to 14 days using calcein AM staining.
iPSC-derived hepatocytes were found to start exhibiting 3d clustering over time, displaying
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bile canaliculus-like structures starting from day 8. Albumin secretion and urea synthesis
remained stable in both cultures over the culture period, with the iPSC-derived hepato-
cytes producing more albumin and urea in the devices than in well plate controls for a
majority of the culture period.

All the assays mentioned above are explained in the following sections.

4.2 On-chip differentiation in the VLSLL device

The environment that the VLSLL device provides was deemed to be more physiologically
relevant than the static 2D control cultures. This was considered to be the main reason
why the device culture outperformed the well plate culture in terms of albumin and urea
secretion as well as by supporting the formation of bile canaliculi. As such, it was hypoth-
esized that letting the cells undergo a more significant part of their differentiation on-chip
would result in an even more mature and in vivo-like phenotype than what was shown
above.

In the paper by Banaeiyan et al., immature iPSC-derived hepatocytes were matured
on-chip, but most of the differentiation had been done by the manufacturer prior to ship-
ping the cells. With the device being validated both with a cell line and with iPSC-derived
hepatocytes, a more complete on-chip differentiation was chosen as the next step. In the
planned on-chip differentiation experiment, a larger portion of the differentiation from
iPSC to hepatocyte would be performed on-chip. It was hypothesized that the earlier
exposure to low-level shear stress and continuous nutrient supply would generate a dif-
ferentiated phenotype displaying more mature traits and potentially zonation within the
chambers. This is where the work described in this thesis begins.

The differentiation of iPSCs to hepatocytes is a complex process and can be realized
in several different ways using different protocols, relying on growth factors, cytokines and
small molecular compounds in various combinations [99, 101, 288–293]. The overarching
differentiation pathway is typically described as having a few distinctive steps, though the
number of steps vary slightly between protocols. Starting from pure iPSCs, cells develop
into endoderm, then undergo hepatic specification. The cells are then differentiated further
into immature and finally mature hepatocytes. In the prior published work with the
VLSLL device [1], cells only underwent the final maturation step on-chip, leaving the
question open whether a more extensive on-chip differentiation would be favorable.

Results supporting this hypothesis were found by Schepers et al. [290] in spheroid
encapsulation culture, where the starting stage of on-chip differentiation mattered greatly
for the hepatic phenotype attained. While in their case it was hypothesized that the effect
stemmed from the disruption of 3D junctions, other publications of on-chip differentiation
[232, 256, 289, 291] vary greatly with regard to the state of differentiation upon seeding.

As such, it was decided that a differentiation of iPSC-derived definitive endoderm cells
would be attempted on-chip for evaluation. Once that had been accomplished, further
studies could be carried out on the differentiated hepatocytes, such as drug metabolism
assays, disease modeling on-chip, co-cultures of different liver cell types, and culture under
different levels of oxygenation.

4.2 On-chip differentiation in the VLSLL device 65

4.2.1 Materials and methods

For the differentiation experiments, iPSC-derived definitive endoderm (DE) cells based on
the ChiPSC18 iPSC cell line were chosen (Y10040, Takara Bio Europe AB, Gothenburg,
Sweden). The ChiPSC18 line is derived from human skin fibroblasts from a healthy donor
and reprogrammed to pluripotency using retroviral transfection [294, 295]. The cells had
been differentiated from iPSC to DE prior to delivery.

The differentiation was carried out using a ready-made kit for differentiation of DE
into hepatocytes (Y30050, Takara Bio Europe AB, Gothenburg, Sweden). The kit con-
sisted of coating solution and four types of medium (seeding, progenitor, maturation, and
maintenance media), which were to drive the differentiation.

In order to evaluate the differentiation on-chip, a number of assay methods were se-
lected and adapted, mostly from Banaeiyan et al. [1] and Si-Tayeb et al. [99]. In the
following sections, they are explained briefly; their protocols are summarized further be-
low.

4.2.1.1 Live/Dead assay

A Live/Dead assay kit for mammalian cell culture (L3224, ThermoFisher) was used to
evaluate cell viability both qualitatively and quantitatively. The kit consists of solutions
of calcein AM and ethidium homodimer, which exhibit distinctive fluorescent signals in
contact with living and dead cells, respectively. Calcein AM (acetoxymethyl ester) is a
non-fluorescent, cell-permeant compound that can be cleaved into calcein by intracellular
esterases [296–298]. Once cleaved, the calcein is retained in the cell and becomes fluo-
rescent with excitation/emission peaks around 495/515 nm. As its cleavage depends on
intracellular products and it remains inside the cell once cleaved, it is used as an indi-
cator of membrane integrity and cell viability. Its counterstain, ethidium homodimer-1
(EthD-1), is membrane-impermeant and only enters dead cells with damaged cell mem-
branes [299]. It is faintly fluorescent in its normal form but undergoes a 40-fold increase in
fluorescence intensity once it binds to DNA. As such, it is a nuclear stain that distinctly
stains dead cells. Its excitation/emission peaks are at 528/617 nm.

4.2.1.2 Immunofluorescent staining

Immunofluorescence (IF) is a technique for visualizing intracellular components in samples
of cultured cells, showing their presence as well as their localization (cytosolic vs. nuclear).
The IF staining performed as part of this thesis was adapted from Si-Tayeb et al. [99], and
consisted of fixation, permeabilization, blocking of non-specific binding, and two sequential
antibody treatments.

As the antibody compounds need to permeate the cell membrane, and in some cases
also the nucleus, immunofluorescence is typically not performed on living cells. Instead, the
cells undergo fixation prior to staining. Fixation is terminal for the cells but preserves the
cellular structure while preventing the degradation of intracellular components that could
have happened if the cells had died naturally. Fixation preserves these components even
after the cell membrane loses integrity [300], thus allowing antibodies and other reagents to
enter the cell through diffusion. Sample fixation was performed using paraformaldehyde.
Other fixatives exist as well, such as methanol and acetone, each with their own benefits.
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A discussion regarding the positives and negatives of different fixatives can be found in,
e.g., the book by Jalali et al. [300].

Permeabilization reduces the integrity of the membranes of fixed cells. This allows
the subsequent agents and antibodies to permeate the cell membrane as well as intracel-
lular organelle membranes. Triton X-100 was used to permeabilize cell samples. Other
commonly used permeabilization reagents include Tween-20, sodium dodecyl sulfate, and
saponin. Certain fixatives, such as acetone, also permeabilize the cell membrane.

A number of factors can cause an antibody to bind to other molecules than their
target antigen, with examples ranging from residual fixative solution to trapping of the
antibody in hydrophobic structures on various other antigens. Incubating the sample with
a blocking solution after permeabilization is a way to prevent the antibodies from binding
to such non-specific binding sites, as these sites largely get occupied by the proteins of the
blocking agent instead. Depending on the experiment, donkey serum or dry milk solution
were used.

Antibodies are generally Y-shaped molecules, consisting of regions called light and
heavy chains [301]. The prongs of the Y-shape, the fragment antibody binding domains
(Fabs) recognize and bind to specific epitopes on the target antigen, whereas the Fc
terminal (fragment crystallizable, the bottom end of the Y-shape) is able to bind to a
variety of receptor molecules [302]. Antibodies are produced in vivo as a response to
infections and pathogens, but non-pathogenic xenobiotics such as macromolecules can
also trigger the production of antibodies [303].

Polyclonal antibodies are produced by immunizing a host animal against the desired
antigen, triggering an immune response that produces antibodies. These can then be
extracted from the animal’s serum and purified. Polyclonal antibody lots can recognize
numerous epitopes on a single antigen and are therefore less specific than monoclonal
antibodies. The lower specificity means that polyclonal antibodies have a higher risk of
non-specific binding.

Conversely, monoclonal antibodies recognize only one single epitope on an antigen, in-
creasing their specificity. Following immunization of the host animal, antibody-producing
lymphocytes are extracted and fused with immortalized myeloma cells. Individual hy-
bridized cells are then isolated and allowed to proliferate, creating colonies that produce
highly specific antibodies. As the individual colonies have a single origin, the antibodies
produced by the cells in that colony all target the same epitope. As long as the colonies are
kept going, the antibodies produced will target the same epitope, limiting batch variability
compared to polyclonal antibodies.

Blocking is of importance in immunoassays as antibodies can otherwise adsorb to loca-
tions beside the target antigen. This non-specific binding is not due to lacking specificity
of the antibodies but rather because of physical adsorption of the antibody onto surfaces
and proteins, which in turn can stem from properties such as surface charge or hydropho-
bicity [304]. Blocking sera and solutions contain molecules that would similarly bind to
non-specific binding sites, occupying the sites to hinder antibodies from attaching there.

Immunofluorescence is typically divided into direct and indirect IF [300]. In direct
IF, the sample is labeled with a single antibody that is conjugated with a fluorescent
compound. In indirect IF, the sample is first exposed to an unconjugated antibody that
reacts with the target antigen, then exposed to a second antibody type that targets the
first antibody. This way, multiple secondary antibodies can bind to the same primary
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antibody. As it is the second one that is conjugated with the fluorophore, this leads to
a stronger fluorescent signal. The main drawback of indirect IF is that the process takes
longer time and more work than using a single antibody. In the scope of this work, indirect
IF was used. Negative controls were exposed to secondary antibody only; double negative
controls were exposed to both primary and secondary antibody at a time when the sample
was not expressing the target antigen.

All samples that were IF-stained were also counterstained with a nuclear stain called
DAPI (4’,6-diamidino-2-phenylindole). DAPI is a dye that binds to DNA regions that are
rich in adenine and thymine, forming a fluorescent complex as it attaches [305]. As such,
it is a reliable way to stain nuclei of fixed cells, regardless of whether they express a given
antigen or not. The excitation/emission peaks of bound DAPI are approximately 340/445
nm.

4.2.1.3 CDFDA

5(6)-carboxy-2’,7’-dichlorofluorescein diacetate (CDFDA) is a non-fluorescent compound
that is taken up by viable hepatocytes, similar to calcein AM [306]. Once cleaved by
intracellular esterases into 5(6)-carboxy-2’,7’-dichlorofluorescein (CDF), it turns fluores-
cent with excitation/emission peaks at 495/529 nm [307]). CDF is excreted by viable,
functional hepatocytes into the bile canaliculi via the Mrp2 protein. As the formation
of bile canaliculi in vitro is a sign that hepatocytes have retained their polarity and self-
arranged, CDFDA can be used to indicate such hepatic functionality. It has been observed
that CDF is excreted into canaliculus-like structure in both iPSC-derived [1] and primary
[276] hepatocytes.

Because of the nature of the stain, CDFDA staining is carried out on live cells rather
than fixed ones. As such, DAPI staining is less suitable due to its relatively low degree of
intact-membrane permeation [308]. An alternative is Hoechst 33342, which is non-toxic
and readily passes across intact cell membranes [309]. Hoechst has excitation/emission
peaks at 361/497 nm [310]. Like DAPI, it binds to DNA, preferentially to adenine- and
thymine-rich regions.

4.2.1.4 Periodic acid & Schiff staining

Glycogen that is stored in hepatocytes can be visualized and detected by staining with
periodic acid and Schiff’s reagent (PAS) [311–313]. Periodic acid oxidizes the glycogen
to aldehyde compounds, which subsequently react with the Schiff’s reagent. This turns
the reaction product a distinctive magenta/purple color. Samples require fixation before
staining, and counterstaining was carried out using hematoxylin. Control samples are
treated with diastase prior to staining to break down and wash out glycogen.

4.2.1.5 Albumin ELISA

Enzyme-linked immunosorbent assay (ELISA) is a quantitative form of analysis to deter-
mine the concentration of an analyte in a sample [314, 315]. The method used in this
thesis is called sandwich ELISA, and that is what is described here. A well plate is first
pre-coated with a capture antibody that targets the analyte in question, which in this case
is albumin. The antibodies are then blocked against non-specific binding in the same way
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rich in adenine and thymine, forming a fluorescent complex as it attaches [305]. As such,
it is a reliable way to stain nuclei of fixed cells, regardless of whether they express a given
antigen or not. The excitation/emission peaks of bound DAPI are approximately 340/445
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and readily passes across intact cell membranes [309]. Hoechst has excitation/emission
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Glycogen that is stored in hepatocytes can be visualized and detected by staining with
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to aldehyde compounds, which subsequently react with the Schiff’s reagent. This turns
the reaction product a distinctive magenta/purple color. Samples require fixation before
staining, and counterstaining was carried out using hematoxylin. Control samples are
treated with diastase prior to staining to break down and wash out glycogen.

4.2.1.5 Albumin ELISA

Enzyme-linked immunosorbent assay (ELISA) is a quantitative form of analysis to deter-
mine the concentration of an analyte in a sample [314, 315]. The method used in this
thesis is called sandwich ELISA, and that is what is described here. A well plate is first
pre-coated with a capture antibody that targets the analyte in question, which in this case
is albumin. The antibodies are then blocked against non-specific binding in the same way
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as in IF. When the sample is subsequently added to the wells, the present albumin will
bind to the antibodies in the well, even as the sample is removed. A second antibody is
added which also targets albumin, binding to it. The secondary antibodies are conjugated
with the enzyme horseradish peroxidase (HRP). When the secondary antibody solution is
removed, a benzidine compound is added which is oxidized by the HRP. The oxidization
yields a change in color which is proportional to the quantity of HRP present, and by
extension the amount of analyte captured by the antibodies. This color change can be
read by a spectrophotometer to establish analyte concentrations. The sandwich ELISA
method was used to quantify the amount of albumin secreted by cultured hepatocytes
in several experiments in this thesis. Supernatant was collected from well plates upon
medium change. Devices were outfitted with supernatant collection reservoirs, which were
sampled for analysis with ELISA at set intervals.

4.2.1.6 qPCR

Quantitative polymerase chain reaction (qPCR) is a tool for quantitatively or semiquanti-
tatively measuring the expression of specific genes in a cell sample [316]. PCR in general
is commonly used to amplify DNA (or RNA in the case of reverse transcription qPCR,
RT-qPCR) from a sample.

The principle of PCR is based on thermal dissociation and recombination of DNA
[317]. The PCR reaction requires the sample DNA to be amplified as well as two primers,
DNA polymerase, a PCR buffer solution, and the deoxyribonucleotides that will make up
the new strands of DNA.

When double-stranded DNA is heated to temperatures of approximately 95◦C, the
hydrogen bonds that hold the strands together detach, resulting in two strands of com-
plementary single-stranded DNA. This step is called melting.

The temperature is then decreased to 45-60◦C (depending on the primers) to allow the
primers in the solution to attach to the single-stranded DNA molecules. The primers are
short (often 18-24 bases), unique, single-stranded DNA sequences that mark the beginning
and end of the sequence to be replicated. These primers need to bind, one to each of the
single-stranded DNA strands, before the amplification can begin. This is called annealing.

Once the primers have bonded with the DNA template, the temperature is raised
again, and the enzyme DNA polymerase begins to fill the space between the primers with
nucleotides. This commonly occurs at rates of approximately 1000 base pairs per minute,
with variations depending on the specific polymerase and temperature. The temperature
of this step depends on the polymerase used. As the nucleotides can only bind together
in specific pairings (adenine to thymine and cytosine to guanine), the polymerase binds
complementary bases to each single-stranded DNA. This final step is called elongation.

The PCR solution often also contains magnesium chloride, which can affect the yield
and specificity of the reaction. Likewise, the use of a PCR buffer is important for the
efficiency of the polymerase reaction. The compositions of such buffers vary; see, for
example, the book by Pestana et al. [317].

The resulting DNA molecules are then heated up to melting temperature again to
repeat the process. By cycling the temperature, an exponential amplification of DNA is
achieved. The efficiency of the reaction determines the likelihood for each single-stranded
DNA to generate a copy [316] and follows the equation
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Nn = N0 · (1 + E)n (4.1)

where Nn is the number of copies of the DNA after n cycles, N0 was the starting number
of copies, and E is the efficiency, ranging from 0 to 1.

As the efficiency of the reaction is dependent not only on the primers and DNA tem-
plates but also on the availability of nucleotides, after a number of cycles the efficiency will
decrease and the copying rate is no longer exponential [317]. The equation stated above
therefore no longer holds for the reaction. Once the reaction plateaus and is terminated,
DNA is typically analyzed by gel electrophoresis, but since the amount of DNA produced
depended on a depleting resource, it is no longer directly linked to N0 or n.

If the time of the elongation step is too short, the full length of the intended sequence
may not be filled in, meaning that primer annealing sites may be missing from the produced
copies. As such, it would take another thermal cycle before a complete copy can be
achieved from each single-stranded DNA, impacting the amplification as per the equation
above.

Quantitative real-time PCR (qPCR) was developed to get a quantitative measurement
of the DNA during the exponential part of the process. In qPCR, the DNA is coupled
with fluorescent markers of various kinds. One form of marker is DNA-binding dyes
such as SYBR Green I, which binds to double-stranded DNA and turns fluorescent, thus
making sample fluorescence proportional to the total DNA quantity. Another option is
the use of fluorescent probes such as TaqMan, which is based on oligonucleotides that
become integrated in the newly formed double-stranded DNA. These oligomers carry one
fluorescent tag and one fluorescence quencher, but the fluorescent tag is cleaved off by
the DNA polymerase. As the tag is removed from the proximity of the quencher, the
fluorescence is no longer quenched, and the fluorescence of the sample thus increases for
every oligonucleotide that is used — and thus ideally for every new double-stranded DNA
copy. As the fluorescence of the sample scales with the DNA yield in both cases, it is
possible to use either one to quantify the amount of DNA amplification.

It is also possible to analyze RNA rather than DNA from a sample. Messenger RNA
(mRNA) quantities in a cell culture correspond to the relative expression of correspond-
ing genes, and thus offers different information than DNA quantities from a given sample.
mRNA can be used as a base template during PCR as well, but requires a reverse transcrip-
tion stage first. In this stage, the mRNA strand is combined with deoxyribonucleotides by
the enzyme reverse transcriptase to form a double-stranded complementary DNA (cDNA),
which can then undergo amplification through qPCR as described above. Typically, rel-
ative expression quantification relies on having a control gene to compare the expression
with. Such a control gene is called a housekeeping gene.

4.2.1.7 Fluorescence and fluorescence microscopy

Fluorescence, in simple terms, is a process involving a molecule’s absorption of light and
emission of less energetic light [318]. Fluorescent molecules (often termed fluorophores) can
absorb incident photons when the photon energy matches the energy difference between the
fluorophore’s current electronic state (generally the ground state) and one of its multiple
excited states, as illustrated in figure 4.3. Owing to the complexity of the molecule, the
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Fluorescence, in simple terms, is a process involving a molecule’s absorption of light and
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absorb incident photons when the photon energy matches the energy difference between the
fluorophore’s current electronic state (generally the ground state) and one of its multiple
excited states, as illustrated in figure 4.3. Owing to the complexity of the molecule, the
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fluorophore has not only purely electronic excited states but also vibrational and rotational
modes, to which electrons can be excited.

As such, a fluorophore can absorb light of a wavelength that raises a valence electron
from the ground state to an excited one both in electronic and vibrational/rotational
terms. From such a state, the electron can relax to the lowest vibrational and rotational
state, transferring the energy nonradiatively to the surrounding medium. The remaining
energy difference between the excited state and the ground state (with its rotational and
vibrational energy levels) is emitted as a photon when the electron is de-excited. As
energy has been lost to nonradiative transfer during the relaxation, the emitted photon
has a lower energy and thus longer wavelength than the absorbed one. This change is
called Stokes shift, and the whole process is termed fluorescence.

The short lifetime of the excited states (in the range of micro- to picoseconds) broadens
the energy levels from discrete lines to continuous profiles because of the time-energy
uncertainty principle. Together with the closely spaced vibrational and rotational energy
states of most fluorophores, their excitation and emission spectra form continuous profiles
rather than clusters of discrete peaks.

Fluorescence microscopy is a common cellular imaging tool that relies on the process
of fluorescence. As the excitation (absorbed) and emitted light have different wavelengths,
it is possible to filter out the excitation light and image only that which is emitted through
fluorescence. Key components are therefore spectral filters and a dichroic mirror. Spectral
filters transmit light of given wavelengths and absorb others, allowing them to be used to
narrow down the light that impinges on a sample or a detector. A dichroic mirror also
transmits light within given wavelength intervals but reflects others rather than absorbing
them.

In a conventional fluorescence microscope, illustrated in figure 4.4, the excitation light
is first filtered to match the absorption peak of the fluorophore as closely as possible.
The light is then deflected onto the sample using a dichroic mirror, before being focused
onto the sample. The emitted light passes through the dichroic mirror and is filtered once
more, ensuring that the light that reaches the detector is only the emitted light and not
scattered photons from the excitation light. For this reason, fluorescence microscopy is
strongly dependent on choosing the right filter set (including the dichroic mirror) for a
given fluorophore and excitation light source. Having both the excitation and emission
light effectively filtered twice, it is possible to use a light source that has a broader spectrum
than the desired excitation wavelength.

When two or more fluorophores (A and B in the following example) are used to label the
same sample, their respective spectra need to be sufficiently distinct. If two fluorophores
have substantial overlap between their absorption spectra, both fluorophores risk being
excited using the same excitation light. This overlap phenomenon is called crosstalk [319].
As both fluorophores then emit their respective fluorescence, there is a risk that both
wavelengths are detected at once if the specificity of the emission filter is insufficient or
if the emission spectra also have a substantial overlap. In the latter case, it becomes
difficult to distinguish between the two fluorophores in the resulting image, as both of
them appear in the same fluorescent imaging channel. This phenomenon is called bleed-
through. The problem can be remedied by choosing filters that cover as little as possible
of the spectral profiles of fluorophore B, but the closer the spectra of two fluorophores lie,
the more of fluorophore A’s spectrum has to be excluded as well. The best specificity, i.e.,
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Figure 4.3: The absorption (solid line), non-radiative transitions (curved lines) and fluorescence
emission (dashed line) of an arbitrary fluorophore, shown as a Jablonski energy level diagram
(top). The absorption and emission profiles (bottom) correspond to the absorption and emission
transitions, respectively. The figure is just a schematic illustration; for a real fluorophore, the
absorption and emission magnitudes are relative to the number of transitions possible for each
energy difference and their relative likelihoods (absorption cross-sections and transition strengths).
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Figure 4.3: The absorption (solid line), non-radiative transitions (curved lines) and fluorescence
emission (dashed line) of an arbitrary fluorophore, shown as a Jablonski energy level diagram
(top). The absorption and emission profiles (bottom) correspond to the absorption and emission
transitions, respectively. The figure is just a schematic illustration; for a real fluorophore, the
absorption and emission magnitudes are relative to the number of transitions possible for each
energy difference and their relative likelihoods (absorption cross-sections and transition strengths).
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the highest ratio between the emission of fluorophores A and B, is attained by limiting
as little as possible of the fluorescence of A and as much as possible of that of B. Thus,
choosing fluorophores whose excitation and emission spectra lie far apart in wavelength
is preferable, as it is easier to choose filters that maximize the fluorescence ratio, thus
limiting bleed-through and crosstalk.

Fluorescence intensity from a given sample depends on a number of factors. The
overlap between the excitation light and the fluorophore’s excitation spectrum matters,
as stated above, but so do factors such as excitation light intensity, the fluorophore’s
fluorescence yield, and the concentration of fluorophore in the sample. As such, even
when there is very little spectral overlap between two fluorophores’ profiles, such factors
risk causing bleed-through if the desired fluorophore (A) has a much fainter emitted signal
overall than fluorophore B. The combined selectivity of excitation and emission filters as
well as a dichroic mirror are a good way to mitigate this effect, especially if the excitation
light source has a narrow spectral interval. Thus, lasers make more suitable light sources
than broadband excitation lamps.

Fluorescence can be attained from a sample by adding exogenous fluorescent com-
pounds (the abovementioned fluorophores), but certain innately fluorescent compounds
are also produced by cells [320]. Particularly mitochondria and lysosomes contribute to
this innate fluorescence called autofluorescence. While it is typically weaker than the fluo-
rescence of exogenous fluorophores, autofluorescence may interfere in fluorescent imaging
when the fluorescent yield of the target fluorophore is low.

The underlying excitation-emission cycle is self-renewing as the excited fluorophores
generally decay to their ground state with no changes to the molecule itself. However,
it is possible for the fluorophore to de-excite into lower-lying excited states that hinder
further de-excitation to the ground state [318]. For example, a fluorophore whose ground
state is a singlet (spin quantum number 0) has a non-zero probability of de-exciting to a
low-lying triplet state instead of the ground state. Such inter-system transitions between
singlet and triplet states are relatively improbable, but once a fluorophore has crossed
over to a triplet state, it requires a second inter-system crossing to return to the ground
state. While in its triplet state, the fluorophore can transfer energy nonradiatively to
nearby molecular oxygen (which has a triplet ground state), exciting the oxygen into a
more reactive singlet state. Once thusly excited, the oxygen becomes more reactive and
more prone to reacting with the fluorophore, chemically altering it. When such chemical
changes inhibit the fluorophore’s fluorescence, it is referred to as bleaching. Bleaching is
typically irreversible, imposing a practical limit on the fluorophore’s functional lifetime.
The excited singlet-state oxygen can also interact with other organic molecules in its
proximity, which can negatively impact cells during staining of live cell samples. This is
referred to as phototoxicity.

In the experiments described in this thesis, fluorescence imaging was carried out using
a Leica DMI6000B microscope (Leica Microsystems, Wetzlar, Germany). Samples were
excited using a broadband mercury short-arc lamp (EL6000, Leica Microsystems) using
filter sets as per table 4.1. Images were adjusted for brightness and contrast using the
software ImageJ.

Filter sets used are shown in table 4.1 together with their respective spectral ranges.
The combinations of these filters and the fluorophores used in the experiments, which are
described in Chapters 4-6, were observed to exhibit very little crosstalk or bleed-through.
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Figure 4.4: A schematic illustration of a filter cube. Polychromatic light (black lines) from a short-
arc lamp is filtered through an excitation filter and impinges on the filter cube (dashed). Inside,
it is deflected by a dichroic mirror and focused onto the sample. The fluorescent light emitted
passes through the dichroic mirror, and this light is filtered through an emission filter to remove
background light that might have passed through the mirror. The remaining light is then collected
for imaging. This figure was previously published in my licentiate thesis [15].

Signals coming from different dyes and stains were easily discernible due to the brightness
of their fluorescence and the morphology of the stained components.

Most of the fluorescent staining that was performed as part of this thesis was carried out
after fixation of the cells, meaning that phototoxicity was of little concern. The exceptions
were Live/Dead and CDFDA stains, but cultures stained with these assays were imaged
for short time intervals only (on the order of 5 minutes), during which the illumination
was repeatedly switched between two fluorescence modes and brightfield imaging. As
such, phototoxicity should have been limited, and should not have had any significant
impact on the staining results. As both Calcein AM and CDFDA were cleaved prior to
light exposure, the staining would not have been affected by potential phototoxicity to the
cells.
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Figure 4.4: A schematic illustration of a filter cube. Polychromatic light (black lines) from a short-
arc lamp is filtered through an excitation filter and impinges on the filter cube (dashed). Inside,
it is deflected by a dichroic mirror and focused onto the sample. The fluorescent light emitted
passes through the dichroic mirror, and this light is filtered through an emission filter to remove
background light that might have passed through the mirror. The remaining light is then collected
for imaging. This figure was previously published in my licentiate thesis [15].

Signals coming from different dyes and stains were easily discernible due to the brightness
of their fluorescence and the morphology of the stained components.

Most of the fluorescent staining that was performed as part of this thesis was carried out
after fixation of the cells, meaning that phototoxicity was of little concern. The exceptions
were Live/Dead and CDFDA stains, but cultures stained with these assays were imaged
for short time intervals only (on the order of 5 minutes), during which the illumination
was repeatedly switched between two fluorescence modes and brightfield imaging. As
such, phototoxicity should have been limited, and should not have had any significant
impact on the staining results. As both Calcein AM and CDFDA were cleaved prior to
light exposure, the staining would not have been affected by potential phototoxicity to the
cells.
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Table 4.1: The filters and dichroic mirrors in the filter cubes used in the experiments
presented in this thesis, as per data provided by the respective manufacturers.

Filter set DAPI GFP mCherry

Excitation filter
transmission range

352 - 402 nm 457 - 487 nm 532 - 579 nm

Emission filter
transmission range

417 - 477 nm 502.5 - 537.5 nm 595 - 664 nm

Dichroic mirror
transmission range

415 to >600nm 502 to >600 nm 591 to >700 nm

Filter set
manufacturer

Semrock, FF409 Semrock, FF495 Chroma, 49008 ET

As for photobleaching, slight decreases in fluorescence intensity over time were observed
during antibody staining, which stemmed from bleaching of the fluorophores. Still, the
fluorescent signals were bright enough to be clearly detectable and discernible.

4.2.1.8 Phase contrast microscopy

Unstained biological samples, especially monolayered cell cultures, are sometimes difficult
to image using light microscopy. This is because the samples are so thin and transpar-
ent that they cause almost no perceptible difference in light intensity. One method for
overcoming this hurdle in imaging is phase contrast microscopy [321].

When light passes through a biological sample, it is retarded in phase compared to
the illumination light passing around it. This is because of the difference in optical path
length that the light experiences, which in turn stems from differences in refractive in-
dex [322, 323]. This diffracted, phase-shifted light produces a negligible change to the
total amplitude of the illumination light, making the sample hard to discern. The phase
difference, however, can be utilized to heighten the imaging contrast.

As the light from the background illumination passes through the sample, the light
is phase-shifted because of the difference in refractive index between the sample and the
surrounding. The light intensity is only slightly decreased by the sample, making the
resulting light that has passed through the sample hard to discern from the background
illumination. The phase-shift induced by the sample can be seen as the sample adding a
low-amplitude diffracted wave that is a quarter wavelength retarded in phase compared to
the background light, as illustrated in figure 4.5. The sum of these two form the slightly
phase-shifted sample light.

In order to make the sample and background have different light intensities, the back-
ground wave can be phase-shifted ahead by a quarter wavelength after passing the sample,
using a phase plate. The difference between the diffracted and background waves is then
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Figure 4.5: Left: The background illumination wave (orange) and sample wave (pale blue) have
almost no discernible amplitude difference in conventional light microscopy due to the thinness
and transparency of the sample. The diffracted light (green) is offset in phase by a quarter of a
wavelength and has much lower amplitude than the other two waves. The sample wave becomes
the sum of the background and diffracted waves. Right: Using phase contrast microscopy, the
background illumination light is phase-shifted ahead by a quarter wavelength. As the difference
between the diffracted light (green) and background light (orange) is now half a wavelength, the
two waves interfere destructively. Thus, the amplitude of the sample light (pale blue wave) becomes
the difference between the amplitudes of background and diffracted light. As the amplitudes of
the background and sample waves now differ, the sample can more easily be told apart from the
background.

half a wavelength, letting the two interfere destructively. The result is that the background
light is unaffected in intensity, but the amplitude of the sample light becomes the differ-
ence between the diffracted and the background light. Thus, the observed sample light
can be told apart from the background light by their intensities. To further heighten the
contrast, the background light can also be attenuated, making the difference in magnitude
between the background and diffracted light smaller.

In practice, sample illumination is restricted by a condenser annulus, decreasing and
spatially confining the illumination light as shown in figure 4.6. The light is focused onto
the sample and the emerging light is collected through an objective as in normal light mi-
croscopy, but after the objective, the light passes through a phase plate. The phase plate
introduces an additional phase difference of a quarter wavelength between the diffracted
light from the sample and the background light from the illumination. Destructive inter-
ference between the diffracted and background light causes a darkening of the image in
the image plane wherever the light has passed through the sample. Thus, a sample that
causes no discernible amplitude difference in light microscopy can be imaged with phase
contrast microscopy.

4.2.2 Experimental procedures

4.2.2.1 Indirect immunofluorescence optimization in 2D cultures

Pre-optimization of IF assays was carried out on ChiPSC18 DE cells during 2D differenti-
ation in 96-well plate culture. Live/Dead and CDFDA staining were tested and could be
used with minor variations to the manufacturers’ protocols in 2D culture.

PAS staining was carried out according to the manufacturer’s protocol, with control
cultures being incubated with diastase (maker ref) for time intervals ranging from 5 to
60 minutes. Fixation and permeabilization were performed as with IF staining, which is
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can be told apart from the background light by their intensities. To further heighten the
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between the background and diffracted light smaller.
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spatially confining the illumination light as shown in figure 4.6. The light is focused onto
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Figure 4.6: The basics of a phase contrast microscope. Illumination enters from below in the figure
and passes through an annular ring, shaping the path of the incident light. The background light
follows the blue path past the object and through the objective, whereas the light scattered by the
object follows the red path. Once the light reaches the phase plate, the two light paths no longer
overlap, and as such they strike different parts of the phase plate. The phase plate thickness varies
accordingly, letting the background light pass through a thinner part than the diffracted light,
thus advancing the background light in phase relative to the sample light. The resulting image is
collected at the image plane. Image by Wikimedia Commons user Connexions, used under the CC
BY 3.0 license [324].

described below.

Indirect IF staining targeting five different antigens was optimized. The optimized
protocol is described below.

All medium was aspirated from the cells, replaced with Dulbecco’s phosphate buffered
saline (PBS) with calcium and magnesium (henceforth called PBS+/+) for washing, and
the cells were incubated for 4-5 minutes at 37◦. After two such washes, the PBS was
replaced with 37◦C paraformaldehyde solution (PFA, 4% weight/volume, in PBS without
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calcium and magnesium, henceforth referred to as PBS-/-) for fixation. This solution was
incubated at room temperature for 15 minutes. Next, the culture was washed three times
with PBS+/+, whereupon Triton X-100 (0.2%, in PBS+/+) was added to the cells. This
was left to incubate for 15 minutes at room temperature (henceforth abbreviated RT),
followed by 3 washes and addition of the blocking solution, which was 5 mg/ml of dry
milk in PBS+/+ for albumin staining and 10% normal donkey serum in PBS+/+ for all
others.

The cells were incubated with blocking solution for 1 h at RT before being aspirated
and replaced with the primary antibody as per table 4.2. Primary antibodies, diluted in
the approporiate blocking solution as per the table, were added to the cells and incubated
at RT for 2 h. Next, the stained cultures were washed three times for 5 minutes each
and three more times for 10 minutes each, all to wash out residual unbound antibodies.
Following the washing step, the secondary antibodies (also in blocking solution) were
added and incubated for 2 hours at RT in the dark. All work from this point was carried
out in the dark in order not to bleach the antibodies. Six washes followed, akin to those
after the first antibody step.

DAPI, a nuclear stain (4,6-diamidino-2-phenylindole, Thermo Scientific), was diluted
to 1 µg/ml in sterile water and incubated with the cells for 30 minutes to stain the cell
nuclei. The DAPI incubation was followed by three washes with PBS+/+ for 5 minutes
each and one wash with sterile, milliQ-filtered water, also for 5 minutes. Finally, wells
were filled with 200 µl of such water and taken for fluorescent imaging.

Negative staining was carried out for every antibody during well plate differentiation.
During times when a given marker was not expected to be expressed, the antibodies
targeting that marker were used on a small number of wells to test for non-specific binding
of the primary and/or secondary antibodies. Such non-specific binding would otherwise
risk causing false positive stains. Similarly, when a given marker was expected to be
present, a small subset of wells were stained only with the secondary antibody. This was
done to ensure that the signal found in the fully stained wells was neither due to insufficient
blocking, nor due to any faults in the specificity of the secondary antibody.
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calcium and magnesium, henceforth referred to as PBS-/-) for fixation. This solution was
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was left to incubate for 15 minutes at room temperature (henceforth abbreviated RT),
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others.
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and three more times for 10 minutes each, all to wash out residual unbound antibodies.
Following the washing step, the secondary antibodies (also in blocking solution) were
added and incubated for 2 hours at RT in the dark. All work from this point was carried
out in the dark in order not to bleach the antibodies. Six washes followed, akin to those
after the first antibody step.

DAPI, a nuclear stain (4,6-diamidino-2-phenylindole, Thermo Scientific), was diluted
to 1 µg/ml in sterile water and incubated with the cells for 30 minutes to stain the cell
nuclei. The DAPI incubation was followed by three washes with PBS+/+ for 5 minutes
each and one wash with sterile, milliQ-filtered water, also for 5 minutes. Finally, wells
were filled with 200 µl of such water and taken for fluorescent imaging.

Negative staining was carried out for every antibody during well plate differentiation.
During times when a given marker was not expected to be expressed, the antibodies
targeting that marker were used on a small number of wells to test for non-specific binding
of the primary and/or secondary antibodies. Such non-specific binding would otherwise
risk causing false positive stains. Similarly, when a given marker was expected to be
present, a small subset of wells were stained only with the secondary antibody. This was
done to ensure that the signal found in the fully stained wells was neither due to insufficient
blocking, nor due to any faults in the specificity of the secondary antibody.
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4.2.2.2 Device detachability

In parallel with the optimization of the antibody assays described above, staining was
also attempted on intact VLSLL chips during culture, as previously [1] both CDFDA
and Live/Dead staining had been performed on-chip. It was found, however, that unlike
calcein AM and CDFDA (but similarly to EthD-1), dyes such as DAPI permeated seeded
devices very poorly, as seen in figure 4.7. Both DAPI and EthD-1 are nuclear dyes which
have a very limited ability to permeate the membranes of living cells. As such, they do
not rely on active uptake into cells, and the cells they do enter have no mechanism that
transport the dyes. Even under flow through the diffusion channels and top layer, the dyes
bind to the DNA in the nuclei of cells they encounter, and it appears that the amounts of
dyes used were not sufficient to saturate the cells beyond the outermost layers.

Figure 4.7: Part of a device culture of HepG2 cells stained with DAPI, illustrating poor permeation
of the dye even after more than 4 h of incubation.

Similarly, performing a full antibody control stain on-chip showed that some subset of
the reagents used permeated very poorly, yielding essentially no signal beyond the outer
boundary. Even though reagents were flushed into the device and given increased times to
diffuse, results showed that not all the necessary reagents could permeate the chambers,
particularly in the case of densely seeded or confluent cultures. To perform such stains,
as well as to access and extract cells during culture for qPCR, the device bonding was
altered as described below to allow the device to be detached from the bottom glass.

The VLSLL device consists of two layers of PDMS and a bottom layer of glass, all
bonded together by plasma treatment. As described in Chapter 3, the ability to form cova-
lent silanol bonds to glass or other PDMS samples is a beneficial ability of PDMS polymer.
This is commonly achieved by treating the two surfaces that are to be bonded with oxygen
or air plasma, which replaces surface methyl groups in the PDMS with hydroxyl groups.
These groups then form the silanol bridges to silicon in the other surface.
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4.2.2.2 Device detachability

In parallel with the optimization of the antibody assays described above, staining was
also attempted on intact VLSLL chips during culture, as previously [1] both CDFDA
and Live/Dead staining had been performed on-chip. It was found, however, that unlike
calcein AM and CDFDA (but similarly to EthD-1), dyes such as DAPI permeated seeded
devices very poorly, as seen in figure 4.7. Both DAPI and EthD-1 are nuclear dyes which
have a very limited ability to permeate the membranes of living cells. As such, they do
not rely on active uptake into cells, and the cells they do enter have no mechanism that
transport the dyes. Even under flow through the diffusion channels and top layer, the dyes
bind to the DNA in the nuclei of cells they encounter, and it appears that the amounts of
dyes used were not sufficient to saturate the cells beyond the outermost layers.

Figure 4.7: Part of a device culture of HepG2 cells stained with DAPI, illustrating poor permeation
of the dye even after more than 4 h of incubation.

Similarly, performing a full antibody control stain on-chip showed that some subset of
the reagents used permeated very poorly, yielding essentially no signal beyond the outer
boundary. Even though reagents were flushed into the device and given increased times to
diffuse, results showed that not all the necessary reagents could permeate the chambers,
particularly in the case of densely seeded or confluent cultures. To perform such stains,
as well as to access and extract cells during culture for qPCR, the device bonding was
altered as described below to allow the device to be detached from the bottom glass.

The VLSLL device consists of two layers of PDMS and a bottom layer of glass, all
bonded together by plasma treatment. As described in Chapter 3, the ability to form cova-
lent silanol bonds to glass or other PDMS samples is a beneficial ability of PDMS polymer.
This is commonly achieved by treating the two surfaces that are to be bonded with oxygen
or air plasma, which replaces surface methyl groups in the PDMS with hydroxyl groups.
These groups then form the silanol bridges to silicon in the other surface.
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Normally, the top and bottom layers were bonded together in this manner, as were the
bottom layer and the glass slide. However, the bond that was formed by such an exposure
proved to be stronger than the bonds holding together the bulk of the PDMS that made
up the device. As a result, the treatment parameters had to be adjusted to achieve a bond
that would be of a more suitable strength. The bond had to be weak enough that the
device could be separated from the glass slide, but still strong enough not to develop leaks
under normal operation.

Normal bonding was carried out using a plasma cleaner using air plasma (PDC-32G-2,
Harrick Plasma, Ithaca, New York, USA). Device parts were exposed to 18 W RF plasma
for 30 s before being placed in contact. The bond was thermally cured at 90◦C for 1
h. Lowering the power and exposure times in the air plasma cleaner produced bonds
of varying strength even for one given setting, and the plasma cleaner was deemed too
unstable to optimize the bonding strength. The main reason for this variation lies in the
plasma cleaner’s air intake, wherein the influx of air into the plasma chamber is manually
regulated. The precision of this regulation was found to greatly impact the precision of
the plasma exposure and thereby also the resulting bonding strength. Instead, an oxygen
plasma stripper (BatchTop RIE, Plasma Therm, Bernin, France) was used for the bonding
optimizations.

Plasma powers of 12 and 10 W were used with exposure times ranging from 30 s down
to 5 s, and 7 W plasma was used down to 7 s, all creating too strong bonds. On the other
hand, plasma of 3 W was found unable to form sufficiently strong bonds. In the end,
plasma exposure at 5 W for 3 s was found to be optimal, generating a bond that resisted
leakage during pumping, but still allowed detachment. The devices treated according to
this protocol were assembled and thermally cured for 75 minutes at 60◦C.

Bonding strength was initially tested by peeling the devices from the glass. The
peeling test was performed after the devices were done baking. Ideally, each device should
be bonded strongly enough to not detach accidentally through handling or disconnection
of inlet connectors, yet not so strongly bonded that the device PDMS would break apart
when the device was detached from the glass. Debris, dirt and residues on the glass were
found to strengthen the bond in places, resulting in a need for extensive cleaning of the
glass with ethanol and isopropanol prior to the plasma treatment. If any part of the
bottom layer remained bonded to the glass, the bonding was deemed too strong, as it was
also found that the bonding strengthens over time in the incubator.

Devices that possessed a suitable bonding strength were tested for leakage under op-
erating conditions. They were primed with different food dyes inside and outside the
cell chambers and connected to a syringe pump. The outer dye was pumped with flows
ranging from 1 µl/min to approximately 400 µl/s to see whether the device would begin
to detach, letting the outer dye in under the diffusion wall rather than through it. The
devices were monitored using light microscopy throughout the process. After a successful
completed trial, the device was peeled off. Figure 4.8 shows the results for sufficiently and
insufficiently bonded devices.

Devices with cultured cells could be stained akin to well plate cultures following device
detachment. Cells would sometimes adhere to both the PDMS and the glass, requiring
both sides to be stained. Reagent volumes used for a single part of an opened device
(glass slide or PDMS) were the equivalent of two wells in a 96-well plate for the reagents
to sufficiently cover the culture area. Incubation times were identical between well plate
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Figure 4.8: Chambers of a VLSLL device bonded using the optimized protocol for reversible bond-
ing (left) and using 3 W plasma (right) while being flushed with green food dye at approximately
400 µl/s. The chambers were pre-seeded with red food dyes to highlight the entry of the green dye.
In sufficiently bonded devices, the influx of green dye gave rise to distinctive stripes as it flowed in
through the diffusion channels (left), while in too-weakly bonded devices the green dye detached
the device from the glass in places, flowing into the chambers unhindered (right).

and microfluidic device cultures.

4.2.2.3 Well-plate differentiation experiments

In order to optimize the assays in 2D and adapt the culture protocol for devices as neces-
sary, iPSC-derived DE cells were first cultured in 96-well plates. Because of the need to
assay subsets of the culture at various times during the culture period, strip-well plates
were used (Nunc MaxiSorp C-bottom 96-well plates, #445101, Nunc, Roskilde, Denmark).
All culture media and the coating solution were included in the differentiation kit (Y30050,
Takara Bio Europe AB) and used in accordance with the manufacturer’s instructions [325].

18 strip lanes, corresponding to 144 wells of 96-well plate format, were pre-coated using
the enclosed coating solution, approximately 50 µl/well. Well plates were incubated at
room temperature (RT) for 30 minutes, and the coating solution was aspirated immediately
prior to seeding. Cryopreserved iPSC-DE cells were thawed and suspended in the kit’s
seeding medium. The cell suspension was counted using a hemocytometer with Trypan
Blue solution, and cells were seeded at approximately 3.3 · 105 cells/cm2.

The seeding day was counted as day 0, with medium changes performed per the manu-
facturer’s recommendation on days 2, 4 and 7 of each culture week. The medium type was
switched to progenitor medium on day 4, maturation medium on day 7 and maintenance
medium on day 11 onwards. All aspirated supernatant was collected and frozen down.
Cells were imaged using brightfield microscopy following each medium change.

The maturation medium consisted of two components, a medium base and a gel sup-
plement. The two were mixed prior to addition to cells, but over time the gel supplement
would form an overlay on the culture, covering the cells. Care was taken not to disturb
the gel overlay after formation. As the gelatinous overlay might risk clogging the narrow
channels of the device, a few test wells were grown without the gel supplement.

Based on the work by Si-Tayeb et al. [99], a number of markers to be stained for with
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Normally, the top and bottom layers were bonded together in this manner, as were the
bottom layer and the glass slide. However, the bond that was formed by such an exposure
proved to be stronger than the bonds holding together the bulk of the PDMS that made
up the device. As a result, the treatment parameters had to be adjusted to achieve a bond
that would be of a more suitable strength. The bond had to be weak enough that the
device could be separated from the glass slide, but still strong enough not to develop leaks
under normal operation.

Normal bonding was carried out using a plasma cleaner using air plasma (PDC-32G-2,
Harrick Plasma, Ithaca, New York, USA). Device parts were exposed to 18 W RF plasma
for 30 s before being placed in contact. The bond was thermally cured at 90◦C for 1
h. Lowering the power and exposure times in the air plasma cleaner produced bonds
of varying strength even for one given setting, and the plasma cleaner was deemed too
unstable to optimize the bonding strength. The main reason for this variation lies in the
plasma cleaner’s air intake, wherein the influx of air into the plasma chamber is manually
regulated. The precision of this regulation was found to greatly impact the precision of
the plasma exposure and thereby also the resulting bonding strength. Instead, an oxygen
plasma stripper (BatchTop RIE, Plasma Therm, Bernin, France) was used for the bonding
optimizations.

Plasma powers of 12 and 10 W were used with exposure times ranging from 30 s down
to 5 s, and 7 W plasma was used down to 7 s, all creating too strong bonds. On the other
hand, plasma of 3 W was found unable to form sufficiently strong bonds. In the end,
plasma exposure at 5 W for 3 s was found to be optimal, generating a bond that resisted
leakage during pumping, but still allowed detachment. The devices treated according to
this protocol were assembled and thermally cured for 75 minutes at 60◦C.

Bonding strength was initially tested by peeling the devices from the glass. The
peeling test was performed after the devices were done baking. Ideally, each device should
be bonded strongly enough to not detach accidentally through handling or disconnection
of inlet connectors, yet not so strongly bonded that the device PDMS would break apart
when the device was detached from the glass. Debris, dirt and residues on the glass were
found to strengthen the bond in places, resulting in a need for extensive cleaning of the
glass with ethanol and isopropanol prior to the plasma treatment. If any part of the
bottom layer remained bonded to the glass, the bonding was deemed too strong, as it was
also found that the bonding strengthens over time in the incubator.

Devices that possessed a suitable bonding strength were tested for leakage under op-
erating conditions. They were primed with different food dyes inside and outside the
cell chambers and connected to a syringe pump. The outer dye was pumped with flows
ranging from 1 µl/min to approximately 400 µl/s to see whether the device would begin
to detach, letting the outer dye in under the diffusion wall rather than through it. The
devices were monitored using light microscopy throughout the process. After a successful
completed trial, the device was peeled off. Figure 4.8 shows the results for sufficiently and
insufficiently bonded devices.

Devices with cultured cells could be stained akin to well plate cultures following device
detachment. Cells would sometimes adhere to both the PDMS and the glass, requiring
both sides to be stained. Reagent volumes used for a single part of an opened device
(glass slide or PDMS) were the equivalent of two wells in a 96-well plate for the reagents
to sufficiently cover the culture area. Incubation times were identical between well plate
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Figure 4.8: Chambers of a VLSLL device bonded using the optimized protocol for reversible bond-
ing (left) and using 3 W plasma (right) while being flushed with green food dye at approximately
400 µl/s. The chambers were pre-seeded with red food dyes to highlight the entry of the green dye.
In sufficiently bonded devices, the influx of green dye gave rise to distinctive stripes as it flowed in
through the diffusion channels (left), while in too-weakly bonded devices the green dye detached
the device from the glass in places, flowing into the chambers unhindered (right).

and microfluidic device cultures.

4.2.2.3 Well-plate differentiation experiments

In order to optimize the assays in 2D and adapt the culture protocol for devices as neces-
sary, iPSC-derived DE cells were first cultured in 96-well plates. Because of the need to
assay subsets of the culture at various times during the culture period, strip-well plates
were used (Nunc MaxiSorp C-bottom 96-well plates, #445101, Nunc, Roskilde, Denmark).
All culture media and the coating solution were included in the differentiation kit (Y30050,
Takara Bio Europe AB) and used in accordance with the manufacturer’s instructions [325].

18 strip lanes, corresponding to 144 wells of 96-well plate format, were pre-coated using
the enclosed coating solution, approximately 50 µl/well. Well plates were incubated at
room temperature (RT) for 30 minutes, and the coating solution was aspirated immediately
prior to seeding. Cryopreserved iPSC-DE cells were thawed and suspended in the kit’s
seeding medium. The cell suspension was counted using a hemocytometer with Trypan
Blue solution, and cells were seeded at approximately 3.3 · 105 cells/cm2.

The seeding day was counted as day 0, with medium changes performed per the manu-
facturer’s recommendation on days 2, 4 and 7 of each culture week. The medium type was
switched to progenitor medium on day 4, maturation medium on day 7 and maintenance
medium on day 11 onwards. All aspirated supernatant was collected and frozen down.
Cells were imaged using brightfield microscopy following each medium change.

The maturation medium consisted of two components, a medium base and a gel sup-
plement. The two were mixed prior to addition to cells, but over time the gel supplement
would form an overlay on the culture, covering the cells. Care was taken not to disturb
the gel overlay after formation. As the gelatinous overlay might risk clogging the narrow
channels of the device, a few test wells were grown without the gel supplement.

Based on the work by Si-Tayeb et al. [99], a number of markers to be stained for with
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IF were chosen as indicators of the state of differentiation. The chosen times to stain for
the markers are given in table 4.2. The onset times were first estimated based on the
protocol of Si-Tayeb et al.; suitable times for positive and negative staining were then
found experimentally.

Individual 8-well strip lanes were detached from the well plate frame for each assay to
be performed. The optimizations were carried out to find suitable times and concentrations
for all assay steps (based on Si-Tayeb et al. and recommendations from suppliers when
available), as well as to verify suitable blocking agents for the antibodies used. The
parameters that were chosen are summarized in the respective sections above.

Two rounds of well plate differentiation were performed to optimize the assays in well
plates and formulate a culture protocol for on-chip differentiation.

4.2.2.4 On-chip differentiation experiments

Devices for on-chip differentiation were produced and bonded as described above, using
5 W plasma for 3 s followed by thermal curing at 60◦C for 75 min to enable device
detachment. The reversibly bonded devices were cleaned internally with ethanol and
dried using pressurized nitrogen gas before being taken for sterilization. The devices were
sterilized using oxygen plasma at 100 W for 5 minutes using an oxygen plasma stripper
(Plasma Therm). This also served to render the PDMS hydrophilic. The sterilized devices
were placed under low vacuum overnight in a desiccator to degas the PDMS.

Devices were tested in three possible coating scenarios:

1. The devices were pre-coated using the coating solution, similar to the well plate
cultures. 10 µl of coating solution was added to each seeding port of the device and
incubated at 37◦C for 30 minutes. A mixture of medium and coating solution was
added on top of the seeded cells. These devices are henceforth called pre-coated
devices.

2. The devices were not pre-coated, but the coating solution was mixed with the cell
suspension prior to seeding. A mixture of medium and coating solution was also
added on top of the seeded cells. These devices are henceforth called mix-coated
devices.

3. The devices were seeded without any pre-coating fluid used at all. These devices
are henceforth called uncoated devices. Only two such devices were used.

The three scenarios were used for observational purposes, both to study the seeding
outcomes of the different methods, to observe how well the cells adhered and differentiated,
and to optimize staining. As such, seeding densities varied between the devices. The initial
device experiments had a nominal seeding density of 1.4 to 6.2 times the density used for
the well plate cultures, approximately 0.42 − 1.86 · 106 cells/cm2. However, because of
complications in the seeding, effective seeding densities varied greatly.

Cell seeding density was estimated based on manufacturer’s data of cell number, but
individual chambers varied even within a single device. Hence, cell density corrections
were not implemented in the optimization phase. In later stages of the optimization, cell
numbers would have been more precisely estimated using a hemocytometer, but during the
optimization, this was omitted for practical reasons. As such, normalization of quantitative
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results to cell number was based on the estimations of cell numbers in the initial device
cultures, whereas in well plate cultures the cells were counted using a hemocytometer.

Seeding cells at high seeding density compared to well plates was found to force the
cells into a 3D arrangement by natural stacking, as each chamber could be filled with more
cells than could fit onto the bottom surface of the chambers. This was intended to allow
an early 3D growth and aggregation of cells, without the cells needing to migrate in order
to aggregate in 3D. For this reason, while well plates were seeded using a suspension of
cells in a large volume of medium, devices were seeded using centrifuged cell pellets that
had been diluted relatively little with medium and, in some cases as per the above, coating
solution. Of note is also that a device culture would receive substantially more medium per
surface area than a corresponding well plate culture, owing to the flow of medium. With
a flow rate of 1 µl/min, if flowing for 10 minutes and pausing for 20 minutes, each device
receives 960 µl of medium per day. Conversely, a well would receive approximately 150
µl every other day, with half the cell culture area of the device. As such, 6.4 times more
medium is delivered to the devices than to the wells, enabling a higher seeding density
without causing shortages of medium. However, while the cells in a well plate have direct
access to the medium, the transport of medium to the cells in the devices is more limited.
During pumping, the chambers are perfused, and during pauses in pumping the medium
constituents are able to diffuse into the chambers, but the medium that is pumped out
of the devices likely still carries nutrients and growth factors. As such, optimal seeding
densities would need to be determined experimentally.

Following sterilization, degassing, and pre-coating of those devices that were to be
pre-coated, cells were prepared for seeding. A vial of iPSC-DE cells was taken from liquid
nitrogen storage and thawed in a water bath at 37◦C for 1 minute before being emptied
into a vial of 4 ml seeding medium, which had been heated to 37◦C. The cell solution
was mixed gently and centrifuged at 200 RCF (relative centrifugal force, i.e. 200 times
standard gravity) for 5 minutes to distil the cells into a pellet. The supernatant was
removed from the cell pellet prior to use.

Mix-coated devices were seeded by mixing cell pellet, medium, and coating solution at
a 3:1:1 ratio. Pre-coated and uncoated devices were seeded with a mixture of cell pellet
and medium at a 3:2 ratio. Cells were seeded through the seeding port, whereupon a
1:1 mixture of medium and coating solution was used to flush the cells from the seeding
channels into the chambers. The exception was uncoated devices, where pure medium was
instead used. After devices were seeded, the medium network was filled with medium, and
the devices were left to incubate for 2 hours in static condition. A pipette tip inserted
in each inlet and outlet was filled with medium to act as a reservoir against drying out.
After 2 hours of incubation, devices were connected to a syringe pump (CMA 400, CMA
Microdialysis, Kista, Sweden) using flexible tubing (T8413-25ft, Sigma-Aldrich).

The pump was set up to deliver 1 µl/min at given intervals, then pause the pumping
for a set time. The interval pumping allowed the full volume of the medium network to
be replaced every pump cycle while also allowing mainly diffusion-driven mass transport
between the medium network and the chambers. In the optimization experiments, two
different pumping schemes were used. The first batch of device cultures were pumped for
10 minutes followed by a no-pumping interval of 20 minutes. The second repetition instead
had pumping for 15 minutes followed by a no-pumping pause of 15 minutes. The different
times were used to assess whether a longer pumping and thereby increased perfusion would
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IF were chosen as indicators of the state of differentiation. The chosen times to stain for
the markers are given in table 4.2. The onset times were first estimated based on the
protocol of Si-Tayeb et al.; suitable times for positive and negative staining were then
found experimentally.

Individual 8-well strip lanes were detached from the well plate frame for each assay to
be performed. The optimizations were carried out to find suitable times and concentrations
for all assay steps (based on Si-Tayeb et al. and recommendations from suppliers when
available), as well as to verify suitable blocking agents for the antibodies used. The
parameters that were chosen are summarized in the respective sections above.

Two rounds of well plate differentiation were performed to optimize the assays in well
plates and formulate a culture protocol for on-chip differentiation.

4.2.2.4 On-chip differentiation experiments

Devices for on-chip differentiation were produced and bonded as described above, using
5 W plasma for 3 s followed by thermal curing at 60◦C for 75 min to enable device
detachment. The reversibly bonded devices were cleaned internally with ethanol and
dried using pressurized nitrogen gas before being taken for sterilization. The devices were
sterilized using oxygen plasma at 100 W for 5 minutes using an oxygen plasma stripper
(Plasma Therm). This also served to render the PDMS hydrophilic. The sterilized devices
were placed under low vacuum overnight in a desiccator to degas the PDMS.

Devices were tested in three possible coating scenarios:

1. The devices were pre-coated using the coating solution, similar to the well plate
cultures. 10 µl of coating solution was added to each seeding port of the device and
incubated at 37◦C for 30 minutes. A mixture of medium and coating solution was
added on top of the seeded cells. These devices are henceforth called pre-coated
devices.

2. The devices were not pre-coated, but the coating solution was mixed with the cell
suspension prior to seeding. A mixture of medium and coating solution was also
added on top of the seeded cells. These devices are henceforth called mix-coated
devices.

3. The devices were seeded without any pre-coating fluid used at all. These devices
are henceforth called uncoated devices. Only two such devices were used.

The three scenarios were used for observational purposes, both to study the seeding
outcomes of the different methods, to observe how well the cells adhered and differentiated,
and to optimize staining. As such, seeding densities varied between the devices. The initial
device experiments had a nominal seeding density of 1.4 to 6.2 times the density used for
the well plate cultures, approximately 0.42 − 1.86 · 106 cells/cm2. However, because of
complications in the seeding, effective seeding densities varied greatly.

Cell seeding density was estimated based on manufacturer’s data of cell number, but
individual chambers varied even within a single device. Hence, cell density corrections
were not implemented in the optimization phase. In later stages of the optimization, cell
numbers would have been more precisely estimated using a hemocytometer, but during the
optimization, this was omitted for practical reasons. As such, normalization of quantitative
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results to cell number was based on the estimations of cell numbers in the initial device
cultures, whereas in well plate cultures the cells were counted using a hemocytometer.

Seeding cells at high seeding density compared to well plates was found to force the
cells into a 3D arrangement by natural stacking, as each chamber could be filled with more
cells than could fit onto the bottom surface of the chambers. This was intended to allow
an early 3D growth and aggregation of cells, without the cells needing to migrate in order
to aggregate in 3D. For this reason, while well plates were seeded using a suspension of
cells in a large volume of medium, devices were seeded using centrifuged cell pellets that
had been diluted relatively little with medium and, in some cases as per the above, coating
solution. Of note is also that a device culture would receive substantially more medium per
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make a noticeable difference.

Syringes were replenished on the same days relative to the seeding day that medium
changes were carried out in well plate cultures. Supernatant was collected in reservoir tips
at the outlets of each device. The supernatant was aliquoted individually for each device
and time point, and frozen down at -80◦C for storage.

Devices were assayed throughout the culture period at times based on the well plate
optimization. In each assay, one or several devices were detached and assayed as per the
protocols above. Negative control stains were carried out on device cultures as well. The
collected supernatant was assayed for albumin content.

4.2.3 Results

4.2.3.1 IF optimization and well plate differentiation

The well plate differentiation cultures served a number of purposes. They served as the
control cultures to compare the device culture outcomes to, they were used to optimize
the IF staining protocols and parameters for the various antibodies, and they facilitated
the formulation of seeding protocols for the device cultures.

The iPSC cultures were monitored over time using brightfield microscopy to observe
the cell morphology over time. Freshly seeded iPSCs are largely spherical, with the begin-
nings of a more adherent morphology appearing during days 2-4. As the differentiation
progresses, the cells spread out and flatten, eventually developing a more conventional
hepatic cobblestone morphology, as shown in figure 4.9.

The staining protocol was optimized iteratively to achieve clear, reproducible staining
of the well plate cultures, complete with negative controls to ensure that the antibodies
did not bind to the cells indiscriminately. Staining for two markers at once was also
tested with HNF4α and AFP as well as with AFP and albumin to ensure that they did
not interfere unexpectedly. All IF stains were carried out successfully, resulting in the
optimized protocol above. Illustrations of stained cultures are found in figure 4.10.

Oct4 never produced positive staining, which is as expected since it is a marker of
undifferentiated iPSCs [99] and the differentiation began at the DE stage. Of note is also
the albumin staining, of which figure 4.10D is representative. As can be seen, even at
maturity, albumin is not expressed by all cells in the culture. The ChiPSC18 line, when
differentiated using the kit used here, have been reported to have an albumin secretion
that is more than 100-fold lower than that of primary human hepatocytes [294]. This may
well be because not all the cells express albumin, as well as a reduced yield of albumin per
cell expressing it. By comparison, the ChiPSC18 line has been found to express CYP3A at
levels only one order of magnitude lower than primary human hepatocytes [294], implying
that they are differentiated towards a more perivenous phenotype on average.

It was initially found that the secondary antibody for albumin staining (donkey anti-
goat) produced false positive staining. The antibody was found to stain cells even in the
absence of primary antibody when using the blocking solution that was optimized for all
other antibodies. As such, a variety of blocking buffers were tested:

� 3% bovine serum albumin (BSA) in PBS+/+,

� 10% normal donkey serum in PBS+/+,

4.2 On-chip differentiation in the VLSLL device 85

Figure 4.9: iPSC-derived cells during their differentiation into hepatocytes in a 96-well plate.
Images were taken over time as the differentiation progressed. The time points shown here are
days 2 (top), 9 (center), and 16 (bottom). Brightness and contrast have been adjusted in ImageJ
for all the images.
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Figure 4.10: Resulting images of immunofluorescent staining of iPSC-derived cells during on-chip
differentiation towards hepatocytes. The cells were stained for Sox17 (A; day 1), HNF4a (B; day
6), AFP (C; day 19) and albumin (D; day 19). In all images, blue indicates nuclei, counterstained
with DAPI. The markers stained for are highlighted in either red or green. Brightness and contrast
have been adjusted in ImageJ for all the images. These images were previously published in my
licentiate thesis [15].

4.2 On-chip differentiation in the VLSLL device 87

� BSA with 0.5% Tween20,

� serum with 0.5% Tween20,

� ELISA blocking buffer (Sigma Chemical # T6789) with 0.5% Tween20,

� dry milk powder at 5% w/v in PBS+/+

In the end, only the powdered milk (Semper AB, Stockholm, Sweden) was found to
provide sufficient blocking. It was found, however, that different lots of the donkey anti-
goat secondary antibody could successfully be blocked using the same 10% serum solution
as the other antibodies.

Periodic acid and Schiff (PAS) staining was tested in well plate cultures using PFA
as fixative, with results shown in figure 4.11. Negative control wells were incubated with
diastase for up to 60 minutes prior to the PAS staining to break down the glycogen.
Even then, the negative control was not entirely unstained. The staining was somewhat
unevenly spread across the cell culture area, being more intense in both PAS staining
and hematoxylin in some and fainter in others. It has yet to be ascertained whether
the gel overlay played any role in the variations seen in the staining. Furthermore, it is
worth investigating if alcohol-based fixatives are preferable to PFA to see if the presence
of residual formaldehyde in the wells interfered with the PAS stain. However, further
optimization of PAS staining was set aside until the device cultures had been optimized,
as hepatic maturity could alternatively be assayed by albumin staining.

Similarly, CDFDA staining was not optimized in well plates at this point.

To prepare for device cultures where the narrow channels may be clogged by viscous
substances, some well cultures were differentiated without gel overlay, using only the
maturation medium base. While no morphological differences were observed between cell
cultures with and without gel overlay, the coating solution turned out to be critical for
the cells, its absence leading to poor attachment and eventual cell death.

Supernatant which was collected during the well plate cultures was assayed using an
albumin ELISA kit (E88-129, Bethyl Laboratories, Montgomery, Texas, USA). Wells used
for culture without gel supplement were excluded. The supernatant from all wells of a
given experiment was collected into a single vial at each collection time point, rather than
being collected lane by lane. As such, the data presented in figure 4.12 represents the
average of only two repetitions. Following a successful optimization of device cultures,
individual lanes (8 wells) were intended to be assayed as individual data points to provide
a more stable benchmark. The well plate data presented here were merely intended as a
rough estimate of albumin expression to assist in the evaluation of on-chip differentiation
during the optimization.

Albumin was detected in small amounts starting on day 9 of culture and increased
nearly eightfold over the culture period. While the highest amount of albumin measured
is more than an order of magnitude below what was produced by the iCell hepatocytes
used by Banaeiyan et al. [1], this is to be expected based on the observed phenotype of
ChiPSC18-derived hepatocytes as mentioned above [294].

All the same, the well plate control cultures could serve as a benchmark for the albumin
secretion of the device cultures. The phenotype of hepatocytes produced by the Takara
Bio kit and cell line would likely still be more perivenous than periportal, but the subset
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Figure 4.11: An image of control wells (A, B) and sample well (C) during PAS staining of iPSC-
derived hepatocyte-like cells. The grey ovals are nuclei, counterstained with hematoxylin. The
orange-red areas are those that stain positive for glycogen, although some such staining also appears
in the control wells (prominent zones are highlighted with black arrows). The left and center image
differ only in their exposure time to Triton X-100, which was 15 minutes (A) and approximately
13 minutes (B). Brightness and contrast have been adjusted in ImageJ for all the images. These
images were previously published in my licentiate thesis [15].

of albumin-expressing hepatocytes were expected to yield an increase in albumin on-chip
comparable to that shown by Banaeiyan et al. [1]. Furthermore, the possibility of staining
for albumin on-chip would highlight if the albumin-expressing cells were spatially zonated
within the chambers.

As such, the control culture was considered successful, and the antibody optimization
was complete. Further assays such as PAS and CDFDA staining were left to be optimized
following successful on-chip differentiation.

4.2.3.2 Device detachment and on-chip differentiation

The protocol for on-chip differentiation was based very closely on that of well plate dif-
ferentiation. Because of suspicion that the pre-coating solution or gel overlay component
might clog the devices, parts of well plate cultures were kept without coating solution
and/or gel overlay. While the absence of coating solution in the wells caused the cells to
fail to adhere properly, the absence of the gel overlay did not conclusively impact the cell
morphology or adherence.

For the coating solution, it was considered whether an admixture of the coating solution
would be sufficient to cause the cells to adhere to each other and to the surroundings
without the need for pre-coating the devices. It was also considered whether the perfused
3D culture format would be sufficient to cause the cells to aggregate in 3D without coating
solution. This led to the three scenarios described above.

Pre-coating of devices led to difficulties in seeding. Even though the devices had been
degassed prior to pre-coating, the coating solution did not properly enter all the chambers.
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Figure 4.12: The mean secretion of albumin from two separate well-plate cultures of iPSC-derived
definitive endoderm cells during differentiation into hepatocytes. Error bars represent one standard
deviation. This graph was previously published in my licentiate thesis [15].

The coating fluid filled some chambers to a large extent, some partially by wetting the
walls of the chambers, and some hardly at all, as the coating fluid remained primarily
in the top layer channels. When more coating fluid was added, the fluid seeped out
through the diffusion channels in those chambers that it had filled entirely, rather than
continuing to fill the partially filled chambers. The chambers that were preferentially
filled were those that had the shortest channels in the seeding layer, making them the
first to receive the fluid. As the narrow seeding channel branches open up into the larger
chambers, the resistance the liquid experiences is reduced, increasing the flow of liquid into
those chambers at the cost of the pressure driving the liquid through the longer seeding
channels towards later chambers. Once the coating fluid entered the remaining chambers
under the reduced pressure, the liquid moved more slowly, and consequently tended to
begin wetting the walls and trapping air bubbles inside the chambers. This obstructed
the influx of more coating fluid, as the air bubbles were more resistant to being pushed
out through the diffusion channels than the fluid itself was. Still, several chambers were
filled with coating solution, and a majority were at least partially coated.

However, upon incubation, the coating solution evaporated from the centers of the
chambers, leaving residues along the walls of the diffusion channels. When the cell sus-
pension was subsequently seeded, air bubbles formed in the chambers as residual coating
still obstructed the diffusion channels, as seen in figure 4.13. This increased the resistance
of the seeding to the point that a majority of the cell suspension was unable to enter the
chambers, instead getting stuck in the seeding channels.
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would be sufficient to cause the cells to adhere to each other and to the surroundings
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walls of the chambers, and some hardly at all, as the coating fluid remained primarily
in the top layer channels. When more coating fluid was added, the fluid seeped out
through the diffusion channels in those chambers that it had filled entirely, rather than
continuing to fill the partially filled chambers. The chambers that were preferentially
filled were those that had the shortest channels in the seeding layer, making them the
first to receive the fluid. As the narrow seeding channel branches open up into the larger
chambers, the resistance the liquid experiences is reduced, increasing the flow of liquid into
those chambers at the cost of the pressure driving the liquid through the longer seeding
channels towards later chambers. Once the coating fluid entered the remaining chambers
under the reduced pressure, the liquid moved more slowly, and consequently tended to
begin wetting the walls and trapping air bubbles inside the chambers. This obstructed
the influx of more coating fluid, as the air bubbles were more resistant to being pushed
out through the diffusion channels than the fluid itself was. Still, several chambers were
filled with coating solution, and a majority were at least partially coated.

However, upon incubation, the coating solution evaporated from the centers of the
chambers, leaving residues along the walls of the diffusion channels. When the cell sus-
pension was subsequently seeded, air bubbles formed in the chambers as residual coating
still obstructed the diffusion channels, as seen in figure 4.13. This increased the resistance
of the seeding to the point that a majority of the cell suspension was unable to enter the
chambers, instead getting stuck in the seeding channels.
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Figure 4.13: Chambers of a pre-coated VLSLL device, moments after seeding. The white arrow
indicates cells stuck in the seeding channel (foreground, defocused), and the red arrow indicates
places where air was trapped inside the chambers during seeding, obstructing the influx of more
cell suspension.

As mentioned above, the varied resistance between the chambers in this way caused
the effective seeding density to vary greatly between chambers in each device.

Devices seeded without pre-coating, whether mix-coated or uncoated, fared better in
seeding. Without the residues of coating fluid causing air to be trapped, cell suspension
more easily entered the chambers. However, the different lengths of the seeding channels
leading to individual chambers still caused problems in achieving an even seeding. As the
cell suspension reached the chambers with the shortest seeding path, the effective pressure
driving the suspension through the longer seeding channels decreased. This slowed the
seeding of the affected chambers and led to a larger volume of cells being stuck in the
seeding channels leading to those chambers. Flushing the seeding channels with medium
had little effect on the stuck cells, as the medium typically escaped through the diffusion
channels of the seeded chambers instead. Thus, even though the devices without pre-
coating achieved a higher average seeding density than the pre-coated ones, the spread in
density was still great, as seen in figure 4.14.

In all three cases, the resistance against seeding generally led to less than the intended
volume of suspension delivered to a given device. However, as the losses were fractions of
microliters and escaped as leakages around the seeding pipette tip, reliable quantification of
the volume lost was not carried out. As such, approximate seeding densities for individual
devices were calculated based on the volume of suspension taken up for seeding rather
than the volume delivered.

4.2 On-chip differentiation in the VLSLL device 91

Figure 4.14: Chambers of a VLSLL device without prior pre-coating, moments after seeding. The
arrow indicates cells stuck in the seeding channel (foreground, defocused). Despite having no pre-
coating, the device is highly unevenly seeded, with densely seeded and nearly empty chambers
interspersed.

The importance of the pre-coating was observed in device cultures just as in the well
plates. Devices that were not pre-coated showed poor cell adhesion, and cells were observed
floating out through the chambers and the seeding network in several places. As devices
were detached for staining, a majority of the cells were lost during the early washing
steps. Conversely, in the devices that were kept for long-term culture, the cells retained
the morphology that they exhibited on the seeding day, neither adhering to the surfaces
or each other, nor appearing to differentiate. It is likely that the coating solution did not
sufficiently support the adherence of cells when only used in admixture with medium, nor
could it support the cells in adhering to each other in this form.

The cells in pre-coated devices did adhere to the surfaces and their morphology changed
noticeably over the culture period, as seen in figure 4.15A-B. While the observed morphol-
ogy differed from that of well plate cultures (figure 4.15C), that may be explained by the
cells clustering in a more three-dimensional manner in the device thanks to the coating
solution.

Regarding the gel overlay component, it was included in all device cultures. As the
coating solution did not appear to clog the diffusion channels during medium pumping, it
was included in all device cultures during the first optimization round.

During the culture, air bubbles entered the medium network of the devices. These
surrounded the chambers of different devices at different times, limiting the medium flow
into the chambers as shown in figure 4.16. These air bubbles tended to shift over time as



90 Optimizing the Very Large-Scale Liver Lobule-on-a-Chip

Figure 4.13: Chambers of a pre-coated VLSLL device, moments after seeding. The white arrow
indicates cells stuck in the seeding channel (foreground, defocused), and the red arrow indicates
places where air was trapped inside the chambers during seeding, obstructing the influx of more
cell suspension.

As mentioned above, the varied resistance between the chambers in this way caused
the effective seeding density to vary greatly between chambers in each device.

Devices seeded without pre-coating, whether mix-coated or uncoated, fared better in
seeding. Without the residues of coating fluid causing air to be trapped, cell suspension
more easily entered the chambers. However, the different lengths of the seeding channels
leading to individual chambers still caused problems in achieving an even seeding. As the
cell suspension reached the chambers with the shortest seeding path, the effective pressure
driving the suspension through the longer seeding channels decreased. This slowed the
seeding of the affected chambers and led to a larger volume of cells being stuck in the
seeding channels leading to those chambers. Flushing the seeding channels with medium
had little effect on the stuck cells, as the medium typically escaped through the diffusion
channels of the seeded chambers instead. Thus, even though the devices without pre-
coating achieved a higher average seeding density than the pre-coated ones, the spread in
density was still great, as seen in figure 4.14.

In all three cases, the resistance against seeding generally led to less than the intended
volume of suspension delivered to a given device. However, as the losses were fractions of
microliters and escaped as leakages around the seeding pipette tip, reliable quantification of
the volume lost was not carried out. As such, approximate seeding densities for individual
devices were calculated based on the volume of suspension taken up for seeding rather
than the volume delivered.

4.2 On-chip differentiation in the VLSLL device 91

Figure 4.14: Chambers of a VLSLL device without prior pre-coating, moments after seeding. The
arrow indicates cells stuck in the seeding channel (foreground, defocused). Despite having no pre-
coating, the device is highly unevenly seeded, with densely seeded and nearly empty chambers
interspersed.

The importance of the pre-coating was observed in device cultures just as in the well
plates. Devices that were not pre-coated showed poor cell adhesion, and cells were observed
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the morphology that they exhibited on the seeding day, neither adhering to the surfaces
or each other, nor appearing to differentiate. It is likely that the coating solution did not
sufficiently support the adherence of cells when only used in admixture with medium, nor
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ogy differed from that of well plate cultures (figure 4.15C), that may be explained by the
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solution.

Regarding the gel overlay component, it was included in all device cultures. As the
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Figure 4.15: A comparison of morphologies between iPSC-derived cells during differentiation in
devices with (A) and without (B) pre-coating fluid, as well as cells in well plate culture (C). While
the cells in pre-coated devices attach thanks to the gel-like coating fluid, the ones in uncoated
devices never attach. The morphology is also noticeably different for the adherent cells in devices
and well plate cultures. All the images stem from day 9 of differentiation. These images were
previously published in my licentiate thesis [15].
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the medium pushed them gradually towards the collection outlets. However, the narrow
spaces between the chambers deformed and confined the bubbles, making them harder to
move. As such, the cells did not always receive as much medium as intended. A likely
reason for the entry of air is that the tubing connecting the medium pump to the devices
had to be detached three times per culture week to change the medium.

A bubble on the scale of 10 nl is sufficient to fill the channel leading between two cham-
bers. Devices were imaged once per day of culture, and once bubbles of such magnitude
had been observed in a device, they typically never left the device. Increased pumping
speed was found to have little effect on bubbles of such magnitude. Even when a major-
ity of a device was filled with air, there was always at least one unobstructed path for
the medium to flow from inlet to outlet. As such, increasing the flow rate or flushing
the device with medium just increased the speed of the flow through those unobstructed
paths, typically leaving the bubbles in place. Letting devices come to lower temperature
has some effect on the bubbles as more gas becomes soluble in the medium once it cools
off, but the cells require a temperature of 37◦C for maintenance.

In addition to the bubbles that entered the device during medium changes, it is possible
that bubbles also nucleated in the tubing and/or the device because of the temperature
difference. The syringe pumps containing the medium reservoirs were kept at RT, but
the devices were kept at 37◦C. The tubing connecting them therefore experienced a sharp
increase in temperature as it entered the incubator, decreasing the gas solubility of the
medium. This likely contributed to the bubble formation and increase in bubble size.

Figure 4.16: A VLSLL device during iPSC differentiation culture, filled with substantial quantities
of air that obstructs the medium channels, encircling large parts of chambers and cutting off their
access to fresh medium.
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Figure 4.17: Detached VLSLL devices during iPSC differentiation culture, stained for HNF4α (day
10, left) and albumin (day 8, right). While the HNF4α stain is expected to be positive and exhibits
the correct morphology, the albumin stained positive too early. Albumin debut is expected around
day 12 of differentiation, and the stain morphology is much more reminiscent of the gel overlay
than of albumin-positive cells.

On-chip cultures were stained for HNF4α and albumin, both as negative controls and
as positive assays. The devices detached as intended in all cases except one, where the
bottom layer broke upon detachment, leaving a number of chambers intact.

The HNF4α stain was successful, showing no noticeable signal on day 1 but being
clearly visible on day 10 (figure 4.17, left). However, a background signal was detected from
gel that was present in the chambers, likely a residue of the gel overlay medium component.
All the same, the morphology of the stain together with the DAPI counterstain were
sufficient to discern stained cells from the gel.

In the albumin negative control on day 8, the fluorescence from the gel was also
visible (figure 4.17, right). Albumin is harder to discern in a 3D culture than HNF4α
due to the former being cytosolic rather than nuclear. As such, the interference from
the gel fluorescence proved more problematic in the albumin staining, requiring further
optimization. Therefore, the albumin staining could not be used to assess whether the
hepatocytes had reached maturity. No comparable non-specific staining was observed in
well plate cultures, probably because the gel overlay was lost during the washing steps of
the staining.

Quantitative analysis using ELISA assays also proved to be problematic, for different
reasons. Due to leakages at the collection points on devices, as well as due to the staining
of pre-coated devices, only one pre-coated device produced supernatant throughout the
differentiation period.

The mix-coated and uncoated devices were not stained with IF because of the poor
adherence of cells, which in turn likely followed from a low overall viability of the cells.
However, all of the mix-coated devices (n = 8) contributed supernatant during the differ-
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entiation period.
One of the two uncoated devices detached early on and was discarded, thus only one

uncoated device was sampled for supernatant.
All collected supernatant was assayed with human albumin-specific ELISA as per the

above. As shown in figure 4.18, the mix-coated devices produced less than 0.5 ng/h/106

cells of albumin, with the pre-coated device reaching as high as 2 ng/h/106 cells.
At face value, this is noticeably lower than the corresponding well plate cultures,

which reached 8 ng/h/106 cells at the end of the culture. However, the device cultures
were normalized to the number of cells in the suspension volume used for seeding, and as
explained above, only a fraction of those cells reached the chambers. The seeding density
was the lowest at the outset in the pre-coated devices, being higher in the other devices,
but in all cases the normalization factor is an overestimate. As such, the true albumin
secretion was likely higher.

As for the uncoated and mix-coated devices, cells continuously leaked from the cham-
bers back into the seeding channels. Therefore, the estimate of number of cells seeded,
which was constant over time for any given device, grows less accurate over time. If the
actual number of cells in each device had been counted at each time point, it is likely that
the stable secretion level of the mix-coated devices would have increased over time.

Albumin secretion of device cultures during differentiation
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Figure 4.18: The secretion of albumin from device cultures of iPSC-derived definitive endoderm
cells during differentiation into hepatocytes. Pre-coated and uncoated device data was based on
one device each, whereas mixed coating device data is the average of eight devices. Error bars
represent one standard deviation. This graph was previously published in my licentiate thesis [15].

Naturally, this data is insufficient to draw conclusions from due to the inaccuracies
cited above and the fact that only one device each of the uncoated and pre-coated variants
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cells of albumin, with the pre-coated device reaching as high as 2 ng/h/106 cells.
At face value, this is noticeably lower than the corresponding well plate cultures,

which reached 8 ng/h/106 cells at the end of the culture. However, the device cultures
were normalized to the number of cells in the suspension volume used for seeding, and as
explained above, only a fraction of those cells reached the chambers. The seeding density
was the lowest at the outset in the pre-coated devices, being higher in the other devices,
but in all cases the normalization factor is an overestimate. As such, the true albumin
secretion was likely higher.

As for the uncoated and mix-coated devices, cells continuously leaked from the cham-
bers back into the seeding channels. Therefore, the estimate of number of cells seeded,
which was constant over time for any given device, grows less accurate over time. If the
actual number of cells in each device had been counted at each time point, it is likely that
the stable secretion level of the mix-coated devices would have increased over time.
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Figure 4.18: The secretion of albumin from device cultures of iPSC-derived definitive endoderm
cells during differentiation into hepatocytes. Pre-coated and uncoated device data was based on
one device each, whereas mixed coating device data is the average of eight devices. Error bars
represent one standard deviation. This graph was previously published in my licentiate thesis [15].

Naturally, this data is insufficient to draw conclusions from due to the inaccuracies
cited above and the fact that only one device each of the uncoated and pre-coated variants
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were assayed. The level measured in the mix-coated devices late during the culture was
comparable to the signal from the pre- and uncoated devices on days 4 and 7, which is
earlier than the cells should reach maturity. Given how low the albumin signal is compared
to the 2D culture, it is possible that the signal detected from the mix-coated devices is
background noise due to inaccuracies in the assay, rather than a genuine signal. The most
realistic factor indicating that any of the iPSCs reached maturity is the albumin data of
the one pre-coated device. There, the albumin secretion increases from the start of the
maturation (day 9, the first sample taken after the maturation medium is added on day 7)
to the end of the culture, where it appears to plateau. While a single device is insufficient
data to conclude whether the cells did differentiate on chip, the albumin data does imply
that a subset of the cells reached maturity.

The most prominent conclusion from the on-chip differentiation experiment, however,
lies in the shortcomings of the device itself, as is summarized in the following.

4.2.4 Evaluation

4.2.4.1 The device

In performing the on-chip differentiation experiments, a series of practical issues arose,
several of which are tied to the device structure itself. The problems and possible solutions
are outlined below.

1. The branching design of the top layer leads to uneven filling of the cham-
bers, both with pre-coating solution and cells. Even without the additional
resistance that was observed following pre-coating, the distribution of cells varies
too greatly within a single device to accurately state that a given cell density was
used. When nonproliferating cells are seeded, their seeding density will impact how
readily they form 3D cell-cell junctions. In the case of proliferating cells such as
HepG2, skewed distributions in seeding density would lead to chambers reaching
confluency and contact inhibition at drastically different times with such uneven
seeding as was observed in the experiments above. Similarly, the cells that get stuck
in the seeding channels are an unknown factor. Do they receive enough medium
to remain viable and contribute to the albumin secretion detected, or do they turn
apoptotic because of shortage of nutrients? As such, the seeding layer needs to be
changed.

A possible solution is to redesign the seeding layer. The geometry of the device pro-
hibits a two-inlet top layer from having equal path lengths to all the chambers of the
bottom layer in the form it has now. The more numerous the seeding ports would be,
the less variety there would be in the length of the seeding channels. The logical extreme
would be one seeding channel per chamber, but that becomes practically unfeasible if the
supernatant must also be collected in 18 separate outlets. As the top layer is bonded
to the device, seeding and supernatant collection would by necessity happen through the
same port. Thus, either the design can be changed, or the bonding of the top layer can
be omitted.

A changed design would require increasing the number of seeding ports to reduce the
branching of channels, but also placing them so that their locations don’t obstruct the
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imaging of the device. Each seeding port would normally be outfitted with a 10 µl pipette
tip to collect supernatant, and if these are too close to the chambers, they would have to
be removed during imaging.

An alternative would be to seed each chamber individually. This would mean that
the top layer could not be bonded to the bottom layer prior to seeding. Thus, either
the top layer would require bonding after the seeding step, or it would require adhesion
by other means, such as clamping. The former would be hindered by the transience of
the hydrophilic surfaces of PDMS following oxygen plasma exposure, as the presence of
hydroxyl groups on the surfaces is what enables the silanol bonding. Furthermore, the
bond could not be thermally cured at high temperatures as the cells should be kept at
37◦C. Still, at sufficient plasma exposure, it could be possible that the residual hydroxyl
groups would allow a bond to be formed between a top layer and a seeded bottom layer.

On the other hand, clamping the top layer in place would allow it to be detached at a
later time, facilitating access to the culture chambers and letting the top layers be reused.
For that reason, mechanical clamping was deemed a preferable way of keeping the device
sealed. This would eliminate the need for the top seeding layer as well, provided that a
suitable alternative seeding method was devised to work with the clamp. This topic is
further discussed in Chapter 5.

2. Pre-coating of the device hinders seeding. When the coating fluid was in-
serted, the chambers with the longest seeding channels received much less fluid, and
the fluid that did enter tended to wet the sides of the chambers while trapping air
in the centers. Furthermore, the difficulty in seeding cells into pre-coated chambers
resulted in pre-coated devices that were filled only to a very minor extent. This
requires changes in the device and/or the seeding method.

The problem of the uneven pre-coating could be alleviated, for example, by a change
in the design of the top layer, as described above, to ensure that the requisite amount of
coating fluid reached each chamber. As for the hindrance of seeding due to residual pre-
coating, one way to alleviate the problem would likely be to degas the device once more
following the incubation with the coating solution. Upon desiccation, the liquid remnants
of coating fluid that hindered the seeding would evaporate, meaning that the air in the
chambers should be able to escape through the diffusion channels as the cell suspension is
seeded. It is not known whether this would impact the efficiency of the coating fluid, as the
kit instructions specifically state that cells should be seeded immediately upon removal of
the coating fluid, so as not to let the surface dry out. Testing in well-plate culture would
be the most suitable way to determine this.

Testing with devices pre-coated with Geltrex ECM solution, which had been subjected
to vacuum desiccation after coating, showed no detrimental effect on the adhesion on
subsequently seeded cells. As such, should the coating fluid fail due to desiccation, it
might be possible to substitute it for one that is known to function following desiccation
on-chip.

However, regardless the choice of coating type, as the PDMS is covered by the coating
solution, its residual hydrophilicity would no longer assist the seeding of the cell suspension.
The effective water contact angle of a surface covered in the kit’s pre-coating solution is
not currently known. Thus, it is unclear whether the seeding would be made more difficult
by the pre-coating, particularly in the longer channels of the top layer.
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imaging of the device. Each seeding port would normally be outfitted with a 10 µl pipette
tip to collect supernatant, and if these are too close to the chambers, they would have to
be removed during imaging.

An alternative would be to seed each chamber individually. This would mean that
the top layer could not be bonded to the bottom layer prior to seeding. Thus, either
the top layer would require bonding after the seeding step, or it would require adhesion
by other means, such as clamping. The former would be hindered by the transience of
the hydrophilic surfaces of PDMS following oxygen plasma exposure, as the presence of
hydroxyl groups on the surfaces is what enables the silanol bonding. Furthermore, the
bond could not be thermally cured at high temperatures as the cells should be kept at
37◦C. Still, at sufficient plasma exposure, it could be possible that the residual hydroxyl
groups would allow a bond to be formed between a top layer and a seeded bottom layer.

On the other hand, clamping the top layer in place would allow it to be detached at a
later time, facilitating access to the culture chambers and letting the top layers be reused.
For that reason, mechanical clamping was deemed a preferable way of keeping the device
sealed. This would eliminate the need for the top seeding layer as well, provided that a
suitable alternative seeding method was devised to work with the clamp. This topic is
further discussed in Chapter 5.

2. Pre-coating of the device hinders seeding. When the coating fluid was in-
serted, the chambers with the longest seeding channels received much less fluid, and
the fluid that did enter tended to wet the sides of the chambers while trapping air
in the centers. Furthermore, the difficulty in seeding cells into pre-coated chambers
resulted in pre-coated devices that were filled only to a very minor extent. This
requires changes in the device and/or the seeding method.

The problem of the uneven pre-coating could be alleviated, for example, by a change
in the design of the top layer, as described above, to ensure that the requisite amount of
coating fluid reached each chamber. As for the hindrance of seeding due to residual pre-
coating, one way to alleviate the problem would likely be to degas the device once more
following the incubation with the coating solution. Upon desiccation, the liquid remnants
of coating fluid that hindered the seeding would evaporate, meaning that the air in the
chambers should be able to escape through the diffusion channels as the cell suspension is
seeded. It is not known whether this would impact the efficiency of the coating fluid, as the
kit instructions specifically state that cells should be seeded immediately upon removal of
the coating fluid, so as not to let the surface dry out. Testing in well-plate culture would
be the most suitable way to determine this.

Testing with devices pre-coated with Geltrex ECM solution, which had been subjected
to vacuum desiccation after coating, showed no detrimental effect on the adhesion on
subsequently seeded cells. As such, should the coating fluid fail due to desiccation, it
might be possible to substitute it for one that is known to function following desiccation
on-chip.

However, regardless the choice of coating type, as the PDMS is covered by the coating
solution, its residual hydrophilicity would no longer assist the seeding of the cell suspension.
The effective water contact angle of a surface covered in the kit’s pre-coating solution is
not currently known. Thus, it is unclear whether the seeding would be made more difficult
by the pre-coating, particularly in the longer channels of the top layer.
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Alternatively, changing the design of the device to allow manual aspiration of the
pre-coating fluid akin to a well plate would circumvent that difficulty entirely.

As such, numerous potential solutions exist, but further testing would be required in
order to determine their suitability.

3. The medium network surrounding the chambers in the bottom layer is
too narrow. The 200 µm spacing between chambers allows bubbles on the order
of nanoliters to obstruct the flow of medium between chambers. The volume of
the rectangular channel between two adjacent chambers (illustrated in figure 4.19)
is approximately 12 nl, so a bubble of that volume or greater is able to obstruct
the passage between two chambers completely. Such an obstruction would affect
the medium supply for parts of both chambers and divert the flow that should
have passed between them. Such bubbles can skew the distribution of medium
flow throughout the device, at times hindering several chambers from receiving new
medium at all. The flow is typically insufficient to move the bubbles from the places
they get lodged, and it happened several times during culture that several chambers
were entirely surrounded by air. The narrow confines of the medium network are
the cause of this problem.

The bubbles tend to arise from the frequent need to detach and reattach the tubing
connecting the syringe to the device. The medium in the syringe and tubing needed
replacing three times per culture week, and each time there is a risk of introducing bubbles.
Furthermore, bubbles may arise naturally in the microfluidics and connections as described
above and in Chapter 3.

Figure 4.19: A schematic of the dimensions of the channel leading between chambers in the VLSLL
device. As the device height is 60 µm, the volume of such a channel measures 12 nl.
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As such, the bottom layer design would benefit from changing. Wider spacing around
the chambers would allow small bubbles to pass through the device without obstructing
much of the flow. Alternatively, a bubble trap could be implemented near the medium
inlet of the device, either as part of the top layer or as part of a changed bottom layer.

Bubble trapping can be done in a number of ways, both on- and off-chip [125], with
examples illustrated in figure 4.19. On-chip bubble trapping and removal can be imple-
mented using structural elements that obstruct the passage of bubbles, hindering them
from entering the main body of the device while permitting fluid flow around them. As
the trap fills, the resistance to flow will increase, and so will the pressure that the bubbles
experience. The pressure then induces the air in the bubbles to begin diffusing into and
across the PDMS to compensate for the pressure gradient. If such a process turns out
to be too slow for the requirements of the experiment, the bubbles can instead be vented
manually. A small opening in the PDMS can be punched with a needle, allowing the air
to escape. The air outlet can then be sealed again, either with a mechanical plug or by the
same clamping that holds the device together, resetting the trap to continue functioning.

Similarly, vacuum can be applied to parts of a PDMS device to deplete it of dissolved
air, allowing air bubbles inside channels to be taken up by the degassed PDMS directly.
Such structural elements should be integrated directly into a given device to function opti-
mally. A separate device acting as a bubble trap would need connecting to the main device,
and each connector increases the risk of bubbles entering downstream during handling.

External bubble traps can also be designed simply by leading the medium through a
sealed reservoir. Medium and gas are deposited into the reservoir by pumping, and the
bubbles rise to the top of the reservoir. The pressure inside the reservoir drives the flow
of medium out via a tubing that is immersed in the medium, ensuring that only medium
is passed onward to the device. Still, this does not solve the problem of air arising in the
connectors between the tubing and the devices, so an on-chip bubble trap functionality
is preferable. On-chip structural elements also do not add nearly as mush dead volume
to the setup as an external bubble-trap reservoir. Furthermore, as the flow out of the
reservoir is effectively pressure-driven, the actual flow rate would be sensitive to variations
in fluidic resistance between devices. Such variations may exist as consequences of minor
differences in the master mold structure for different devices, or due to minute PDMS
debris that has gotten trapped in the channels.

As such, an integrated on-chip bubble trap structure is preferable. Using external
vacuum pumps increases the complexity of device handling and may affect the oxygen
concentration in the medium, inducing a hypoxic condition on-chip. Instead, structural
bubble-trapping elements are preferable.

4. The device detachment method, while proven to work well in a majority
of cases, was deemed too unreliable. As the optimized treatment for detacha-
bility was quite specific, the success of detachment was very sensitive to small vari-
ations. Impurities in the surface of the glass slide, for example, tended to greatly
increase the bonding strength locally. Similarly, when the plasma cleaner used for
bonding was recalibrated following machine failures, the precise power output had
changed enough to be noticeable in bonding strength, as demonstrated in figure
4.21. As the same power setting on comparable machines also yielded different re-
sults, the method was deemed too poorly reproducible. These fluctuations, together
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the medium supply for parts of both chambers and divert the flow that should
have passed between them. Such bubbles can skew the distribution of medium
flow throughout the device, at times hindering several chambers from receiving new
medium at all. The flow is typically insufficient to move the bubbles from the places
they get lodged, and it happened several times during culture that several chambers
were entirely surrounded by air. The narrow confines of the medium network are
the cause of this problem.

The bubbles tend to arise from the frequent need to detach and reattach the tubing
connecting the syringe to the device. The medium in the syringe and tubing needed
replacing three times per culture week, and each time there is a risk of introducing bubbles.
Furthermore, bubbles may arise naturally in the microfluidics and connections as described
above and in Chapter 3.

Figure 4.19: A schematic of the dimensions of the channel leading between chambers in the VLSLL
device. As the device height is 60 µm, the volume of such a channel measures 12 nl.
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As such, the bottom layer design would benefit from changing. Wider spacing around
the chambers would allow small bubbles to pass through the device without obstructing
much of the flow. Alternatively, a bubble trap could be implemented near the medium
inlet of the device, either as part of the top layer or as part of a changed bottom layer.

Bubble trapping can be done in a number of ways, both on- and off-chip [125], with
examples illustrated in figure 4.19. On-chip bubble trapping and removal can be imple-
mented using structural elements that obstruct the passage of bubbles, hindering them
from entering the main body of the device while permitting fluid flow around them. As
the trap fills, the resistance to flow will increase, and so will the pressure that the bubbles
experience. The pressure then induces the air in the bubbles to begin diffusing into and
across the PDMS to compensate for the pressure gradient. If such a process turns out
to be too slow for the requirements of the experiment, the bubbles can instead be vented
manually. A small opening in the PDMS can be punched with a needle, allowing the air
to escape. The air outlet can then be sealed again, either with a mechanical plug or by the
same clamping that holds the device together, resetting the trap to continue functioning.

Similarly, vacuum can be applied to parts of a PDMS device to deplete it of dissolved
air, allowing air bubbles inside channels to be taken up by the degassed PDMS directly.
Such structural elements should be integrated directly into a given device to function opti-
mally. A separate device acting as a bubble trap would need connecting to the main device,
and each connector increases the risk of bubbles entering downstream during handling.

External bubble traps can also be designed simply by leading the medium through a
sealed reservoir. Medium and gas are deposited into the reservoir by pumping, and the
bubbles rise to the top of the reservoir. The pressure inside the reservoir drives the flow
of medium out via a tubing that is immersed in the medium, ensuring that only medium
is passed onward to the device. Still, this does not solve the problem of air arising in the
connectors between the tubing and the devices, so an on-chip bubble trap functionality
is preferable. On-chip structural elements also do not add nearly as mush dead volume
to the setup as an external bubble-trap reservoir. Furthermore, as the flow out of the
reservoir is effectively pressure-driven, the actual flow rate would be sensitive to variations
in fluidic resistance between devices. Such variations may exist as consequences of minor
differences in the master mold structure for different devices, or due to minute PDMS
debris that has gotten trapped in the channels.

As such, an integrated on-chip bubble trap structure is preferable. Using external
vacuum pumps increases the complexity of device handling and may affect the oxygen
concentration in the medium, inducing a hypoxic condition on-chip. Instead, structural
bubble-trapping elements are preferable.

4. The device detachment method, while proven to work well in a majority
of cases, was deemed too unreliable. As the optimized treatment for detacha-
bility was quite specific, the success of detachment was very sensitive to small vari-
ations. Impurities in the surface of the glass slide, for example, tended to greatly
increase the bonding strength locally. Similarly, when the plasma cleaner used for
bonding was recalibrated following machine failures, the precise power output had
changed enough to be noticeable in bonding strength, as demonstrated in figure
4.21. As the same power setting on comparable machines also yielded different re-
sults, the method was deemed too poorly reproducible. These fluctuations, together
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Figure 4.20: Two forms of bubble traps that could be combined with the organ-on-chip platform.
Left: a reservoir-based bubble trap. The inlet and outlet tubes are represented as arrows, with
the outlet of the reservoir being connected to the inlet of the device’s medium channel. Any air
bubbles that enters through the inlet tubing (white circles) will rise to the top of the reservoir,
and the pressure of the reservoir drives the flow out from the reservoir. As the outlet tubing is
immersed in the liquid, no air bubbles are passed on. Once the reservoir fills with air, it can be
opened and refilled with medium. Right: an on-chip structural bubble trap. As bubbles enter,
the sieve-like structural elements hinder the bubbles from flowing onward. While the bubbles can
deform, under low flow rates they are less likely to do so as it is more energetically favorable for
the bubbles to remain spherical. As such, the size of the sieve elements determines the size of the
bubbles. Notably, the sieve is harder to vent the air out from than the reservoir trap, but in return
the dead volume of the on-chip element is far smaller than that of the reservoir. Illustration based
on that of Pereiro et al. [125].

with impurities in some of the glass slides, caused a minority of devices to either
detach prematurely or break apart upon detachment. In the latter case, parts of
the bottom layer would remain on the glass slide, with the PDMS still covering the
cells.

The bonding and/or detachment method needed to change. While in theory the plasma
exposure adjustment should have been sufficient, practical issues both with the glass sub-
strates and the plasma cleaners led to the need for an alternative. The issues with the
glass slides could be solved by coating the glass with a thin layer of PDMS, requiring a
re-optimization of the plasma exposure, but the bonding would still be dependent on the
plasma cleaner’s power output.

Others have in the past achieved reversible bonding of microfluidics based on tuning
the plasma treatment [326], their work used a simple straight-channel device with large
contact area. The VLSLL device, on the other hand, has areas that are 20 x 50 µm and
need to be bonded strongly enough not to leak. All the same, with more stable equipment,
it is possible that fully reproducible reversible bonding could be achieved with the VLSLL
device as well.

Similarly, Vezy et al. [327] have presented a substrate that forms weaker bonds with
PDMS than glass does under plasma treatment. Dimethyl methylphenylmethoxy siloxane
(DMPMS) forms bonds with PDMS that can withstand up to 100 kPa of internal pressure
and works on a variety of substrates such as glass, gold and silicon. However, its biocom-
patibility and chemical stability would need to be analyzed before implementation in iPSC
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Figure 4.21: Images of problems that arose with device bonding using the reversible bonding pro-
tocol. Left: A device with insufficient plasma treatment detaches during seeding, due to handling
and pipetting alone. Right: A device with too much plasma treatment fails to detach completely,
instead breaking in half during attempted detachment. The variations in bonding strength ob-
served here happened for a minority of devices, but without changes in the plasma treatment
parameters or handling.

cultures on chip. While it has been proven not to inhibit proliferation of T-lymphoblastoid
cells in suspension [328], further testing would still be necessary to ascertain that the ma-
terial does not negatively influence the iPSCs or the medium components. Adsorption
of biomolecules as well as long-term leaching would need to be investigated, as the iPSC
differentiation culture takes place over several weeks.

As alternatives to plasma bonding, a number of other methods exist that allow some
degree of reversible bonding. Shiroma et al. [329] describe a reversible bonding strategy
based on auxiliary PDMS curing. A glass slide placed in contact with a PDMS channel
layer was subsequently covered with liquid PDMS mixture and cured, sealing the glass
between the channel layer and the cover layer. The nature of the bonding allows the device
to be reused after exceeding its burst pressure a number of times, albeit with decreasing
burst pressure for each subsequent time. The bond could be released by the application
of acetone and ultrasound. While the method is intriguing, its application to the VLSLL
device is unlikely to be suitable. The application of acetone in close proximity to the cells
being cultured risks negatively impacting the cells prior to the assays being performed.
The complexity of handling would also increase with the necessity for applying ultrasound
to the devices at the same time as the acetone immersion.

Regarding the VLSLL device, it is not sufficient for the device to be bonded at the
outer edges as the individual pillars that form the diffusion walls must also be bonded to
the bottom substrate. Otherwise, the device would risk deforming at the center, allowing
medium to flow underneath the diffusion walls. Furthermore, the requirement that the
device must be immersed in acetone for 20 minutes to detach it involves a risk of harming
the cells, as acetone may permeate parts of the device. While acetone could be used to
fix cells for staining [330], it is poorly suited for staining lipid droplets, and exposure to
acetone could also negatively impact the cells prior to assays such as qPCR.

The work of Le Berre et al. [331, 332] offers another alternative for reversible PDMS
bonding. Their device includes an aspiration network that is kept under vacuum to hold
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need to be bonded strongly enough not to leak. All the same, with more stable equipment,
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cultures on chip. While it has been proven not to inhibit proliferation of T-lymphoblastoid
cells in suspension [328], further testing would still be necessary to ascertain that the ma-
terial does not negatively influence the iPSCs or the medium components. Adsorption
of biomolecules as well as long-term leaching would need to be investigated, as the iPSC
differentiation culture takes place over several weeks.

As alternatives to plasma bonding, a number of other methods exist that allow some
degree of reversible bonding. Shiroma et al. [329] describe a reversible bonding strategy
based on auxiliary PDMS curing. A glass slide placed in contact with a PDMS channel
layer was subsequently covered with liquid PDMS mixture and cured, sealing the glass
between the channel layer and the cover layer. The nature of the bonding allows the device
to be reused after exceeding its burst pressure a number of times, albeit with decreasing
burst pressure for each subsequent time. The bond could be released by the application
of acetone and ultrasound. While the method is intriguing, its application to the VLSLL
device is unlikely to be suitable. The application of acetone in close proximity to the cells
being cultured risks negatively impacting the cells prior to the assays being performed.
The complexity of handling would also increase with the necessity for applying ultrasound
to the devices at the same time as the acetone immersion.

Regarding the VLSLL device, it is not sufficient for the device to be bonded at the
outer edges as the individual pillars that form the diffusion walls must also be bonded to
the bottom substrate. Otherwise, the device would risk deforming at the center, allowing
medium to flow underneath the diffusion walls. Furthermore, the requirement that the
device must be immersed in acetone for 20 minutes to detach it involves a risk of harming
the cells, as acetone may permeate parts of the device. While acetone could be used to
fix cells for staining [330], it is poorly suited for staining lipid droplets, and exposure to
acetone could also negatively impact the cells prior to assays such as qPCR.

The work of Le Berre et al. [331, 332] offers another alternative for reversible PDMS
bonding. Their device includes an aspiration network that is kept under vacuum to hold
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the PDMS and glass together, resisting pressures up to 100 kPa. Such a design constrains
the layout of the bottom layer, however, as vacuum channels must run close to all walls
that need to be bonded. Furthermore, the requirement of having each device connected
not only to a pump for the medium but to a vacuum pump as well would increase the
complexity in handling. The aspiration network also cannot feasibly be pumped to vacuum
and then sealed, as air would diffuse in through the PDMS over time, weakening the bond.

Rafat et al. [333] have presented a reversible bonding method based on magnets. Using
either bar magnets or PDMS enriched with iron filings, they demonstrate the ability to
provide leak-resistant reversible bonds up to 145 kPa of internal pressure. This compares
reasonably well to the strength of plasma bonding, which can withstand pressures of 200-
350 kPa [168]. However, as with the vacuum-based bonding used by Le Berre et al. [331],
the magnetic bonding would be poorly suited to bond the diffusion walls throughout the
device. This is because the magnetic clamping could only be applied at the edges of the
device without obstructing the imaging of the device, which needs to be doable throughout
the culture period. The variant that relies on embedding iron filings in the PDMS would
partly solve this issue, but only if the iron was embedded solely in the diffusion walls, not
in the rest of the bottom or top layers. Even then, the authors state that the bonding is
far weaker than that of the bar magnets, meaning that it would still risk leaking.

A variation of the magnetic bonding was presented by Rasponi et al. [334], who
included cavities for magnetic suspension in a layer above the fluidic one. For the VLSLL
device, such a method would share the drawbacks of the approach of Rafat et al. unless
the magnetic suspension channels overlapped with the device’s diffusion walls. Such an
approach is possible in the VLSLL device as well but would require the integration of
another fluidic layer between the present top and bottom layers. To achieve a bonding
that resists 60 kPa, Rasponi et al. required a magnetic layer of 3 mm thickness, and even
then, the magnetic layer covered the entire outer boundary of their device.

The actual pressure that the VLSLL device is subjected to during normal operation
has not been measured, as it is pumped by syringe-based rather than pressure-driven
pumping. Nonetheless, the thinness of the diffusion walls would increase the demands on
the thickness of the magnetic layer compared to a design like that of Rasponi et al., where
the magnetic layer covers a far wider area.

Chu et al. [335] have demonstrated another method of reversibly bonding PDMS to
glass or PDMS surfaces, by mixing the PDMS with a skin-adhesive soft polymer prior
to curing. Their polymer blend, containing only 2.5% PDMS, was cured and thermally
annealed onto a glass or PDMS surface, yielding a bond that was strong but reversible,
with burst pressures of 80 and 240 kPa, respectively. However, nothing is stated about
the gas permeability of this polymer additive, which is a key factor in the choice of PDMS
for the applications described in this thesis.

PDMS can bond to glass and PDMS surfaces purely through van der Waals forces as
well. When placed into contact, the flexibility of the PDMS allows it to conform to minor
surface imperfections in the bottom substrate to maintain contact [168]. This bond is
far weaker than the covalent bond formed through silanol bridges, having a typical burst
pressure of less than 35 kPa. Similar to plasma bonding, such van der Waals bonding is
strongly dependent on the size of the contact area. As such, the thin narrow walls of the
VLSLL device chambers do not resist leakages under flow, but larger solid structures such
as the devices described by, e.g., Khademhosseini et al. [336] and Paegel et al. [337], can be
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operated under pressure. The effect of the van der Waals force in reversible PDMS bonding
to glass is discussed further by, for example, Chen et al. [338], who compare the burst
pressure of devices with and without an auxiliary glass top layer to inhibit deformation.
Likewise, they demonstrate an increase in burst pressure by 2.5 times through simple
mechanical clamping of the device, which further inhibits delamination and detachment.

The bond formed by van der Waals forces can be supplemented by means of silane
vapors [339, 340]. By subjecting PDMS and glass substrates in conformal contact to
various silane compounds in vapor form, Sofla et al. found that stronger bonds were
formed as the silane diffused through the PDMS and interacted with exposed groups at
the surfaces. It was proposed [340] that HCl gas was the critical component, as it arises
in the interaction between PDMS and certain chlorosilanes, thereby enriching the surfaces
of both glass and PDMS with hydroxyl groups. However, the fact that the silanes and
HCl gas need to diffuse through and into the PDMS sample makes it seem less than ideal
for cell culture applications. Silane can form surface layers on surfaces such as silicon and
glass, meaning that it may linger in a device after bonding and negatively affect the cell
culture. Similarly, fractions of both gases may remain dissolved in the PDMS even during
desiccation and may leach out once the device is primed for seeding.

The effect of van der Waals bonding can also be harnessed in another way, through
gecko-inspired adhesive structures as presented by Wasay and Sameoto [341, 342]. Using
geometrically optimized support pillars and channel walls, strong van der Waals bonding
was achieved between styrene-ethylene-butylene-styrene (SEBS) polymer and polystyrene
surfaces. The overhanging cap geometry, shown in figure 4.22 helps prevent detachment
even under 600 kPa of internal pressure, but the shape of the pillars allow them to be
detached by external shearing force. While the results presented by Wasay and Sameoto
were achieved using SEBS, the working principle could likely be extended to PDMS as
well.

Figure 4.22: An illustration of micropillars in SEBS polymer (gray) based on the shape described by
Wasay and Sameoto [341] used for reversible bonding of microfluidics. The scale bar is approximate
based on the dimensions given in their paper.

Stamp-and-stick is yet another approach of forming reversible or semi-reversible bonds
between PDMS and substrates. By briefly applying the PDMS device to a spin-coated
surface of adhesives [181] or uncured PDMS [343] and then placing it into contact with
the substrate before curing the adhesive, bonds of various strengths have been achieved.
As the interface between the device and the adhesive is more weakly bonded than the
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the PDMS and glass together, resisting pressures up to 100 kPa. Such a design constrains
the layout of the bottom layer, however, as vacuum channels must run close to all walls
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pumping. Nonetheless, the thinness of the diffusion walls would increase the demands on
the thickness of the magnetic layer compared to a design like that of Rasponi et al., where
the magnetic layer covers a far wider area.
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to curing. Their polymer blend, containing only 2.5% PDMS, was cured and thermally
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the gas permeability of this polymer additive, which is a key factor in the choice of PDMS
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well. When placed into contact, the flexibility of the PDMS allows it to conform to minor
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operated under pressure. The effect of the van der Waals force in reversible PDMS bonding
to glass is discussed further by, for example, Chen et al. [338], who compare the burst
pressure of devices with and without an auxiliary glass top layer to inhibit deformation.
Likewise, they demonstrate an increase in burst pressure by 2.5 times through simple
mechanical clamping of the device, which further inhibits delamination and detachment.

The bond formed by van der Waals forces can be supplemented by means of silane
vapors [339, 340]. By subjecting PDMS and glass substrates in conformal contact to
various silane compounds in vapor form, Sofla et al. found that stronger bonds were
formed as the silane diffused through the PDMS and interacted with exposed groups at
the surfaces. It was proposed [340] that HCl gas was the critical component, as it arises
in the interaction between PDMS and certain chlorosilanes, thereby enriching the surfaces
of both glass and PDMS with hydroxyl groups. However, the fact that the silanes and
HCl gas need to diffuse through and into the PDMS sample makes it seem less than ideal
for cell culture applications. Silane can form surface layers on surfaces such as silicon and
glass, meaning that it may linger in a device after bonding and negatively affect the cell
culture. Similarly, fractions of both gases may remain dissolved in the PDMS even during
desiccation and may leach out once the device is primed for seeding.

The effect of van der Waals bonding can also be harnessed in another way, through
gecko-inspired adhesive structures as presented by Wasay and Sameoto [341, 342]. Using
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was achieved between styrene-ethylene-butylene-styrene (SEBS) polymer and polystyrene
surfaces. The overhanging cap geometry, shown in figure 4.22 helps prevent detachment
even under 600 kPa of internal pressure, but the shape of the pillars allow them to be
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Wasay and Sameoto [341] used for reversible bonding of microfluidics. The scale bar is approximate
based on the dimensions given in their paper.

Stamp-and-stick is yet another approach of forming reversible or semi-reversible bonds
between PDMS and substrates. By briefly applying the PDMS device to a spin-coated
surface of adhesives [181] or uncured PDMS [343] and then placing it into contact with
the substrate before curing the adhesive, bonds of various strengths have been achieved.
As the interface between the device and the adhesive is more weakly bonded than the
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bulk of the device, devices can be peeled off after use. However, the contact with the
liquid adhesive layer risks transferring the liquid into finer structures of the device, such
as the diffusion channels of the VLSLL design, thus making the method unsuitable for the
current device.

A simpler approach to reversible device bonding is that of Thompson and Abate [344],
using double-sided adhesive tape. Pressures of 50kPa could be applied without leakages,
with burst pressures reaching 350 kPa for devices that had been thermally cured after
taping. For structures as small as the diffusion barrier walls of the VLSLL device, however,
such a device would develop leaks at lower pressures. The formation of Saffman-Taylor
fingers in the range of 25-100 kPa indicate that smaller structures would likely detach,
allowing flow to enter underneath the diffusion walls.

For a microfluidic device with low aspect ratio like the VLSLL, which is much wider
than it is high, the internal forces acting on the device when it is pressurized can be
assumed to be predominantly normal to the bottom surface. As such, the adhesive strength
of the tape scales with the surface area of the device that is in contact with the tape.
Thus, while the outer frame of the VLSLL device might stand relatively high pressures,
the diffusion walls — based on 20 x 50 µm pillars — would detach at much lower pressures.

Furthermore, the sterility, biocompatibility and chemical stability of the tapes would
be an important issue. The devices are commonly sterilized using either oxygen plasma or
ethanol perfusion, both of which may impact the tape. Likewise, adsorption of biomolecules
and leaching of molecules from the tape into the medium would require in-depth charac-
terization, particularly with cells as sensitive as iPSCs.

Ultimately, a multitude of alternative bonding strategies exist, each with their own
benefits and drawbacks that impact their suitability in use for a device like the VLSLL
chip. A suitable means of detachment would need to be implemented in an upgraded
design to facilitate staining of on-chip cultures, unless the difficulties in on-chip staining
that were observed in the VLSLL chip are otherwise overcome. A detachable device would
also allow extraction of cells for follow-up assays such as qPCR.

5. On-chip staining is difficult due to the small size of the diffusion channels.
The flow of dyes and reagents through the diffusion barrier, even when the device
is flushed manually with a pipette, is too limited. This is part of the reason why a
device detachment method was sought, but the ability to stain on-chip would be less
disruptive of the cells’ formed tissue architecture. Thus, on-chip staining would be
more representative of the spatial distribution of cells both in mono- and co-culture.

The on-chip staining is primarily dependent on the size of the diffusion channels, which
limit the perfusion of the device. Furthermore, the narrowness of the medium network
mean that air bubbles are easily introduced during washing and staining, which disrupts
the flow on-chip as described above. Lastly, the length and structure of the seeding
layer introduces additional fluidic resistance to the liquid emerging out of the tops of the
chambers during flushing. All of these factors could be overcome by altering the design
of the bottom and top layers, and several of the changes could also address problems
described above such as uneven seeding distribution and the trapping of bubbles between
chambers during culture.

Increasing the size of the diffusion channels would also increase the shear stress that
the cells are subjected to. Using the simulation described in the paper by Banaeiyan et al.
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[1], the fluid shear stress is given as 50 µPa inside the chamber. However, the simulation
uses a single chamber but is simulated with an inflow speed of 1 µl/min corresponding
to a complete device of 18 chambers. As such, the factual shear stress is lower than the
simulation shows. The shear stress, expressed as τ = −µ∂u

∂y (equation 3.11), scales with
the nominal flow rate. As the flow inlet in the VLSLL device is located in the center of
the device, a constant volumetric inflow rate will give a fluid flow speed in the device that
decreases with increasing radius (u ∝ 1

r ). As such, the flow rate around the chambers,
and thereby the shear stress, should vary across each chamber and also differ between the
chambers closer to and farther from the central medium inlet.

Furthermore, as the simulation was performed in 2D, the diffusion channels are treated
as though they measure 2 x 60 µm rather than the factual 2 x 2 µm, further skewing the
simulation. As it is, the cells likely receive less medium (because of the diffusion channel
discrepancy) and experience lower shear stress (because of the single-chamber simulation)
than the simulation shows. A new design could therefore be built as a linear structure
rather than a radial one to make the shear stress and flow rates more evenly distributed
in the device.

All in all, the shortcomings of the VLSLL device would most easily be overcome by
altering the structure of the design. The working principle is sound, as evidenced by
the results presented by Banaeiyan et al., but the device is hampered by practical flaws
as described above. As the design is protected by a patent (WO 2017/164797 Al), for
practical and legal reason it would be easier to design a new device based on similar
working principles, as those were established on-chip already by Lee et al. [247].

4.2.4.2 Moving forward

The hepatocyte differentiation could not be carried out satisfactorily on-chip, for the
reasons stated above. While individual workarounds would be possible for some of the
difficulties encountered, in the end it was deemed unfeasible to continue the differentiation
optimization using the VLSLL device.

The off-chip optimizations were deemed successful in that the optimized antibody
assays could likely be applied to on-chip cultures with little to no adjustments once on-
chip staining was enabled. However, as the device was to be redesigned before the next
attempt at on-chip differentiation, further optimization of assays such as PAS and CDFDA
was delayed. Likewise, no further control well plate culture was attempted, as a future
on-chip differentiation would be better served by a control culture from the same batch
and lot.

Though the on-chip differentiation itself was unsuccessful, it highlighted aspects of
the device structure and operation that could benefit from further modification. The
core principle of the device, relying on culture chambers protected from shear stress by a
structural endothelial substitute, has been proven to work well [1, 7, 247, 250, 251]. As
such, the updates to be carried out relate more to the practical operation of the device.

Table 4.3 outlines the benefits and flaws of the VLSLL device, as well as the needs and
requisites of an updated device intended to surpass its shortcomings. Chapter 5 describes
the development, fabrication and implementation of such an updated device.
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Table 4.3: A summary of the benefits and shortcomings of the VLSLL device in light
of what a liver-on-a-chip needs, and the improvements needed in the next iteration.

Trait VLSLL device Liver Chip version 2 as intended

Perfusion
and shear
stress Enabled by sinusoid mimetics

Simulated for one chamber at
full-device flow speed

Diffusion channels are much
smaller than in simulation

Enabled by sinusoid mimetics,
more numerous for better access
to nutrients

Simulated for the entire device

Diffusion channels closer to full
height, to make simulation more
realistic

Increased perfusion and shear
stress

3D cul-
ture

Supported Supported

Gas per-
meability

Yes Yes

Cell
sources

HepG2

iPSC-derived hepatocytes

Cell lines for optimization and
coculture

Primary or iPSC-derived cells
for validation

Coculture Not published, though
practically doable

Yes, combining hepatocytes with
stellate and/or endothelial cells

Seeding

9 chambers seeded at once
through uneven, convoluted
path

No control over number of cells
per chamber

Many cells get stuck in the seed-
ing layer

Chambers seeded individually

Precise control of cell number
through dispensing method

No cells lost to a seeding layer

Possibility of culturing different
cell types at once in different
chambers

Seeding in 2D and 3D possible
by varying ECM and cell den-
sity

Utility

Not reliably compatible with
on-chip staining

Reversible bonding method is
not reliable

Air bubbles very easily obstruct
the channels between cham-
bers, cutting them off from the
medium flow

Compatible with on-chip stain-
ing thanks to greater perfusion

Designed for reversible bonding

Increased spacing between
chambers to allow bubbles to
pass without obstruction

Chapter 5

Developing an updated liver chip

As outlined in Chapter 4, the attempted on-chip differentiation of iPSC-derived cells to
hepatocytes revealed a number of practical shortcomings of the VLSLL device. However,
the experiments, together with previously published results [1], also highlight a number of
benefits to the device structure as it is. As such, the next version of liver chip (LC-v2) was
designed to retain the strengths of the VLSLL device but improve upon its drawbacks.
This required redesigning, simulating, and producing the device as well as new practical
considerations in its implementation. These steps are described below. The work described
in Chapter 5 was performed by me, with some assistance from Dr. Muhammad Asim Faridi
in the processes described in section 5.2.

5.1 Design and simulations of LC-v2

5.1.1 Fundamental traits

As touched upon in Chapter 4, the benefits of the VLSLL device are as follows:

a Separate medium and cell culture areas, allowing simultaneous culture of cells inside
and outside the chambers

b Modular chamber design, where several individual culture areas share one medium
network, enabling downstream effects

c Wide chambers that allow mimicking of zonation in two lateral dimensions

d Chamber height of 60 µm permissive of 3D culture

e Radial perfusion to make the chambers homogeneous and facilitate zonation mimicry

f Low but non-zero shear stress

g Diffusion-based mass transport

h Gas permeation through device material

Conversely, the drawbacks that the new device should overcome are the following:

107
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1. Chambers could not be seeded individually, so the evenness of seeding was dependent
on the top layer

2. The top layer hindered accuracy in seeding count as cells were trapped in the seeding
channels

3. The diffusion channels were small enough that they hindered on-chip immunofluo-
rescent staining

4. The device was permanently sealed and bonded, hindering extraction of cells as well
as later additional seeding of cells

5. Narrow channels in the medium network cause bubbles to get stuck easily and cut
off the medium flow to entire chambers at a time

6. The simulation of the VLSLL device used only one chamber but with a flow speed
corresponding to a complete device.

As the design of the VLSLL device is protected by a patent (WO2017164797A1), rather
than build on the existing design, the LC-v2 device was designed from scratch, retaining
the base principles as laid down by Lee et al. [247]. The design was inspired by that of
the VLSLL device but executed in such a way as to not infringe on the patent. All device
models were designed using AutoCAD (Autodesk, San Rafael, California, USA), versions
2018 through 2021. Designs were simulated under flow as described in section 5.2 below,
and the simulations were used to guide the iterations of the design.

Benefits a-c were retained by choosing a design in which, as in the VLSLL device, cells
are cultured in chambers that are separated from the medium flow by means of barrier
walls. To keep benefit d, the ability to culture cells in 3D, the chambers were chosen to
be 60 µm in height, similar to the VLSLL device. Benefits e-g were maintained by means
of the barrier wall structure, and required simulations and iterations until satisfactory
conditions were met. Lastly, by designing the device to be cast out of PDMS, benefit h
could be retained.

As for the list of flaws, a seeding method independent of a top layer was envisioned
in order to remedy flaws 1-2. While the device would consist of chambers similar to the
bottom layer of the VLSLL device, seeding would be carried out directly into the chambers,
without the need for a top layer. Flaw 3 would be addressed by increasing the width and
height of the diffusion channels, enabling more efficient device perfusion as well as a higher
— yet physiological — level of shear stress.

Flaw 4 would be solved by sealing the device shut through clamping rather than plasma
bonding, making the cells accessible during culture. This would also make it possible to
perform on-chip staining by opening the device and applying the reagents directly to
the cells. A wider spacing between chambers would remedy flaw 5 and allow bubbles to
pass between the chambers more easily without hindering the cells’ access to medium.
Furthermore, a bubble trap would be implemented at the inlet of the device, further
facilitating the removal of air. Lastly, flaw 6 would be addressed in the simulations step.

5.1 Design and simulations of LC-v2 109

5.1.2 Design of the initial chamber

The new device’s culture chambers were modelled to be circular rather than hexagonal
in order to fit a larger number of sinusoid-mimicking indentations, as shown in figure 5.1.
The diffusion channels were increased in width from 2 µm in the VLSLL to 5 µm in the
LC-v2, enclosing a culture area that measured 2 mm in diameter. The pillars that formed
the diffusion barrier wall were designed to be different sizes at the exterior boundary (A),
the sinusoid walls (B) and the sinusoid ends (C). This was done in order to facilitate the
diffusion of nutrients through the sinusoids rather than through the outer boundary. The
pillars forming the diffusion barrier were 22 x 70 µm at A, 22 x 40 µm at B, and 12.5
x 40 µm at C. 12 sinusoid indentations were included in order to increase the fraction of
the cells that were located close to the diffusion barrier. The central area, between the
sinusoids, measured approximately 935 µm across.

Figure 5.1: The initial design of a cell culture chamber on the LC-v2 device. The pillars forming
the diffusion bariier wall differ in size between the exterior (A), the sinusoid side walls (B) and
the ends of the sinusoids (C), measuring 22 x 70 µm, 22 x 40 µm, and 12.5 x 40 µm, respectively.
Scale bars represent 250 µm in the left figure and 100 µm in the right figure, respectively.

The design shown in figure 5.1 formed the core of the chamber. A secondary barrier
layer was also designed, located at a 100 µm offset from the outer boundary of the inner
chamber. The increased size of the diffusion channels in LC-v2 compared to the VLSLL
chip was expected to cause an off-center concentration gradient upon filling, so a number
of variants were designed to generate a radial profile. These designs are shown in figure
5.2a-e.

For initial simulations regarding the flow profile into the various chamber structures,
simulations were performed using a single chamber, 3.6 mm in width and 10 mm in length,
shown in figure 5.3.

5.1.3 Simulation of the initial chamber

All simulations of device models were carried out using Comsol Multiphysics version
5.3.0.316 (Comsol Inc., Stockholm, Sweden). The aqueous cell culture medium was rep-
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Figure 5.2: The different chamber types that were designed and simulated for the LC-v2 device.
The different structures were all intended to modulate and shape the flow in order to attain a radial
influx profile. Note, the medium flows from top to bottom in each figure. Scale bars represent 250
µm.

Figure 5.3: The design of the initial test device design, which was used to observe the influx profiles
of the different chamber designs shown in figure 5.2. The medium inlet and outlet are located at
the left and right extremes of the device.

5.1 Design and simulations of LC-v2 111

resented as water, with a density of 993.3 kg/m3 and dynamic viscosity of 0.692 mPa ·
s. The flow was modelled as laminar and incompressible, with reference pressure set to 1
atm and a temperature of 37◦C (310.15 K). The system was assumed to be governed by
the Navier-Stokes equation (equation 3.1) and obey the no-slip boundary condition, with
a flow velocity of zero at the walls. The device height (”entrance thickness” in Comsol)
was set to 60 µm, and outlet counterpressure was set to 0. Inflow rate was set to 1 µl/min,
comparable to the model of the VLSLL device [1], in order to compare the two chamber
models under similar circumstances. However, unlike the VLSLL device, no central outlet
was modelled.

The spread of solutes through convection and diffusion was modelled using the Trans-
port of Diluted Species module in Comsol, considering convection and diffusion. The
solute was modelled as glucose, with a diffusion coefficient of 9.6 · 10−10 m2/s [345]. The
system was modelled as filled with liquid at zero glucose concentration to see how quickly
and how radially the solution would fill the chambers. The solution flowing into the de-
vice was set to have a glucose concentration of 11 mol/m3, similar to the cell culture
medium intended for initial use in the device (MEM/EBSS medium, SH30244, Cytiva,
Marlborough, Massachusetts, USA).

The device was meshed using Comsol’s physics-controlled mesh, set to fine element
size for single chamber simulations and normal mesh size for full-scale devices due to the
computationally intensive nature of the simulations. A stationary solver was used for the
laminar flow, while a time-dependent solver was used for the transport of diluted species.

For single-chamber simulations, the deciding criterion for a design was the concentra-
tion profile of the diluted glucose in the solution. The chambers were simulated as filled
with liquid at zero glucose concentration, and a solution containing 11 mM of glucose was
flowed into the device from the inlet.

In the in vivo lobules, sinusoids receive blood from the portal venules and hepatic
arterioles at the intersection between lobules. To mimic this, the influx of nutrients into
the chamber should ideally not be biased in any direction. This can be judged by looking
at the concentration across the chamber over time. The concentration profile was studied
both using 2D plots of the chamber volume and 1D plots along readout lines placed inside
the chambers. Figure 5.4 shows an example of this.

The most radial, bias-free flow profile for a single chamber device, as judged from the
simulations, was achieved by removing part of the outer barrier from the downstream side
of the chamber. A quarter of the outer wall was thus removed on the side facing towards
the outlet (see figure 5.2(e)). The chamber then equilibrated quickly in concentration,
as shown in figures 5.5 and 5.6. At no point did the concentration in the top of the
chamber lead the concentration in the bottom of the chamber by more than 0.8 mM, and
as the concentration in the chamber rises, the asymmetry is evened out. This was deemed
sufficient for the single-chamber stage. Even a concentration profile that is entirely without
bias in a single-chamber simulation is by necessity different in the full-device simulation
due to the differences in flow, as illustrated in figure 5.8 below.

The shear stress inside the single chamber under the given conditions is on the order
of 0.5-5 µPa for a majority of the chamber, rising to 20 µPa within 5 µm radii from the
diffusion channel inlets as seen in figure 5.7. The lowest level of shear stress is found at
the center of the chamber. In this sense, the simulated chamber differs from that of the
VLSLL device as presented in the paper [1]. The VLSLL chamber was simulated as having
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Figure 5.4: The different analysis interfaces used to judge the influx profile of medium into the
chamber. The concentration can be read out along user-defined lines in the chamber (top left),
showing how the concentration varies along the length of the readout line (top right). The 2D plot
(bottom) is useful in guiding the placement of the analysis lines to find the greatest differences.

an outlet at the center, and as such, a higher flow through the chamber was observed. In
the VLSLL device simulations, using the same simulation parameters as for the LC-v2, a
comparable shear stress of 80 µPa was observed nearest to the diffusion channels, with a
majority of the chamber having 5-10 µPa. The shear stress was higher near the center of
the VLSLL device, whereas in the LC-v2 device it was lower at the center, also because
of the center outlet in the VLSLL design.

Notably, the shear stress of the chambers is by necessity different in a multi-chamber
configuration. As seen here, the shear stress level experienced by one LC-v2 chamber
was comparable to that of the VLSLL device, but the flow rate is an important factor to
consider.

The VLSLL device received medium at the center of the device which spread out
radially in the device. Thus, the flow rate decreased with the distance from the medium
inlet, and thereby, so did the shear stress. Conversely, the LC-v2 device was designed to
have a flow from an inlet to an outlet in a similar vein as the single chamber modelled
here (see figure 5.3). As such, the flow velocity and shear stress should not vary over the
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Figure 5.5: The concentration profile in 2D for the single-chamber test simulation during and
following the first 15-minute pumping cycle, lasting from t = 60 to t = 960s.

Figure 5.6: The concentration profile along the line shown in figure 5.4 for the single-chamber test
simulation during and following the first 15-minute pumping cycle, from t = 60 to t = 960s. at
180 s intervals corresponding to figure 5.5.



112 Developing an updated liver chip

Figure 5.4: The different analysis interfaces used to judge the influx profile of medium into the
chamber. The concentration can be read out along user-defined lines in the chamber (top left),
showing how the concentration varies along the length of the readout line (top right). The 2D plot
(bottom) is useful in guiding the placement of the analysis lines to find the greatest differences.

an outlet at the center, and as such, a higher flow through the chamber was observed. In
the VLSLL device simulations, using the same simulation parameters as for the LC-v2, a
comparable shear stress of 80 µPa was observed nearest to the diffusion channels, with a
majority of the chamber having 5-10 µPa. The shear stress was higher near the center of
the VLSLL device, whereas in the LC-v2 device it was lower at the center, also because
of the center outlet in the VLSLL design.

Notably, the shear stress of the chambers is by necessity different in a multi-chamber
configuration. As seen here, the shear stress level experienced by one LC-v2 chamber
was comparable to that of the VLSLL device, but the flow rate is an important factor to
consider.

The VLSLL device received medium at the center of the device which spread out
radially in the device. Thus, the flow rate decreased with the distance from the medium
inlet, and thereby, so did the shear stress. Conversely, the LC-v2 device was designed to
have a flow from an inlet to an outlet in a similar vein as the single chamber modelled
here (see figure 5.3). As such, the flow velocity and shear stress should not vary over the

5.1 Design and simulations of LC-v2 113

Figure 5.5: The concentration profile in 2D for the single-chamber test simulation during and
following the first 15-minute pumping cycle, lasting from t = 60 to t = 960s.

Figure 5.6: The concentration profile along the line shown in figure 5.4 for the single-chamber test
simulation during and following the first 15-minute pumping cycle, from t = 60 to t = 960s. at
180 s intervals corresponding to figure 5.5.



114 Developing an updated liver chip

Figure 5.7: The shear stress in the single-chamber device simulation, shown in 2D at two different
scales (top, left and right). Note, values equal to or exceeding the maximum of the scale are
shown in the color of the scale maximum. This way, the two images are able to show more minute
variations in shear stress at two different scales. A comparison to the VLSLL device is shown in
the bottom figure.

length of the device. Thus, the effective difference in shear stress comparing one chamber
to a full device should be far greater for the VLSLL device than for the LC-v2. As the
designs for a full-scale VLSLL device were not available, only the LC-v2 was simulated as
a full-scale device.

5.1.4 Design and simulation of the full-scale device

With a suitable chamber design constructed, the device was expanded from a single cham-
ber to a hexagonal array of 21 chambers. In order to allow air bubbles to pass between
the chambers without causing obstructions of the flow, the spacing between chambers was
set to 1520 µm wall-to-wall, corresponding to a center-to-center distance of 4000 µm. The
medium channel surrounding the chambers is 16 mm wide and 23.4 mm long.

The structure of the medium network was first designed to be similar to the single-
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chamber device model in figure 5.3 based on the chambers shown in figure 5.2(e), resulting
in the structure shown in figure 5.8. However, due to how sharply the inlet channel widens,
the medium reached the chambers from the side rather than from the front. As a result,
the open back end of the chambers led to a non-radial flow profile, as seen in figure 5.8.
At most, the concentration in the front and back of a given chamber differed by more than
2 mM in the 11 mM solution. For this reason, the medium channel was redesigned.

Figure 5.8: The initial design of the full LC-v2 device, simulated with regards to concentration
profile of the glucose influx (top, left and right at times t = 120s and t = 360s, respectively). The
non-radial flow seen in the top figures are emphasized in the zoom-in on the top left chamber (bot-
tom left figure), and its concentration profile (bottom right figure), both at t = 360s. The arrows
in the bottom left figure show the flow of the medium around the chamber, further highlighting
the directed flow.

To allow medium to reach the chambers more directly from the front, opposite to the
opening in the outer barrier, the incoming flow was bifurcated twice. The bifurcations
were supplemented with support ridges to increase the mechanical stability of the device
during clamping. Each chamber in the front row of the device was thus to receive medium
coming directly from the front rather than sideways, ensuring a more radial filling.
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As the narrow bifurcating channels would again increase the risk of bubbles getting
stuck, a separate bubble trap section was implemented at the top of the device. The
bubble trap consisted of rows of blocks separated by increasingly narrower channels. These
channels, measuring 65, 33, and 16 µm in width respectively, would allow liquid to pass
through, while bubbles would be retained in the trap structure. Under the increased
pressure of the pumped medium flow, the bubbles should gradually diffuse along the
pressure gradient from the bubble trap and out into the surrounding atmosphere. As
described above, any bubbles that then remained could be removed manually. The full
device design is shown in figure 5.9, with the bubble trap highlighted.

Figure 5.9: The full layout of the LC-v2 device, with the zoom-in showing the bubble trap in
greater detail. The flow direction is from left to right, and the circular areas at the left and right
extremes of the design are the connection ports for inlet and outlet tubing.

The change in inflow structure made a distinctive difference in the radial behavior of
the diffusion of glucose solution in the simulation, as shown in figure 5.10. The difference
in concentration during filling with glucose solution was decreased from 2 mM to 0.5 mM,
showing a distinctively more radial flow profile. As with the prior design, the bias evens
out as the total concentration rises. Therefore, this design was deemed sufficient with
regards to the concentration gradient.

The shear stress of the full device did, by necessity, differ from that of the individual
chamber shown above. The shear stress for the chambers in the full device mostly lay
within the range of 10 — 100 nPa, with the very centers of the chambers having a shear
stress on the order of 1 nPa as seen in figure 5.11. In general, the full device experiences a
factor 50 lower shear stress than the single chamber as simulated above. Minor differences
were observed between chambers based on location in the device; those chambers that
formed a row of three were found to have shear stress levels that were on the order of 5
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Figure 5.10: The finalized design of the full LC-v2 device, simulated with regards to concentration
profile of the glucose influx (top, left and right at different time points). The flow profiles are
more radial in this form than what was shown in figure 5.8, which is seen more clearly in the
zoomed-in view of the top left chamber (bottom left figure), and its concentration profile (bottom
right figure).

nPa lower in the outer parts of the device.

Given sufficient computational power, it is possible to introduce further modeling steps
to increase the complexity of the simulation. For example, domains corresponding to cells
inside the chambers could be used to model the consumption of glucose and oxygen by the
cells as well as their effects on the diffusion of these solutes, provided a suitable model.
Likewise, the device could be simulated in 3D to give further detailed insight into the
shear stress that would affect cells with regards to their position along the height axis of
the device. However, due to the computational complexity of the simulation in its current
form, no such further steps were taken.

The design described above, having been found to meet those of the conditions from
section 5.1.1 that could be evaluated by simulation, was prepared for microfabrication
under the name LC-v2a. As an alternative to the LC-v2a design, a more compact variant
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under the name LC-v2a. As an alternative to the LC-v2a design, a more compact variant
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Figure 5.11: The shear stress in the top left chamber of the full LC-v2 device design, shown in
two different scales. Note, values equal to or exceeding the maximum of the scale are shown in the
color of the scale maximum. This way, the two images are able to show more minute variations in
shear stress at two different scales.

was also designed and simulated, termed LC-v2b. This version retains the bubble trap and
culture chambers of the LC-v2a design, but the chamber separation is 2750 µm center-
to-center, leaving a space that is 270 µm at the narrowest. The medium channel is
correspondingly reduced to a width of 11.1 mm and a length of 17.6 mm. The design
was simulated and updated iteratively; the version discussed here and shown in figure
5.12 is the final iteration. The reduced volume of the medium channel in the LC-v2b
design increases the flow speed and shear stress in the system without needing to increase
the volumetric flow rate, and allows the full medium channel volume to be replaced in a
single pumping cycle.

The reduced center-to-center distance of the device makes it more vulnerable to bubbles
getting stuck between chambers than the LC-v2a design, but the presence of the bubble
trap greatly mitigates the risk. Furthermore, the narrow points of the medium channel
are located between circular chambers rather than forming long narrow passages as in the
VLSLL device, making it less likely that bubbles would get stuck.

Figure 5.12: The design of the LC-v2b device, more compact than the LC-v2a but with the same
chamber and bubble trap design carried over. The medium flow is from left to right in the figure.
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Figure 5.13: Top: the concentration of glucose spreading through the LC-v2b design at times t =
240s, 360s and 480s, respectively. Half the device is modelled to reduce computational complexity,
with a symmetry boundary condition placed at the dividing line on the right of each figure. Middle:
the top left chamber of the LC-v2b device during pumped flow, at t = 240s. The dashed and dotted
lines correspond to different readout lines, as shown in the frames of the bottom figures. Bottom:
the concentration along the two readout lines from the middle figure at t = 240s.
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Figure 5.14: The shear stress in the top left chamber of the full LC-v2b device design, shown in
two different scales. Note, values equal to or exceeding the maximum of the scale are shown in the
color of the scale maximum. This way, the two images are able to show more minute variations in
shear stress at two different scales.

For the LC-v2b device, the design was split down the central symmetry axis in order to
make the simulation less computationally demanding. A Symmetry boundary condition
was implemented along the dividing line in both the Laminar Flow and the Transport
of Diluted Species modules. Thus, the simulation still represented an intact device of 21
chambers. The inflow speed (in µl/min) in the simulation was halved to compensate for
the reduced apparent volume.

The compact form of the device compared to the LC-v2a design also had a clear impact
on the concentration profile and shear stress values. While the influx of glucose into the
chambers was still largely radial, the chambers tended to have sides that received the
glucose more quickly. In the example shown in figure 5.13 (for the chamber in the top
left of the device), the concentration of glucose rose more rapidly in the bottom part of
the chamber. The change stems from the average flow speed being greater in the LC-v2b
design than the LC-v2a one as the medium channel volume is smaller but the volumetric
inflow rate was the same. The two line graphs in figure 5.13 illustrate this, showing the
concentration along the two separate readout lines. Thus, for most of the chamber, the
concentration difference between the edges is less than 0.5 mM, but the bottom part of
the chamber leads the top part by up to 2 mM.

The increased effective flow speed also impacted the chamber shear stress, as seen in
figure 5.14. The chambers of the LC-v2b experience a shear stress in the range of 0.5-10
µPa, with local maxima near the ends of the sinusoids reaching just above 20 µPa. Local
minima exist in the leftmost and rightmost parts of the chambers as seen in the figure
below, reaching 10 nPa at the lowest. The lowest points are reached in chambers that
form rows of three, as in LC-v2a. As such, there is a wider span of shear stress values in
LC-v2b than in LC-v2a, but the shear stress is generally much higher.

In order to achieve a more radial flow profile, a different chamber design could have
been implemented in LC-v2b. Instead, as both the device designs were still experimental
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and not yet validated, both were set for fabrication in the form described here. As initial
designs, they were deemed a useful contrast, as one device offered a more radial influx
and the other a higher level of shear stress. Once fabricated, if the devices were able to
sustain hepatocyte cultures, they could be evaluated and compared to decide whether one
design fared better than the other, and whether either would require further updating and
refinement. Thus, both LC-v2a and LC-v2b were implemented in the fabrication step.
The two designs were finalized in AutoCAD in a single layout comprising both designs
side-by-side, to be produced onto a single wafer as described below.

5.2 Microfabrication

Several different approaches were considered regarding the fabrication of the LC-v2 de-
vices. The main considerations were the following:

1. What production method would be suitable to produce sufficient spatial resolution
and aspect ratio for the device as intended?

2. Does this method place further requirements on the design of the devices?

3. How will the device be reversibly sealed?

For reasons given in Chapter 4, PDMS was chosen as the device material. As the
device was intended to be produced through replica molding rather than monolithically,
the microfabrication step needed to produce a master mold of the device, i.e., a structural
negative. The smallest single feature of the device design for both LC-v2a and LC-v2b is
the diffusion channel, measuring 5 µm across and between 40 and 70 µm in length. These
channels in the device would correspond to raised ridges in the wafer. Correspondingly,
the pillars that form the diffusion barrier wall are represented by troughs in the wafer
surface. In order to generate such structures, the substrate surface would need either
to be etched away to generate the troughs and adjust the ridge height, or raised up to
generate the ridges and isolate the troughs.

Figure 5.15 illustrates this principle for a given flat starting substrate, comprising
a simple channel with three pillars and two diffusion channels. Notably, the diffusion
channels only rise to half of the full chamber height. The reason for this is the stability
of the substrate at such high aspect ratios. The master mold was intended for PDMS
casting, meaning that the cured polymer would be peeled off from the wafer after curing.
As described above, the device was intended to have a chamber height of 60 µm to enable
3D culture, and with diffusion channels of 5 µm width, the aspect ratio would be 1:12.
While silicon and SU-8 micro- and nanostructures can be produced with comparable or
greater aspect ratios [346, 347], the risk of breakage following peeling of PDMS would
increase with increasing aspect ratio. If the ridges were to break, subsequent devices cast
from the same wafer would lack the diffusion channels corresponding to the broken ridges.

Furthermore, as is discussed below, the pillars separated by the diffusion channels may
bend under pressure, altering the effective width of the diffusion channels. This bending
is a function of both the pillar dimensions and the diffusion channel height. Optimizations
were required in order to find a suitable height that the pillars did not buckle; the heights
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Figure 5.14: The shear stress in the top left chamber of the full LC-v2b device design, shown in
two different scales. Note, values equal to or exceeding the maximum of the scale are shown in the
color of the scale maximum. This way, the two images are able to show more minute variations in
shear stress at two different scales.
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Figure 5.15: A comparison of wafer layouts using additive (left) and subtractive (right) processes
to make a mold for the same kind of device. The right figures show a wafer onto which a raised
pattern has been added. As the wafer’s surface level corresponds to the lowest height of the device,
no extra boundary wall is needed. The left figures show a wafer where the structure has been
etched down below the wafer surface, and notably includes a trough surrounding the structure.
This trough will make up the surrounding wall of the device when cast, which is a necessity as the
etched structure is at a lower height than the wafer’s surface. Both illustrations show a pattern
comprising two different heights, enabling diffusion channels that do not reach the full height of
the chambers. Top: The first stage of the manufacturing in both designs, defining a pattern that
includes diffusion channels. Bottom: The second stage, using masks that do not include diffusion
channels.

that are stated in the process description below, 30 µm diffusion channel height and 60
µm total chamber height, are the optimal values found for this design. These dimensions
resulted in a diffusion channel aspect ratio of 1:6.

The intended wafer structure thus required two different pattern heights, which can
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Figure 5.16: Illustrations of the masks needed to produce the patterns in figure 5.15. From left
to right, the masks are the primary and secondary masks needed for additive processing and the
primary and secondary masks for subtractive manufacturing of the given pattern. For the additive
masks, the blue areas are transparent (assuming negative photoresist, such as SU-8), and the
masking is purely optical, blocking or transmitting light to the photoresist. For the subtractive
masks, the blue areas are protected, and the masking is intended to protect the wafer from physical
and chemical etching. In both cases, the primary mask is used first and produces the corresponding
pattern in the top row of figure 5.15. The secondary mask is used for the second step, and further
defines the pattern into that seen in the lower row of figure 5.15.

be achieved by either additive or subtractive manufacturing. Figure 5.15 shows this. The
selection of suitable methodologies was based on discussions with specialists in the field of
microfabrication at Myfab Chalmers, and the choice was made based on the requirements
of the master mold and the practical suitability of the methods. SU-8 lithography on silicon
wafers as well as deep reactive ion etching (DRIE) were advanced as suitable methods.

In terms of microfabrication, UV lithography using SU-8 photoresist exemplifies ad-
ditive manufacturing, where photoresist is patterned onto the wafer. The wafer can be
coated with photoresist and patterned by UV exposure multiple times prior to developing,
allowing different heights to be realized once the wafer is developed.

Figure 5.16 helps illustrate this point. The leftmost image shows a mask with defined
diffusion channels meant for additive manufacturing, where a single exposure and devel-
opment produces the pattern seen in the top left of figure 5.15. This mask is henceforth
referred to as a primary mask. The resulting structure exhibits diffusion channels as well
as pillars. The mask is transparent in the blue area of the figure, where resist is to remain,
assuming negative photoresist such as SU-8. For positive photoresist, the mask would be
inverted.

In order to realize a pattern as the one in the bottom left panel of figure 5.15, the
wafer would be coated with resist and exposed once using the primary mask, then coated
with a second layer of photoresist and exposed again using a mask that does not contain
diffusion channels (henceforth called a secondary mask). Only then would the wafer be
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developed, and the resulting master mold would look as in the bottom left panel of figure
5.15.

The main practical drawback of this method is the resolution of the photoresist UV
exposure. In order to maintain a high resolution, it was suggested by Myfab process
technicians that the exposed layer would have to be far thinner than 30 µm. For each
exposure, the mask would need to be manually aligned to the previous exposure, and any
misalignment would cause a loss of integrity in the ridges and high-resolution structures.
Instead, subtractive manufacturing was chosen as the method for wafer patterning, in the
form of DRIE.

In subtractive manufacturing of a pattern of two different heights, the process involves
a few more steps than that of UV lithography. The etching, just as the lithography, needs
two different masks, a primary one to define the diffusion channels and a secondary one to
set the different heights. However, as the pattern is created by ion bombardment rather
than light exposure, the masks must be fabricated in a way that can withstand such
conditions and subsequently be removed in a controlled manner. Furthermore, the need
for two different masks increases the complexity.

The secondary mask contains less features, as seen in figure 5.16, and can be applied
after the removal of the primary. However, if the mask requires spin-coating of the wafer,
there is a risk of uneven masking near edges of the etched features. Conversely, if the
masks are made from different materials, it is easier to layer the two masks on top of one
another for the initial etching. Then the primary mask can be removed while leaving the
secondary mask in place for the second etching step. The secondary mask would therefore
remain throughout both etching steps.

Any area that is not covered by either of the masks will be etched down by both
etching cycles, while those that are protected by both masks will remain at the original
wafer thickness. For this reason, the boundary wall around the device structure must
also be etched in both etching steps, as otherwise the device will not have a functional
outer boundary at all. The areas meant to be at intermediary height, in this case the
diffusion channels, must be exposed by the secondary mask but protected by the primary
one (hence the differences between the subtractive primary and secondary masks). That
way, the structures will be etched only by the second etching step.

This was in practice realized through the combination of two different mask materials.
The secondary, more permanent mask, was made from silicon dioxide, attained through
thermal oxidation. The primary mask was made from AZ1512HS photoresist.

The process involved the following steps:

1. A 500 µm thick (111) silicon wafer with a 400 nm thick layer of thermal oxide
(University Wafer, Boston, Massachusetts, USA) was cleaned with acetone and iso-
propanol. The wafer was dried using pressurized nitrogen gas and heated to 120◦C
for 10 minutes to let residual solvent evaporate.

Silicon oxidizes to form thermal oxide (amorphous SiO2) at high temperatures (�
700◦C) in the presence of oxygen or water vapor [348]. SiO2 is a suitable masking material
for RIE etching with SF6 plasma due to the high probability for fluorine to react with
atomic silicon in the wafer compared to the molecular SiO2 in the mask layer. This offers
the SiO2 mask a high (∼300:1 or higher) degree of etching selectivity compared to the
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unmasked silicon wafer. Thus, at a selectivity of 300:1, for every 3 µm that the silicon
wafer is etched, the silicon mask is only etched 10 nm.

2. The wafer was treated with hexamethyldisilazane (HMDS, full chemical composition
(NH)[Si(CH3)3]2) using a vapor deposition hotplate (QS V 200 BM, SolarSemi,
Radolfzell, Germany) in order to facilitate the adhesion of photoresist to the wafer.
The gas deposition was done for 60 s at 100◦C.

HMDS works by interacting with the surface layer of the wafer, depositing its Si(CH3)3
groups onto the surface [349]. The silicon atom bonds to the surface, and the nonpolar
methyl groups are oriented away from the surface. These groups thus render the surface
hydrophobic, facilitating the adhesion of the subsequently added photoresist.

3. The wafer was spin-coated with AZ1512HS positive photoresist (MicroChemicals,
Ulm, Germany) at 3000 rpm for 30 s to generate a photoresist layer of approximately
1.4 µm. The coated wafer was softbaked at 110◦C for 60 s and then allowed to cool
to RT.

The resist was chosen because of its high contrast (enabling sharp structures), low
viscosity (allowing thin, uniform layers to be spin-coated), and selectivity over silicon
during DRIE etching.

4. The pattern of the secondary mask, which does not protect the diffusion channel
ridges, was exposed onto the photoresist with a wavelength of 405 nm using direct
laser writing (DWL 2000, Heidelberg Instruments, Germany).

Direct laser writing of photoresist works by exposing the photoresist layer locally using
a focused laser beam. The CAD-designed mask pattern is converted to an exposure pattern
in the laser writer using a dedicated software (Beamer 5.7.2, GenISys, Munich, Germany).
During exposure, the laser scans across the wafer in a line-by-line manner. The light
path is opened (allowing exposure) and closed (leaving the resist unexposed) based on the
CAD-designed pattern, exposing the wafer accordingly. The laser writer used in this work
has a line resolution of 0.8 µm.

In order to realize the subtractive primary mask pattern shown in figure 5.16, the
exposure parameters of the laser writer were optimized. Focus offset compensation and
beam intensity were varied for a test pattern using the same types of substrate and wafer
that would subsequently be used for making the device master molds. Focus offset is a
manual correction that compensates for the thickness and optical parameters of the resist,
and the beam intensity affects the cross-linking of the resist. Both parameters were found
to play a role in how sharply defined the edges and corners of structures turned out after
exposure.

5. Following the exposure, the wafer was immersed in MF-CD-26 developer fluid (Mi-
croposit, Rohm and Haas Company, Philadelphia, Pennsylvania, USA) for 60 s
under agitation.
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developed, and the resulting master mold would look as in the bottom left panel of figure
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unmasked silicon wafer. Thus, at a selectivity of 300:1, for every 3 µm that the silicon
wafer is etched, the silicon mask is only etched 10 nm.

2. The wafer was treated with hexamethyldisilazane (HMDS, full chemical composition
(NH)[Si(CH3)3]2) using a vapor deposition hotplate (QS V 200 BM, SolarSemi,
Radolfzell, Germany) in order to facilitate the adhesion of photoresist to the wafer.
The gas deposition was done for 60 s at 100◦C.

HMDS works by interacting with the surface layer of the wafer, depositing its Si(CH3)3
groups onto the surface [349]. The silicon atom bonds to the surface, and the nonpolar
methyl groups are oriented away from the surface. These groups thus render the surface
hydrophobic, facilitating the adhesion of the subsequently added photoresist.
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Ulm, Germany) at 3000 rpm for 30 s to generate a photoresist layer of approximately
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Direct laser writing of photoresist works by exposing the photoresist layer locally using
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Exposed photoresist is soluble in the developer fluid while the unexposed, crosslinked
resist is not. Thus, the development leaves behind a resist mask, patterned according to
the CAD-based design. Agitation assists the circulation of the developer fluid and helps
washing out the resist also from corners, where it might otherwise remain. It is also
possible to descum the wafer, removing thin residual layers of un-crosslinked photoresist
by treating it with oxygen plasma at 50 W of RF power for 60 s. Visual inspection under
a light microscope was used to determine whether this step was necessary or not.

6. The developed wafer was subsequently hardbaked for 30 minutes at 120◦C.

Hardbaking the wafer helps to further crosslink the exposed resist.

7. Following the hardbake, the wafer was immersed in buffered oxide etch of hydroflu-
oric acid (a 6:1 mixture of 40% ammonium fluoride (NH4F) in water and 49%
hydrofluoric acid (HF) in water) for 6 minutes in order to chemically etch away the
silicon dioxide layer on the wafer where it was exposed by the photoresist mask.

Buffered oxide etch (BOE) is commonly used to isotropically etch SiO2. The main
active component of the etching solution is HF, hydrofluoric acid, which is buffered in a
solution of ammonium fluoride and water [350]. HF reacts with SiO2 through SiO2 +
4HFSiF4 + 2H2O and SiO2 + 6HF = 2H+ + SiF 2−

6 + 2H2O [350, 351]. The presence of
ammonium fluoride helps retain the concentration of fluoride ions in the solution through
a reaction with water, as explained in reference [350]. Notably, neither pure silicon nor
AZ1512 photoresist are etched by the BOE solution, so the patterned photoresist layer
serves as an etching mask for the BOE reaction, and the silicon wafer serves as an etch
stop.

The etching is isotropic and will create some undercut as the oxide under the resist
is etched. However, as the oxide layer was merely 400 nm thick, the undercut could not
be greater than this. Since the pattern being etched into the oxide mask contained no
diffusion channels or other single-µm structures, this limited level of undercut was deemed
acceptable.

8. Next, the wafer was immersed in mr-Rem 400 remover solution (Micro Resist Tech-
nology, Berlin, Germany) for 10 minutes and then in isopropanol for 10 s to remove
the remaining photoresist. The wafer was cleaned with water and dried with pres-
surized air.

These steps resulted in a silicon wafer with a mask of thermal silicon dioxide patterned
as per the principles of the subtractive secondary figure 5.16. The mask would allow
etching down the diffusion channel ridges, support pillars and boundary walls to an equal
extent.

9. Following the chemical etching of the secondary mask layer, the primary mask layer
was established on top of the secondary one. The primary mask was made from
AZ1512HS photoresist by repeating steps 1-5 above but using the mask pattern
that protects the diffusion channel ridges from etching. This mask layer was aligned
to the secondary mask prior to exposure.

5.2 Microfabrication 127

As described so far, the process uses two mask layers which are superimposed. Fol-
lowing step 9, the wafer has a secondary (SiO2) mask with no diffusion channels, covered
by a primary (photoresist) mask which has diffusion channel patterns. These two masks
are used together during the etching step.

The primary mask covers the entirety of the secondary mask, but also covers more of
the silicon than the secondary mask does. As such, there are areas which are protected
only by the primary mask, not by the secondary one. The etching takes place first on the
areas which are not covered by either mask. Next, the primary mask is removed so that
both the areas that have been etched once already and those that were protected by the
first mask but not the second can be etched.

It would be possible to use only one mask at a time, that mask being resist-based.
The wafer would be etched using that mask, the mask would be removed, and the other
mask layer would be patterned onto the wafer. However, that would entail spin-coating
the approximately 1.4 µm thick resist layer onto the wafer (step 3) after it had been etched
to a depth of 30 µm. Achieving a suitable and even layer of resist at a controlled thickness
across a wafer with such etched topography would be very challenging.

The resist depends on being thoroughly exposed by the laser writer in order to be
soluble in the developer fluid. However, as the sharpness of the features depends on the
laser being in focus, height differences of 30 µm in the wafer would negatively impact
the exposure of the resist in the etched structures. Thus, unexposed resist would likely
remain in the etched sections of the wafer, hindering further etching. For this reason, the
approach of two stacked mask layers was chosen as presented here.

The alignment of the two masks is crucial. The laser writer is able to automatically
correct for minor misalignments as long as the design includes alignment marks that the
software can recognize. In the work described in this thesis, plus-shaped marks 50 µm in
size were used, placed at the outer edge of the patterned area.

10. Once both masks had been patterned, the wafer was etched in a deep reactive ion
etcher (STS Multiplex ICP DRIE, STS, Newport, UK). Etching was done iteratively
until the target depth for the first etching step, 30 µm, was achieved. Briefly, the
etching was carried out by means of the Bosch process, alternating 9-second etching
steps with 5-second passivation steps. Etching was performed with SF6 at 150 sccm
and O2 at 10 sccm, while passivation was done using C4F8 at 100 sccm. Coil power
was 600 W for both etching and passivation, and Platen power was 13 W during
etching.

As described in Chapter 3, Bosch process etching relies on RF plasma applied to a
specific etching gas. The etching gas is ionized by the plasma, and an external potential
difference is applied to accelerate the negative ions towards the wafer. The ions inter-
act with the wafer both by physical bombardment and chemical reactions, removing the
crystalline silicon from the wafer while leaving the photoresist and thermal oxide layers
comparatively untouched. In order to achieve anisotropic etching, the etching gas is peri-
odically pumped out and replaced by a passivation gas, which forms a protective layer on
the substrate. The passivation gas is then pumped out and replaced with the etching gas
again.

The passivation layer is left mostly intact on sidewalls, protecting them from the
chemical effects of the etching gas. Conversely, the downward bombardment of etching
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surized air.
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ions quickly strips away the passivation layer at the bottom of the etched structures,
allowing the etching to continue deeper. Passivation and etching are cycled after a few
seconds of each, as specified in step 10 above. The coil power is the power that generates
the RF plasma at 13.56 MHz, and the Platen power (also RF at 13.25 MHz) is the power
delivered to the bias that accelerates the ions towards the wafer.

11. The results of the primary mask etching were evaluated using a surface profiler (Ten-
cor P15, KLA Tencor, Milpitas, California, USA), and once the etching following
the primary mask was completed, that mask was removed.

The wafer was first stripped using an oxygen plasma stripper (TePla Model 300 Plasma
System, PVA TePla AG, Wettenberg, Germany) at 1 kW for 10 minutes, followed by
immersion in Piranha wet etch (H2SO4 and H2O2 at 3:1 proportion) for 15 minutes. The
wafer was rinsed with water and dried with pressurized nitrogen. At this point, only the
secondary mask remained.

Exposure to the etching gas and ion bombardment hardens the photoresist, which
is why immersion in photoresist remover or similar reagents was found to be insufficient.
Instead, the hardened layer of photoresist needed to first be ashed off using oxygen plasma
before the resist mask could be chemically removed.

12. The wafer was subsequently etched again until the target maximum depth of 60 µm
was reached, as verified with the surface profiler. Once the etching was complete,
the remaining silicon dioxide was removed using buffered oxide etch immersion as
per step 7 above.

During the optimization phase, different diffusion channel heights were tested. When
the diffusion channels were 60 µm high, the pillars supporting the device were found to
buckle and bend when the device was pressed from above, as shown in figure 5.17. Whether
the device was to be sealed by mechanical clamping or plasma treatment, pressure would
need to be applied to the device from above, and thus, buckling could not be permitted.

Subsequent experiments used diffusion channel heights of 7 to 34 µm, finding that
diffusion channel heights up to 34 µm resisted buckling to an acceptable degree. Heights
between 34 and 60 µm were not tested due to time constraints.

Surface profilometry revealed that the initial device designs suffered from two impor-
tant design-based drawbacks regarding etching. Initial etched wafers were etched with a
wide trench surrounding the chamber (see figure 5.18, right panel) in order to have a wide
area that would be in contact with the glass bottom layer. This trench measured 22 x 66
mm for LC-v2a and 18 x 46 mm for LC-v2b, with the device centered in the trench in
both cases. However, this trench was etched much more efficiently than the device pillar
structures; wafers that were etched to a depth of 60 µm in the trench commonly had the
device features etched only to 45 µm. The reason is called aspect ratio-dependent etching
(ARDE) lag.

ARDE lag refers to the fact that structures of different sizes experience different etch
rates when etched at the same time [352]. A large, open area such as the trench surrounding
the device thus etches faster than the smaller-surface structures that form the device pillars
and diffusion channels. There are multiple factors that contribute to this, as explained in
greater detail by Gottscho et al. [352]. A prominent factor is the poorer flux of neutral
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Figure 5.17: Left: An LC-v2 device with 60 µm diffusion channels and 60 µm chamber height. The
pillars clearly buckle and bend, deforming the chamber structure. Whether clamped or plasma-
bonded, the results are the same, and hte deformation of the diffusion channels allow cells to escape
between the pillars. The medium flux characteristics and hsear stress are also affected. Right: An
LC-v2 device with 34 µm diffusion channels and 60 µm chamber height. The pillars do not deform
during plasma bonding, and are more resistant to buckling during mechanical clamping.

Figure 5.18: Illustration of the result of aspect ratio dependent etching (ARDE) lag. The left figure
shows a device with a thin outer frame that follows the structure of the medium channel. Here,
the outer frame and the diffusion-wall pillars (solid white arrows) are etched to a similar depth.
The right figure shows a device with a wide, rectangular outer frame. Here, the outer frame is
etched to full nominal depth (solid white arrow) but the finer structures (the diffusion-wall pillars)
are etched to a noticeably lesser depth (dashed white arrow). thus, the design on the right is
unsuitable for the devices planned here.
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ions quickly strips away the passivation layer at the bottom of the etched structures,
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The wafer was first stripped using an oxygen plasma stripper (TePla Model 300 Plasma
System, PVA TePla AG, Wettenberg, Germany) at 1 kW for 10 minutes, followed by
immersion in Piranha wet etch (H2SO4 and H2O2 at 3:1 proportion) for 15 minutes. The
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the diffusion channels were 60 µm high, the pillars supporting the device were found to
buckle and bend when the device was pressed from above, as shown in figure 5.17. Whether
the device was to be sealed by mechanical clamping or plasma treatment, pressure would
need to be applied to the device from above, and thus, buckling could not be permitted.

Subsequent experiments used diffusion channel heights of 7 to 34 µm, finding that
diffusion channel heights up to 34 µm resisted buckling to an acceptable degree. Heights
between 34 and 60 µm were not tested due to time constraints.

Surface profilometry revealed that the initial device designs suffered from two impor-
tant design-based drawbacks regarding etching. Initial etched wafers were etched with a
wide trench surrounding the chamber (see figure 5.18, right panel) in order to have a wide
area that would be in contact with the glass bottom layer. This trench measured 22 x 66
mm for LC-v2a and 18 x 46 mm for LC-v2b, with the device centered in the trench in
both cases. However, this trench was etched much more efficiently than the device pillar
structures; wafers that were etched to a depth of 60 µm in the trench commonly had the
device features etched only to 45 µm. The reason is called aspect ratio-dependent etching
(ARDE) lag.

ARDE lag refers to the fact that structures of different sizes experience different etch
rates when etched at the same time [352]. A large, open area such as the trench surrounding
the device thus etches faster than the smaller-surface structures that form the device pillars
and diffusion channels. There are multiple factors that contribute to this, as explained in
greater detail by Gottscho et al. [352]. A prominent factor is the poorer flux of neutral
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Figure 5.17: Left: An LC-v2 device with 60 µm diffusion channels and 60 µm chamber height. The
pillars clearly buckle and bend, deforming the chamber structure. Whether clamped or plasma-
bonded, the results are the same, and hte deformation of the diffusion channels allow cells to escape
between the pillars. The medium flux characteristics and hsear stress are also affected. Right: An
LC-v2 device with 34 µm diffusion channels and 60 µm chamber height. The pillars do not deform
during plasma bonding, and are more resistant to buckling during mechanical clamping.

Figure 5.18: Illustration of the result of aspect ratio dependent etching (ARDE) lag. The left figure
shows a device with a thin outer frame that follows the structure of the medium channel. Here,
the outer frame and the diffusion-wall pillars (solid white arrows) are etched to a similar depth.
The right figure shows a device with a wide, rectangular outer frame. Here, the outer frame is
etched to full nominal depth (solid white arrow) but the finer structures (the diffusion-wall pillars)
are etched to a noticeably lesser depth (dashed white arrow). thus, the design on the right is
unsuitable for the devices planned here.
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Figure 5.19: The design of the diamond-shaped support pillars in context. The diamond-shaped
pillars are 100 x 60 µm in size and cover the area outside of the outer boundary wall (cyan). The
inside of the boundary wall is shown in yellow and the diffusion pillars are shown in green.

reactive species in the narrower structures compared to the trench. Even though the
etching is generally directional, the chemical part of the etching happens as the ions have
impacted the bottom surface and begin to spread in the cavity. Neutral fluorine-based
compounds that arise from the initial impaction diffuse and interact with the wafer, etching
the bottom of the troughs and sticking to the side walls. As such, the narrower, higher
aspect ratio structures experience a greater loss of such neutral reactive compounds to the
side walls as compared to the larger areas such as the trench, where most of the surface
to be etched is far from the side walls [145, 352].

To compensate for this, later designs replaced the wide trench around the device with
a 1000 µm thick boundary wall surrounded by diamond-shaped 100 x 60 µm support
pillars, shown in figure 5.19. The support pillars covered the same area that the trench
formerly had, and were intended to provide stability during mechanical clamping, serving
the purpose of the original trench structure but circumventing the ARDE issue.

13. The completed master mold was treated with trichloro-(1H,1H,2H,2H-perfluorooctyl)-
silane (448931, Sigma-Aldrich, St. Louis, Missouri, USA; henceforth referred to as
silane) by physical vapor deposition or spin-coating to facilitate detachment of cured
PDMS polymer. The wafer was rinsed using isoporopanol. PDMS was subsequently
cast once onto the wafer, cured and peeled off in order to remove excess silane.

Physical vapor deposition was performed by placing an open container with 100 µl
of silane inside a vacuum desiccator (SpaceSaver F42025-0000, SP Bel-Art, Wayne, New
Jersey, USA). The wafer was placed in a wafer rack with the patterned surface facing
the silane and the back of the wafer facing the desiccator’s gas outlet. The desiccator
was pumped down using a vacuum pump (N035.3AN.16, KNF, Freiburg im Breisgau,
Germany), and pumping continued for 4 hours. The silane gradually evaporated over
time, flowing over the surface of the wafer and being deposited as a thin layer on top of
the silicon.
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Alternatively, silane was spin-coated onto the wafer. Silane was mixed with deionized
water and 70% ethanol at a 1:1:20 proportion and spun onto the wafer at 1000 RPM for
30 s. The wafer was subsequently baked at 110◦C for 10 minutes in order to evaporate the
solution, leaving behind a thin layer. Both methods were found to produce comparable
results.

A layer of silane on the silicon wafer reduces the adhesion of PDMS to the wafer. If
the silane treatment is omitted, the PDMS that is cast onto the wafer may stick to the
wafer surface, and detachment of the wafer then risks damaging delicate structures in the
device pattern and/or break the PDMS apart during detachment.

Once the silane layer had been established, PDMS was cast onto the wafer once and
detached. This was done in order to remove silane molecules that were physisorbed to the
surface. Occasionally, a light blue sheen was detected on freshly silanized wafers. This
sheen was removed by casting PDMS on the wafer once and peeling it off, whereupon the
sheen could be seen to have been transferred to the surface of the PDMS. Such devices
were discarded, and subsequent devices cast on the same wafer exhibited no such sheen.
Once the surface had been thusly cleaned, the wafer was ready to be used.

In summary, the process of producing the master molds for the devices was thus carried
out as follows:

1. A silicon wafer with a thermal oxide layer was cleaned using acetone and isopropanol,
then dried using pressurized nitrogen gas and heated to 120◦C for 10 minutes.

2. The wafer was pre-treated with HMDS.

3. The wafer was spin-coated with AZ 1512 HS photoresist and softbaked.

4. The coated wafer was exposed through direct laser writing. The secondary mask
was patterned onto the wafer.

5. Following exposure, the wafer was developed.

6. The wafer was then hardbaked to finish curing the resist.

7. The wafer was immersed in buffered oxide etch to etch away the silicon oxide layer
that was not covered by the mask.

8. The resist mask was removed by sequential immersion in photoresist remover and
isopropanol.

9. Steps 1-5 were repeated to pattern the primary mask in photoresist onto the wafer,
covering the oxide-based secondary mask.

10. The wafer was etched using deep reactive ion etching, using the primary mask to
decide the etching pattern.

11. The etching results were evaluated using surface profilometry, and the primary mask
was removed.

12. The wafer was etched using the secondary mask layer, and the results were analyzed.
Once the etching was complete, the secondary mask was removed.
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Figure 5.19: The design of the diamond-shaped support pillars in context. The diamond-shaped
pillars are 100 x 60 µm in size and cover the area outside of the outer boundary wall (cyan). The
inside of the boundary wall is shown in yellow and the diffusion pillars are shown in green.

reactive species in the narrower structures compared to the trench. Even though the
etching is generally directional, the chemical part of the etching happens as the ions have
impacted the bottom surface and begin to spread in the cavity. Neutral fluorine-based
compounds that arise from the initial impaction diffuse and interact with the wafer, etching
the bottom of the troughs and sticking to the side walls. As such, the narrower, higher
aspect ratio structures experience a greater loss of such neutral reactive compounds to the
side walls as compared to the larger areas such as the trench, where most of the surface
to be etched is far from the side walls [145, 352].

To compensate for this, later designs replaced the wide trench around the device with
a 1000 µm thick boundary wall surrounded by diamond-shaped 100 x 60 µm support
pillars, shown in figure 5.19. The support pillars covered the same area that the trench
formerly had, and were intended to provide stability during mechanical clamping, serving
the purpose of the original trench structure but circumventing the ARDE issue.

13. The completed master mold was treated with trichloro-(1H,1H,2H,2H-perfluorooctyl)-
silane (448931, Sigma-Aldrich, St. Louis, Missouri, USA; henceforth referred to as
silane) by physical vapor deposition or spin-coating to facilitate detachment of cured
PDMS polymer. The wafer was rinsed using isoporopanol. PDMS was subsequently
cast once onto the wafer, cured and peeled off in order to remove excess silane.

Physical vapor deposition was performed by placing an open container with 100 µl
of silane inside a vacuum desiccator (SpaceSaver F42025-0000, SP Bel-Art, Wayne, New
Jersey, USA). The wafer was placed in a wafer rack with the patterned surface facing
the silane and the back of the wafer facing the desiccator’s gas outlet. The desiccator
was pumped down using a vacuum pump (N035.3AN.16, KNF, Freiburg im Breisgau,
Germany), and pumping continued for 4 hours. The silane gradually evaporated over
time, flowing over the surface of the wafer and being deposited as a thin layer on top of
the silicon.
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Alternatively, silane was spin-coated onto the wafer. Silane was mixed with deionized
water and 70% ethanol at a 1:1:20 proportion and spun onto the wafer at 1000 RPM for
30 s. The wafer was subsequently baked at 110◦C for 10 minutes in order to evaporate the
solution, leaving behind a thin layer. Both methods were found to produce comparable
results.

A layer of silane on the silicon wafer reduces the adhesion of PDMS to the wafer. If
the silane treatment is omitted, the PDMS that is cast onto the wafer may stick to the
wafer surface, and detachment of the wafer then risks damaging delicate structures in the
device pattern and/or break the PDMS apart during detachment.

Once the silane layer had been established, PDMS was cast onto the wafer once and
detached. This was done in order to remove silane molecules that were physisorbed to the
surface. Occasionally, a light blue sheen was detected on freshly silanized wafers. This
sheen was removed by casting PDMS on the wafer once and peeling it off, whereupon the
sheen could be seen to have been transferred to the surface of the PDMS. Such devices
were discarded, and subsequent devices cast on the same wafer exhibited no such sheen.
Once the surface had been thusly cleaned, the wafer was ready to be used.

In summary, the process of producing the master molds for the devices was thus carried
out as follows:

1. A silicon wafer with a thermal oxide layer was cleaned using acetone and isopropanol,
then dried using pressurized nitrogen gas and heated to 120◦C for 10 minutes.

2. The wafer was pre-treated with HMDS.

3. The wafer was spin-coated with AZ 1512 HS photoresist and softbaked.

4. The coated wafer was exposed through direct laser writing. The secondary mask
was patterned onto the wafer.

5. Following exposure, the wafer was developed.

6. The wafer was then hardbaked to finish curing the resist.

7. The wafer was immersed in buffered oxide etch to etch away the silicon oxide layer
that was not covered by the mask.

8. The resist mask was removed by sequential immersion in photoresist remover and
isopropanol.

9. Steps 1-5 were repeated to pattern the primary mask in photoresist onto the wafer,
covering the oxide-based secondary mask.

10. The wafer was etched using deep reactive ion etching, using the primary mask to
decide the etching pattern.

11. The etching results were evaluated using surface profilometry, and the primary mask
was removed.

12. The wafer was etched using the secondary mask layer, and the results were analyzed.
Once the etching was complete, the secondary mask was removed.
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13. The wafer was treated with silane to facilitate PDMS detachment, and excess silane
was removed.

Following process optimization, wafers were thus produced that had a total chamber
height of 60 µm and diffusion channels of approximately 30 µm in height, as per the two
designs shown in figures 5.10 and 5.12.

Three questions were posed at the start of section 5.2:

1. What production method would be suitable to produce sufficient spatial resolution
and aspect ratio for the device as intended?

2. Does this method place further requirements on the design of the devices?

3. How will the device be reversibly sealed?

The first and second question have been addressed in the text above. Silicon DRIE was
chosen over other methods such as SU-8 lithography for the sake of mechanical stability
and relative ease of layer alignment. The use of DRIE constrained the design in terms of
ARDE lag, requiring the area surrounding the device wall to be micropatterned as well
rather than being a large-scale trench. The third question is answered in the following
section.

5.3 Device assembly

The VLSLL device, described in Chapter 4, was permanently bonded to a glass slide in
order to produced sealed, leak-proof chambers. This method of plasma-treating PDMS
devices and glass slides to form strong covalent bonds between the two is common in
the field of microfluidics, but permanent bonds are sometimes a hindrance rather than
a benefit. The extraction of cells from within a chamber, for example, is far easier in a
detachable device than one that is permanently bonded. In section 4.2, the work to make
the VLSLL device reversibly bonded by altering the plasma exposure is described. For the
LC-v2 device, a different method was envisioned, based on mechanical clamping. As the
clamping would press the PDMS and the glass slide together, the stability of the PDMS
pillars was also evaluated.

5.3.1 Mechanical clamping

Owing to the relative complexity of the device structure, a multi-layered assembly method
was devised. The device and auxiliary layers would be pressed together by a mechanical
clamp, making the sealing reversible, yet leak-proof. Above and below the device, a rigid
layer would be placed to ensure an even mechanical clamping. Devices were seeded with
liquid solutions without cells (food dyes) as proof-of-concept during optimization.

For simplified seeding, the device was placed down on a glass slide with the chamber
patterns facing up. Liquids were then deposited with a pipette directly into the chambers
with a pipette, and a second rigid layer was placed on top of the device, sealing the
liquid inside. However, the shallowness of the chambers (60 µm) compared to its width
(2 mm, aspect ratio approximately 33:1) made it challenging to reliably fill the chambers
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without overfilling them. As the top rigid layer was placed on the device, too large
deposited droplets led to the seeded liquid escaping the chamber, whereas too small liquid
volumes led to chambers retaining pockets of air. Plasma-treating the PDMS to enhance
hydrophilicity only exacerbated the problem as the dispensed liquid rapidly wetted the
device surface, spreading beyond the chambers and out into the medium channel. As such,
a seeding-enabling layer was implemented.

The seeding layer consisted of a 1 mm thick, transparent amorphous polyethylene
terephthalate (A-PET) layer with holes 0.75 mm in diameter centered above the chambers
as well as 1.5 mm holes above the medium inlet and outlet. Seeding would be performed
directly into the seeding ports while the seeding layer was clamped to the PDMS, ensuring
that the dispensed solution filled the chambers. The seeding inlets would need closing after
seeding in order to hinder cells from flowing out, so a second layer (the stop layer) was also
devised and made from transparent A-PET to block these inlets. Figure 5.20 illustrates
the principle of this stacking.

Figure 5.20: An illustration of the device clamping method that was developed for the seeding
implememtation of the LC-v2 devices. The clamping setup itself is shown on the left, consisting
of (A) top clamp, (B) stop layer, (C) seeding layer, (D) device with the chambers facing upwards,
(E) glass slide bottom layer and (F) bottom clamp. The stop and seeding layers are shown in the
inset on the right; their apertures correspond to the inlet and outlet of the medium channel, as well
as (for the seeding layer) the centers of all 21 chambers. The coloring of both layers is artificial;
they are both transparent and colorless in reality. The clamps are made from aluminium, and the
bottom clamp has threaded holes for M8 screws. Different-sized models were developed for LC-v2a
and LC-v2b. The illustration here shows the LC-v2a version.

During seeding the device rested on a glass slide inside the bottom half of the clamp.
The seeding port layer was placed onto the PDMS, and an additional spacing layer was
placed on top of the seeding layer. The spacer consisted of a 1 mm A-PET layer with
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13. The wafer was treated with silane to facilitate PDMS detachment, and excess silane
was removed.

Following process optimization, wafers were thus produced that had a total chamber
height of 60 µm and diffusion channels of approximately 30 µm in height, as per the two
designs shown in figures 5.10 and 5.12.

Three questions were posed at the start of section 5.2:

1. What production method would be suitable to produce sufficient spatial resolution
and aspect ratio for the device as intended?

2. Does this method place further requirements on the design of the devices?

3. How will the device be reversibly sealed?

The first and second question have been addressed in the text above. Silicon DRIE was
chosen over other methods such as SU-8 lithography for the sake of mechanical stability
and relative ease of layer alignment. The use of DRIE constrained the design in terms of
ARDE lag, requiring the area surrounding the device wall to be micropatterned as well
rather than being a large-scale trench. The third question is answered in the following
section.

5.3 Device assembly

The VLSLL device, described in Chapter 4, was permanently bonded to a glass slide in
order to produced sealed, leak-proof chambers. This method of plasma-treating PDMS
devices and glass slides to form strong covalent bonds between the two is common in
the field of microfluidics, but permanent bonds are sometimes a hindrance rather than
a benefit. The extraction of cells from within a chamber, for example, is far easier in a
detachable device than one that is permanently bonded. In section 4.2, the work to make
the VLSLL device reversibly bonded by altering the plasma exposure is described. For the
LC-v2 device, a different method was envisioned, based on mechanical clamping. As the
clamping would press the PDMS and the glass slide together, the stability of the PDMS
pillars was also evaluated.

5.3.1 Mechanical clamping

Owing to the relative complexity of the device structure, a multi-layered assembly method
was devised. The device and auxiliary layers would be pressed together by a mechanical
clamp, making the sealing reversible, yet leak-proof. Above and below the device, a rigid
layer would be placed to ensure an even mechanical clamping. Devices were seeded with
liquid solutions without cells (food dyes) as proof-of-concept during optimization.

For simplified seeding, the device was placed down on a glass slide with the chamber
patterns facing up. Liquids were then deposited with a pipette directly into the chambers
with a pipette, and a second rigid layer was placed on top of the device, sealing the
liquid inside. However, the shallowness of the chambers (60 µm) compared to its width
(2 mm, aspect ratio approximately 33:1) made it challenging to reliably fill the chambers
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without overfilling them. As the top rigid layer was placed on the device, too large
deposited droplets led to the seeded liquid escaping the chamber, whereas too small liquid
volumes led to chambers retaining pockets of air. Plasma-treating the PDMS to enhance
hydrophilicity only exacerbated the problem as the dispensed liquid rapidly wetted the
device surface, spreading beyond the chambers and out into the medium channel. As such,
a seeding-enabling layer was implemented.

The seeding layer consisted of a 1 mm thick, transparent amorphous polyethylene
terephthalate (A-PET) layer with holes 0.75 mm in diameter centered above the chambers
as well as 1.5 mm holes above the medium inlet and outlet. Seeding would be performed
directly into the seeding ports while the seeding layer was clamped to the PDMS, ensuring
that the dispensed solution filled the chambers. The seeding inlets would need closing after
seeding in order to hinder cells from flowing out, so a second layer (the stop layer) was also
devised and made from transparent A-PET to block these inlets. Figure 5.20 illustrates
the principle of this stacking.

Figure 5.20: An illustration of the device clamping method that was developed for the seeding
implememtation of the LC-v2 devices. The clamping setup itself is shown on the left, consisting
of (A) top clamp, (B) stop layer, (C) seeding layer, (D) device with the chambers facing upwards,
(E) glass slide bottom layer and (F) bottom clamp. The stop and seeding layers are shown in the
inset on the right; their apertures correspond to the inlet and outlet of the medium channel, as well
as (for the seeding layer) the centers of all 21 chambers. The coloring of both layers is artificial;
they are both transparent and colorless in reality. The clamps are made from aluminium, and the
bottom clamp has threaded holes for M8 screws. Different-sized models were developed for LC-v2a
and LC-v2b. The illustration here shows the LC-v2a version.

During seeding the device rested on a glass slide inside the bottom half of the clamp.
The seeding port layer was placed onto the PDMS, and an additional spacing layer was
placed on top of the seeding layer. The spacer consisted of a 1 mm A-PET layer with
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a rectangular opening above the seeding inlets, enabling seeding while adding the same
thickness as the stop layer would so that the clamp would seal the device tightly. The top
clamp was added, and screws were used to hold the two clamps together. The device was
thus assembled prior to seeding. The seeding suspension was dispensed into the seeding
inlets with a syringe. Following seeding, the clamp was unscrewed, the spacer was removed
and replaced with the stop layer. The top clamp was then replaced.

The stop layer consisted of a 1 mm A-PET layer with inlets drilled only over the
medium inlet and outlet, thus hindering the flow of liquid out of the seeding ports. A
0.5 mm PDMS membrane was later implemented between the stop layer and the seeding
layer to ensure a leak-proof interface, and a similar PDMS membrane was implemented also
between the seeding layer and the device. All such membranes were cut or hole-punched
in the same way as the layer directly above them.

Different materials were used for practical purposes. Glass was used as bottom layer
due to its rigidity. PDMS was used for intermediary membranes due to its innate stickiness,
facilitating adhesion which reduces leakages and helps maintain alignment of layers, and
its flexibility assisted in making the clamping more even. A-PET was used as proof-of-
concept material for its ease of machining, and could later be replaced with PMMA or
glass with similar holes and structures drilled and cut.

The frame clamps were iteratively designed using Autodesk Inventor (versions 2018-
2021, Autodesk, San Rafael, California, USA), and initial proof-of-concept models were
3D-printed on a ZYYX+ 3D printer (ZYYX Labs AB, Gothenburg, Sweden) using poly-
lactic acid (PLA)-based filament. The final design, included in figure 5.20 was machined
in aluminium. A number of earlier versions are shown in figure 5.21.

Most of the clamps were based on being held together by M8 screws and nuts. The
initial design (figure 5.21, left) had one such pair at each of the shorter sides of the device.
This was found to clamp the device too unevenly even when the PDMS device was kept
between two microscope slides (25 x 75 x 1 mm), as the clamping pressure was greater
near the short sides than at the middle of the device. This led to the device being too
strongly clamped at the short ends, with pillars deforming and the device ceiling even
coming into contact with the glass slide floor, while the pillars making up the chambers
near the middle of the device were not in contact with the glass at all. The glass slides
were being bent by the unevenly applied pressure, deforming enough to impact the device.

The second model (figure 5.21, center left) partially solved this problem by placing the
screws along the sides instead, reducing the bending of the glass. However, the pressure
was still greater in the vicinity of the screws than across the rest of the device, as the
chambers at the center of the device were difficult to bring into contact with the glass
when the screws were tightened. This led to the design of the third form (figure 5.21,
center right), which added crossbeams to apply pressure more evenly. The crossbeam
improved the contact between PDMS and glass, and a fourth clamp (figure 5.21, right)
was designed to increase the contact even further. This clamp, which was subsequently
machined in aluminium, has openings for the inlet and outlet connectors as well as an
open space (19.5 x 25 mm for LC-v2a and 15.7 x 19.6 mm for LC-v2b) surrounding the
chambers to allow imaging and seeding. The rest of the device surface is covered by the
clamp, keeping it in more uniform contact. Up to 12 screws can be used at once for an
even contact.

Using versions 3 and 4 of the frame clamp, devices were tested to see whether the

5.3 Device assembly 135

Figure 5.21: Four different iterations of frame clamps used for the LC-v2 devices; one half of a
clamping pair is shown. The central, rectangular area measures 26 x 76 mm in all the clamps, to
allow a standard microscope glass slide (25 x 75 mm) to fit with a small margin. The circular holes
allow M8 screws to be used in clamping the device shut. The rightmost version is the same as is
shown in figure 5.20.

support pillars would bend when the device clamping was tightened enough to prevent
leakages. Devices were clamped between two glass slides by tightening the screws, and
the result was observed using light microscopy. Devices with diffusion channels that were
60 or 47 µm high were found to buckle under clamping, widening some diffusion channels
and effectively closing others. A majority of the pillars buckled in this manner, and
the widened channels would allow cells to leak out of the chambers freely. Devices with
diffusion channels that were on the order of 30 µm high or less were more resistant to
buckling, with only tens of buckling pillars per chamber.

However, the buckling was very sensitive to how evenly the screws were tightened. If
some of the screws were overtightened or not tightened enough, or if the screws were not
all approximately equally tightened, the clamping easily led to leakages or deformations.
Part of this buckling behavior stemmed from the shape of the pillars themselves, which
were found to be rounded at the bottom, as shown in figure 5.22. Narrow cavities etch
more slowly than wide-open spaces, as discussed above, and that is partly because fluorine
radicals are lost to the side walls. The reduced downward etching efficiency because of this
loss is most prominent near the side walls and in corners, which explains why the bottoms
of the narrow troughs — and thereby the bottom ends of the cast PDMS pillars — are
rounded rather than sharp. As such, the narrowness of the pillars not only reduced their
structural strength but also their surface area in contact with the ground. Both these
factors contribute to the bending and buckling of the pillars.

Furthermore, the alignment of the intermediary layers — particularly the seeding layer
onto the device — was difficult to reliably perform. The seeding ports measured 0.75 mm
in diameter and the center of the chamber had a diameter of 0.935 mm, and if the seeding
port of a given chamber did not fall within that chamber’s center, part of the cell volume
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a rectangular opening above the seeding inlets, enabling seeding while adding the same
thickness as the stop layer would so that the clamp would seal the device tightly. The top
clamp was added, and screws were used to hold the two clamps together. The device was
thus assembled prior to seeding. The seeding suspension was dispensed into the seeding
inlets with a syringe. Following seeding, the clamp was unscrewed, the spacer was removed
and replaced with the stop layer. The top clamp was then replaced.

The stop layer consisted of a 1 mm A-PET layer with inlets drilled only over the
medium inlet and outlet, thus hindering the flow of liquid out of the seeding ports. A
0.5 mm PDMS membrane was later implemented between the stop layer and the seeding
layer to ensure a leak-proof interface, and a similar PDMS membrane was implemented also
between the seeding layer and the device. All such membranes were cut or hole-punched
in the same way as the layer directly above them.

Different materials were used for practical purposes. Glass was used as bottom layer
due to its rigidity. PDMS was used for intermediary membranes due to its innate stickiness,
facilitating adhesion which reduces leakages and helps maintain alignment of layers, and
its flexibility assisted in making the clamping more even. A-PET was used as proof-of-
concept material for its ease of machining, and could later be replaced with PMMA or
glass with similar holes and structures drilled and cut.

The frame clamps were iteratively designed using Autodesk Inventor (versions 2018-
2021, Autodesk, San Rafael, California, USA), and initial proof-of-concept models were
3D-printed on a ZYYX+ 3D printer (ZYYX Labs AB, Gothenburg, Sweden) using poly-
lactic acid (PLA)-based filament. The final design, included in figure 5.20 was machined
in aluminium. A number of earlier versions are shown in figure 5.21.

Most of the clamps were based on being held together by M8 screws and nuts. The
initial design (figure 5.21, left) had one such pair at each of the shorter sides of the device.
This was found to clamp the device too unevenly even when the PDMS device was kept
between two microscope slides (25 x 75 x 1 mm), as the clamping pressure was greater
near the short sides than at the middle of the device. This led to the device being too
strongly clamped at the short ends, with pillars deforming and the device ceiling even
coming into contact with the glass slide floor, while the pillars making up the chambers
near the middle of the device were not in contact with the glass at all. The glass slides
were being bent by the unevenly applied pressure, deforming enough to impact the device.

The second model (figure 5.21, center left) partially solved this problem by placing the
screws along the sides instead, reducing the bending of the glass. However, the pressure
was still greater in the vicinity of the screws than across the rest of the device, as the
chambers at the center of the device were difficult to bring into contact with the glass
when the screws were tightened. This led to the design of the third form (figure 5.21,
center right), which added crossbeams to apply pressure more evenly. The crossbeam
improved the contact between PDMS and glass, and a fourth clamp (figure 5.21, right)
was designed to increase the contact even further. This clamp, which was subsequently
machined in aluminium, has openings for the inlet and outlet connectors as well as an
open space (19.5 x 25 mm for LC-v2a and 15.7 x 19.6 mm for LC-v2b) surrounding the
chambers to allow imaging and seeding. The rest of the device surface is covered by the
clamp, keeping it in more uniform contact. Up to 12 screws can be used at once for an
even contact.

Using versions 3 and 4 of the frame clamp, devices were tested to see whether the
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Figure 5.21: Four different iterations of frame clamps used for the LC-v2 devices; one half of a
clamping pair is shown. The central, rectangular area measures 26 x 76 mm in all the clamps, to
allow a standard microscope glass slide (25 x 75 mm) to fit with a small margin. The circular holes
allow M8 screws to be used in clamping the device shut. The rightmost version is the same as is
shown in figure 5.20.

support pillars would bend when the device clamping was tightened enough to prevent
leakages. Devices were clamped between two glass slides by tightening the screws, and
the result was observed using light microscopy. Devices with diffusion channels that were
60 or 47 µm high were found to buckle under clamping, widening some diffusion channels
and effectively closing others. A majority of the pillars buckled in this manner, and
the widened channels would allow cells to leak out of the chambers freely. Devices with
diffusion channels that were on the order of 30 µm high or less were more resistant to
buckling, with only tens of buckling pillars per chamber.

However, the buckling was very sensitive to how evenly the screws were tightened. If
some of the screws were overtightened or not tightened enough, or if the screws were not
all approximately equally tightened, the clamping easily led to leakages or deformations.
Part of this buckling behavior stemmed from the shape of the pillars themselves, which
were found to be rounded at the bottom, as shown in figure 5.22. Narrow cavities etch
more slowly than wide-open spaces, as discussed above, and that is partly because fluorine
radicals are lost to the side walls. The reduced downward etching efficiency because of this
loss is most prominent near the side walls and in corners, which explains why the bottoms
of the narrow troughs — and thereby the bottom ends of the cast PDMS pillars — are
rounded rather than sharp. As such, the narrowness of the pillars not only reduced their
structural strength but also their surface area in contact with the ground. Both these
factors contribute to the bending and buckling of the pillars.

Furthermore, the alignment of the intermediary layers — particularly the seeding layer
onto the device — was difficult to reliably perform. The seeding ports measured 0.75 mm
in diameter and the center of the chamber had a diameter of 0.935 mm, and if the seeding
port of a given chamber did not fall within that chamber’s center, part of the cell volume
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Figure 5.22: When clamped or pressed, the parts of the pillars that are properly in contact with
the glass slide change slightly in appearance and become visible under light microscopy. This figure
shows the fact that the contact area between glass and pillars does not cover the full rectangular
base of each pillar. Instead, the bottoms of the pillars are rounded, a consequence of the variation
in etching rate for narrow cavities.

seeded would fall outside the chamber.

Between the practical difficulty of aligning the layers and tightening the screws uni-
formly, the intended process of sealing the devices was deemed impractical. An alternative
solution was sought which would allow access to cells during or after culture.

The structure of the LC-v2 device designs meant that plasma treatment may offer a
solution. Compared to the VLSLL device, the LC-v2 device has significantly less surface
contact between the device and the glass. The LC-v2 pillars, some larger and some smaller
than the VLSLL ones, were all rounded underneath, reducing their effective contact area.
Furthermore, instead of having a wide, flat contact area surrounding the design, the LC-v2
design had only a 1000 µm thick boundary wall with surrounding support pillars. As such,
given a similar plasma treatment as the VLSLL device, the LC-v2 device was expected
to have a lower bonding strength, possibly to the extent of being detachable. It was also
found, as described below, that a supplementation of a block copolymer in the PDMS had
an effect on this bonding strength.
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5.3.2 Material supplementation

One of the known drawbacks of PDMS is the adsorption of proteins and small hydrophobic
molecules due to the innate hydrophobicity of PDMS. Several methods exist to circumvent
this flaw, as discussed in Chapter 3, but one method that is of particular note is that of
Gökaltun et al. [173]. By including a copolymer additive to the PDMS base polymer, they
achieve a cured PDMS that is innately hydrophilic. The water contact angle was found
to be dependent on the proportion of copolymer to PDMS base, exhibiting angles as low
as 9.6 degrees for 1% copolymer admixture. The copolymer-mixed PDMS was also found
to retain the increased hydrophilicity from plasma treatments for at least 20 months of
storage. Furthermore, the additive was found to be biocompatible (tested on rat primary
hepatocytes over a 3-day culture), and reduced the adsorption of immunoglobulin gamma,
bovine serum albumin and lysozyme.

The copolymer in question (DBE-712, Gelest, Morrisville, Pennsylvania, USA) is a
dimethylsiloxane-(60-70% ethylene oxide) block copolymer, where 60-70% of the dimethyl-
siloxane (Si(CH3)2O) groups have been replaced with ethylene oxide-supplemented chains.
Thereby, one methyl group (CH3) of the dimethylsiloxane is replaced with (CH2)3-O-
(CH2CH2O)n-CH3, where n is a positive integer. It is theorized by Gökaltun et al. that
the ethylene oxide chains are cross-linked on the surface during plasma treatment, hinder-
ing rearrangement of these chains into the bulk polymer. This way, the surface chemistry
that is attained following the plasma treatment, enriched with polar hydroxyl groups,
would be locked in place at the PDMS surface along with the copolymer chains. This
matches the observations of Gökaltun et al. in both water contact angle and X-ray photo-
electron spectroscopy. Even without the inclusion of plasma treatment, the hydrophilicity
of the copolymer-supplemented PDMS was shown to increase over time as the polymer
surface was in contact with water. This was seen to indicate that the surface chemistry
of the polymer rearranged itself, with the hydrophilic ethylene oxide groups covering the
surface and making it more hydrophilic once the surface was exposed to aqueous solutions.

The inclusion of the copolymer described by Gökaltun et al. was considered in the LC-
v2 chip both for the reduced adsorption and for the increased, longer-lasting hydrophilicity.
While the adsorption of hydrophobic drug compounds were not tested by Gökaltun et
al., the reduced adsorption of proteins is still of interest. Albumin is a key analyte in
the ELISA assays, and hepatocyte differentiation commonly relies on proteins such as
oncostatin M, meaning that the intended device cultures would stand to benefit from
devices that did not adsorb proteins. Furthermore, as the mixed copolymer renders the
PDMS more hydrophilic, it is likely that adsorption of hydrophobic compounds would be
reduced in copolymer-based PDMS. Furthermore, the increased innate hydrophilicity of
the copolymer PDMS was theorized to reduce or eliminate the need for plasma treatment
altogether during preparation of devices for seeding.

For these reasons, the copolymer PDMS was used in the casting of LC-v2 devices.
PDMS with copolymer (henceforth PDMS-c) was cast with 0.5% and 0.25% (weight/weight
relative to PDMS base+crosslinker) inclusion of copolymer, with the same curing time as
regular PDMS. LC-v2 devices were bonded to glass as per the description in Chapter 4; de-
vices and glass slides were treated with 18 W air plasma for 30 s, then put into contact and
thermally cured at 90◦C for 1 h. These devices were found to exhibit partial detachability:
after using a scalpel to cut through the surrounding support pillars, the boundary wall
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Figure 5.22: When clamped or pressed, the parts of the pillars that are properly in contact with
the glass slide change slightly in appearance and become visible under light microscopy. This figure
shows the fact that the contact area between glass and pillars does not cover the full rectangular
base of each pillar. Instead, the bottoms of the pillars are rounded, a consequence of the variation
in etching rate for narrow cavities.

seeded would fall outside the chamber.

Between the practical difficulty of aligning the layers and tightening the screws uni-
formly, the intended process of sealing the devices was deemed impractical. An alternative
solution was sought which would allow access to cells during or after culture.

The structure of the LC-v2 device designs meant that plasma treatment may offer a
solution. Compared to the VLSLL device, the LC-v2 device has significantly less surface
contact between the device and the glass. The LC-v2 pillars, some larger and some smaller
than the VLSLL ones, were all rounded underneath, reducing their effective contact area.
Furthermore, instead of having a wide, flat contact area surrounding the design, the LC-v2
design had only a 1000 µm thick boundary wall with surrounding support pillars. As such,
given a similar plasma treatment as the VLSLL device, the LC-v2 device was expected
to have a lower bonding strength, possibly to the extent of being detachable. It was also
found, as described below, that a supplementation of a block copolymer in the PDMS had
an effect on this bonding strength.

5.3 Device assembly 137

5.3.2 Material supplementation

One of the known drawbacks of PDMS is the adsorption of proteins and small hydrophobic
molecules due to the innate hydrophobicity of PDMS. Several methods exist to circumvent
this flaw, as discussed in Chapter 3, but one method that is of particular note is that of
Gökaltun et al. [173]. By including a copolymer additive to the PDMS base polymer, they
achieve a cured PDMS that is innately hydrophilic. The water contact angle was found
to be dependent on the proportion of copolymer to PDMS base, exhibiting angles as low
as 9.6 degrees for 1% copolymer admixture. The copolymer-mixed PDMS was also found
to retain the increased hydrophilicity from plasma treatments for at least 20 months of
storage. Furthermore, the additive was found to be biocompatible (tested on rat primary
hepatocytes over a 3-day culture), and reduced the adsorption of immunoglobulin gamma,
bovine serum albumin and lysozyme.

The copolymer in question (DBE-712, Gelest, Morrisville, Pennsylvania, USA) is a
dimethylsiloxane-(60-70% ethylene oxide) block copolymer, where 60-70% of the dimethyl-
siloxane (Si(CH3)2O) groups have been replaced with ethylene oxide-supplemented chains.
Thereby, one methyl group (CH3) of the dimethylsiloxane is replaced with (CH2)3-O-
(CH2CH2O)n-CH3, where n is a positive integer. It is theorized by Gökaltun et al. that
the ethylene oxide chains are cross-linked on the surface during plasma treatment, hinder-
ing rearrangement of these chains into the bulk polymer. This way, the surface chemistry
that is attained following the plasma treatment, enriched with polar hydroxyl groups,
would be locked in place at the PDMS surface along with the copolymer chains. This
matches the observations of Gökaltun et al. in both water contact angle and X-ray photo-
electron spectroscopy. Even without the inclusion of plasma treatment, the hydrophilicity
of the copolymer-supplemented PDMS was shown to increase over time as the polymer
surface was in contact with water. This was seen to indicate that the surface chemistry
of the polymer rearranged itself, with the hydrophilic ethylene oxide groups covering the
surface and making it more hydrophilic once the surface was exposed to aqueous solutions.

The inclusion of the copolymer described by Gökaltun et al. was considered in the LC-
v2 chip both for the reduced adsorption and for the increased, longer-lasting hydrophilicity.
While the adsorption of hydrophobic drug compounds were not tested by Gökaltun et
al., the reduced adsorption of proteins is still of interest. Albumin is a key analyte in
the ELISA assays, and hepatocyte differentiation commonly relies on proteins such as
oncostatin M, meaning that the intended device cultures would stand to benefit from
devices that did not adsorb proteins. Furthermore, as the mixed copolymer renders the
PDMS more hydrophilic, it is likely that adsorption of hydrophobic compounds would be
reduced in copolymer-based PDMS. Furthermore, the increased innate hydrophilicity of
the copolymer PDMS was theorized to reduce or eliminate the need for plasma treatment
altogether during preparation of devices for seeding.

For these reasons, the copolymer PDMS was used in the casting of LC-v2 devices.
PDMS with copolymer (henceforth PDMS-c) was cast with 0.5% and 0.25% (weight/weight
relative to PDMS base+crosslinker) inclusion of copolymer, with the same curing time as
regular PDMS. LC-v2 devices were bonded to glass as per the description in Chapter 4; de-
vices and glass slides were treated with 18 W air plasma for 30 s, then put into contact and
thermally cured at 90◦C for 1 h. These devices were found to exhibit partial detachability:
after using a scalpel to cut through the surrounding support pillars, the boundary wall
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could be loosened with the scalpel and the device could be detached. The pillars forming
the chambers separated from the glass during the detachment, though occasionally the
pillars would break off from the device and remain stuck to the glass.

Comparisons with PDMS without copolymer imply that the detachability stemmed
both from the low contact area of the LC-v2 pillars (as discussed in the section above)
and from the inclusion of copolymer. The outer boundary did not detach in devices
without copolymer, and so the boundary had to be cut through with a scalpel in order
to detach the device. Still, the pillars did come loose more readily in the LC-v2 devices
than in VLSLL devices. The difference in bonding strength between PDMS with and
without copolymer is hypothesized to be because of the copolymer chains occupying parts
of the surface, covering the PDMS methyl groups and thus hindering their replacement
with hydroxyl groups.

LC-v2 devices were tested for leakages using food dyes, and no leakages were observed
when devices were assembled as per the above. As such, plasma bonding was deemed to
be a viable alternative to clamping. The bonding process was carried out similarly to the
bonding of VLSLL devices as described in Chapter 4, but devices were also imaged using
light microscopy following bonding to determine whether the pillars had buckled during
bonding. The buckling would follow from the application of mechanical force to the device
as the PDMS was put into contact with the glass slide. The mechanical force was applied
in the form of a 50 g weight which was meant to endure that all pillars were put into
contact with the glass after the plasma treatment. The buckling was found to be slightly
greater than that of devices clamped with versions 3 and 4 of the mechanical clamps.

Depending on minute differences in etching efficiency across the wafer, some chambers
and devices experienced buckling to greater extents than others for devices with diffusion
channels on the order of 30 µm. In some chambers, most of the pillars tended to buckle
upon bonding, sticking together pairwise and creating an alternating pattern of wider and
narrower diffusion channels. While a buckling device that was clamped could be restored
by loosening the clamp, the plasma-treated diffusion pillars were bonded together. Still,
rather than returning to devices with lower-height diffusion channels, the 30 µm diffusion
channel device design was used for the proof-of-concept as the devices with smaller channels
also had smaller total chamber heights. Thus, the smaller-height devices would not be
able to sustain the same degree of 3D cell growth and stacking.

5.3.3 Punching and preparing

As the device was to be bonded by plasma treatment rather than mechanical clamp-
ing, seeding would need to be performed in a different manner than through the tempo-
rary seeding ports described in section 5.3.1. Instead, individual seeding ports would be
punched through the device. The chambers would be formed by bonding the device with
the pattern facing down towards the glass slide, and the seeding would then be performed
from above. Tissue biopsy punchers (504529 and 504528, respectively; World Precision
Instruments, Sarasota, Florida, USA) with diameters of 0.75 and 0.5 mm were used to
punch seeding ports inside the 0.935 mm diameter centers of the chambers. As punching
outside of this center would remove parts of the chamber walls and allow cells to escape
into the medium channel, the 0.75 mm puncher was found to offer insufficient reproducibil-
ity in punching. Chambers with partially punched chamber walls were considered unfit
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for seeding, as even cells that would remain inside the chamber would be subjected to
substantially higher shear stress values than those in intact chambers. As such, seeding
ports were punched using the 0.5 mm diameter puncher.

As the seeding ports were thus a permanent feature of the device, these ports would
require blocking after seeding to prevent the loss of cells. Clamping solutions were con-
sidered in a similar vein as described in the previous sections, but it was found that
PDMS self-adhesion was sufficient to seal the inlets. A PDMS slab, ratio 10:1 of base to
crosslinker, of approximately 5 mm thickness was cast onto a silanized, plain silicon wafer
without patterning. This slab was cut to fit over only the seeding inlets, cleaned with
ethanol, and placed into contact with the punched PDMS device after seeding with food
dye. The device was then perfused using food dye of a different color at three times the
normal pumping rates (i.e., 3 µl/min) and under gravity-driven flow, and no leaks were
observed between the slab lid and the device.

During the experiments with the VLSLL device, it was necessary to plasma-treat
devices prior to seeding, not only for sterilization purposes but also to render the device
hydrophilic enough for seeding. The inclusion of the copolymer additive, however, made
the device innately hydrophilic, and plasma treatment beyond what was necessary for
bonding appeared to make it more so.

When seeding was tested using food dyes in place of cells, devices that had been
additionally plasma-treated were more strongly wetted than those that had only been
plasma-treated for bonding purposes. In the twice-treated devices, the dye seeded into
one chamber rapidly wetted not only the chamber it was seeded into but also the diffusion
channels and the area surrounding the chamber. Thus, after seeding just a few chambers,
enough dye had entered the medium channel of the device that adjacent chambers started
filling from the outside. This hindered the seeding of those chambers, as air would get
trapped in the seeding channel. Similarly, some chambers ended up surrounded by dye,
hindering seeding as the air inside the chambers could not escape out into the medium
channel. The behavior was similar when using cells or 10 µm microparticles in suspension,
as the suspension would spread and hinder further seeding even as the cells or particles
were retained in the chambers.

For this reason, the secondary plasma treatment was omitted, and devices were instead
sterilized by autoclaving prior to desiccation and seeding. Such devices did not suffer from
excessive surface wetting; instead, dyes or suspensions seeded into the chambers remained
confined within the barrier walls.

5.4 Implementation

As a proof-of-concept, LC-v2b devices with diffusion channel heights of 34 µm were pro-
duced and prepared for culture of HepG2 cells on-chip. Devices were cast from PDMS at
a 5:1 ratio of base to crosslinker, with 0.25% weight fraction of copolymer additive. The
PDMS-c mixture was cast onto the wafer and cured at 90◦C for 2 h, then detached and
punched. Seeding ports were punched using a 0.5 mm diameter tissue biopsy puncher,
and medium inlet and outlet were punched using a 1 mm diameter puncher. Slab lids
were cast from PDMS at 10:1 ratio with 0.25% copolymer addition and cured similarly
to the devices. Devices were bonded to glass slides by 30 s exposure to 18 W air plasma
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could be loosened with the scalpel and the device could be detached. The pillars forming
the chambers separated from the glass during the detachment, though occasionally the
pillars would break off from the device and remain stuck to the glass.

Comparisons with PDMS without copolymer imply that the detachability stemmed
both from the low contact area of the LC-v2 pillars (as discussed in the section above)
and from the inclusion of copolymer. The outer boundary did not detach in devices
without copolymer, and so the boundary had to be cut through with a scalpel in order
to detach the device. Still, the pillars did come loose more readily in the LC-v2 devices
than in VLSLL devices. The difference in bonding strength between PDMS with and
without copolymer is hypothesized to be because of the copolymer chains occupying parts
of the surface, covering the PDMS methyl groups and thus hindering their replacement
with hydroxyl groups.

LC-v2 devices were tested for leakages using food dyes, and no leakages were observed
when devices were assembled as per the above. As such, plasma bonding was deemed to
be a viable alternative to clamping. The bonding process was carried out similarly to the
bonding of VLSLL devices as described in Chapter 4, but devices were also imaged using
light microscopy following bonding to determine whether the pillars had buckled during
bonding. The buckling would follow from the application of mechanical force to the device
as the PDMS was put into contact with the glass slide. The mechanical force was applied
in the form of a 50 g weight which was meant to endure that all pillars were put into
contact with the glass after the plasma treatment. The buckling was found to be slightly
greater than that of devices clamped with versions 3 and 4 of the mechanical clamps.

Depending on minute differences in etching efficiency across the wafer, some chambers
and devices experienced buckling to greater extents than others for devices with diffusion
channels on the order of 30 µm. In some chambers, most of the pillars tended to buckle
upon bonding, sticking together pairwise and creating an alternating pattern of wider and
narrower diffusion channels. While a buckling device that was clamped could be restored
by loosening the clamp, the plasma-treated diffusion pillars were bonded together. Still,
rather than returning to devices with lower-height diffusion channels, the 30 µm diffusion
channel device design was used for the proof-of-concept as the devices with smaller channels
also had smaller total chamber heights. Thus, the smaller-height devices would not be
able to sustain the same degree of 3D cell growth and stacking.

5.3.3 Punching and preparing

As the device was to be bonded by plasma treatment rather than mechanical clamp-
ing, seeding would need to be performed in a different manner than through the tempo-
rary seeding ports described in section 5.3.1. Instead, individual seeding ports would be
punched through the device. The chambers would be formed by bonding the device with
the pattern facing down towards the glass slide, and the seeding would then be performed
from above. Tissue biopsy punchers (504529 and 504528, respectively; World Precision
Instruments, Sarasota, Florida, USA) with diameters of 0.75 and 0.5 mm were used to
punch seeding ports inside the 0.935 mm diameter centers of the chambers. As punching
outside of this center would remove parts of the chamber walls and allow cells to escape
into the medium channel, the 0.75 mm puncher was found to offer insufficient reproducibil-
ity in punching. Chambers with partially punched chamber walls were considered unfit
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for seeding, as even cells that would remain inside the chamber would be subjected to
substantially higher shear stress values than those in intact chambers. As such, seeding
ports were punched using the 0.5 mm diameter puncher.

As the seeding ports were thus a permanent feature of the device, these ports would
require blocking after seeding to prevent the loss of cells. Clamping solutions were con-
sidered in a similar vein as described in the previous sections, but it was found that
PDMS self-adhesion was sufficient to seal the inlets. A PDMS slab, ratio 10:1 of base to
crosslinker, of approximately 5 mm thickness was cast onto a silanized, plain silicon wafer
without patterning. This slab was cut to fit over only the seeding inlets, cleaned with
ethanol, and placed into contact with the punched PDMS device after seeding with food
dye. The device was then perfused using food dye of a different color at three times the
normal pumping rates (i.e., 3 µl/min) and under gravity-driven flow, and no leaks were
observed between the slab lid and the device.

During the experiments with the VLSLL device, it was necessary to plasma-treat
devices prior to seeding, not only for sterilization purposes but also to render the device
hydrophilic enough for seeding. The inclusion of the copolymer additive, however, made
the device innately hydrophilic, and plasma treatment beyond what was necessary for
bonding appeared to make it more so.

When seeding was tested using food dyes in place of cells, devices that had been
additionally plasma-treated were more strongly wetted than those that had only been
plasma-treated for bonding purposes. In the twice-treated devices, the dye seeded into
one chamber rapidly wetted not only the chamber it was seeded into but also the diffusion
channels and the area surrounding the chamber. Thus, after seeding just a few chambers,
enough dye had entered the medium channel of the device that adjacent chambers started
filling from the outside. This hindered the seeding of those chambers, as air would get
trapped in the seeding channel. Similarly, some chambers ended up surrounded by dye,
hindering seeding as the air inside the chambers could not escape out into the medium
channel. The behavior was similar when using cells or 10 µm microparticles in suspension,
as the suspension would spread and hinder further seeding even as the cells or particles
were retained in the chambers.

For this reason, the secondary plasma treatment was omitted, and devices were instead
sterilized by autoclaving prior to desiccation and seeding. Such devices did not suffer from
excessive surface wetting; instead, dyes or suspensions seeded into the chambers remained
confined within the barrier walls.

5.4 Implementation

As a proof-of-concept, LC-v2b devices with diffusion channel heights of 34 µm were pro-
duced and prepared for culture of HepG2 cells on-chip. Devices were cast from PDMS at
a 5:1 ratio of base to crosslinker, with 0.25% weight fraction of copolymer additive. The
PDMS-c mixture was cast onto the wafer and cured at 90◦C for 2 h, then detached and
punched. Seeding ports were punched using a 0.5 mm diameter tissue biopsy puncher,
and medium inlet and outlet were punched using a 1 mm diameter puncher. Slab lids
were cast from PDMS at 10:1 ratio with 0.25% copolymer addition and cured similarly
to the devices. Devices were bonded to glass slides by 30 s exposure to 18 W air plasma
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followed by conformal contact and thermal curing at 90◦C for 1 h. Devices and slab lids
were autoclaved for sterilization and subsequently degassed overnight in a desiccator as
per Chapter 4.

HepG2 cells were used for the initial testing. The cells were cultured in culture flasks
(T75 flask, 83.3911.302, Sarstedt, Newton, North Carolina, USA), using MEM/EBSS
medium (SH30244.01, HyClone, GE Healthcare, Chicago, Illinois, USA) supplemented
with 10% fetal bovine serum (FBS; SV30160.03, HyClone), 2 mM L-glutamine (SH30034.01,
HyClone), 1 mM sodium pyruvate (BE13-115E, Lonza, Basel, Switzerland), 1X non-
essential amino acids (SH30238.01, HyClone) and 5ml penicillin/streptomycin (SV30010,
HyClone). The medium composition was based on the paper by Pingitore et al. [262]
as the cells in question were provided by the first and last authors of the paper. The
cultures were passaged around 75-80% confluency. Cell detachment from culture flasks
was done using Trypsin/EDTA solution (SH30236.01, HyClone; henceforth T/E), and
pre-coating of devices was performed using Geltrex (A1569601, Gibco, Thermo Fisher
Scientific, Waltham, Massachusetts, USA) ECM gel.

Trypsin is a proteolytic enzyme which is commonly used to detach adherent cells
from culture surfaces such as flasks and well plates [353]. Trypsin cleaves proteins that are
involved in cell adhesion to the culture surfaces, allowing cells to be detached. Specifically,
trypsin targets the amino acids lysine and arginine. Trypsin is inhibited by calcium ions,
and as such, it is commonly used in combination with ethylene diamine tetra-acetic acid
(EDTA) which acts as a metal ion chelator to bind the calcium ions present near the cells
[354]. Trypsin can also be inhibited by protease inhibitors such as alpha-1 antitrypsin,
which is present in fetal bovine serum [355]. For this reason, medium with serum is often
used to stop a trypsinization reaction before overexposure to trypsin damages the cells.

Geltrex is a liquid solution of basement membrane proteins [356]. Basement mem-
branes form an interface between cells and stroma, and ECM gels such has Geltrex can be
used to facilitate the adhesion of stem cells as well as cell lines like HepG2. Geltrex is ex-
tracted from the Engelbreth-Holm-Swarm murine tumor, and consists mainly of laminin,
collagen IV, entactin, and heparin sulfate proteoglycan. It is used here to facilitate the
adherence of HepG2 cells to the glass slides that form the bottom of the devices.

For the LC-v2b culture test, the cells were cultured to confluency and washed using
PBS-/- and detached from the culture flasks using T/E. The cells were incubated with T/E
at 37◦C for 5 minutes to allow the cells to detach from the flask. Following detachment,
the T/E solution was inactivated by mixing the cell suspension with the serum-containing
culture medium. The cell suspension was centrifuged at 200 times standard gravity (200 x
G) for 5 minutes until a pellet was formed. The supernatant was removed, and the pellet
was aspirated and mixed at 3:1 proportion with Geltrex.

10 µl of the resulting suspension was used for cell counting by mixing the suspension at
1:1 proportion with Trypan Blue solution (T8154, Sigma-Aldrich). Viable cells, indicated
by not having absorbed the Trypan solution, were counted manually using a counting
chamber (0640010, Paul Marienfeld GmbH & Co. KG, Lauda-Königshofen, Germany).

The remaining cell suspension was used for seeding the devices. The cell suspension
was mixed by pipetting and subsequently drawn up into a 1 ml syringe (BD 329654, Fisher
Scientific, Hampton, New Hampshire, USA) using a 27G needle (Z192384, Sigma-Aldrich).
Devices were taken out of the vacuum desiccator one at a time, and each chamber was
seeded individually through the seeding port. After seeding, the PDMS slab lid was placed
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on top of the device, and medium was added to the medium channel by pipetting. Once
the medium channel was filled, reservoir pipette tips containing 100 µm of medium were
placed in the inlet and outlet, and the device was placed in the incubator at 37◦C. After 2
h at static condition, the device was connected to a syringe pump set to provide 1 µl/min
of medium flow for 15 minutes followed by a pause for 15 minutes. This pump-pause
pattern repeated every 30 minutes. Syringes were refilled every third day.

Supernatant was set to be collected by connecting an outlet tubing to the device outlet,
leading the supernatant into a 2 ml Eppendorf tube for collection. Supernatant was to be
collected every other day from each device. Device cultures were maintained for 7 days.
Devices were imaged daily to monitor the morphology and proliferation of the cells as well
as the performance of the devices.

On day 7, Live/Dead staining was performed on one device for evaluation. Live/Dead
reagents were prepared by mixing calcein AM and ethidium homodimer-1 at 4 µM each
in phenol red-free RPMI medium (BE12-918F, Lonza) without serum or other additives.
The device to be stained was disconnected from the pump and gently flushed with 200 µl
of PBS+/+ while the lid was still in place. The PBS was incubated at 37◦C for 5 minutes.
This washing step was performed twice, followed by the addition of 100 µl of Live/Dead
solution. The dye was incubated for 60 minutes at 37◦C followed by two washing steps
as described above. After the second washing step, the device was imaged using light and
fluorescence microscopy.

5.5 Results, analysis, and the need for further re-

finement

A number of shortcomings of the LC-v2 device design became apparent through the seeding
and culture of HepG2 cells.

Firstly, the narrow seeding ports meant that using pipettes for seeding be-
came difficult, as even pipette tips for 0.1-3 µl pipettes could not fit into the inlets.
Instead, a 1 ml syringe with a 27G needle was used for seeding, but unlike the pipette, the
syringe could not be set to dispense a specific, small volume. The individual chambers of
the LC-v2 design have a volume of 0.128 µl, and the seeding port adds 0.39 µl for a device
thickness of 2 mm. Dispensing such a small volume from the 1 ml syringe proved difficult
without losing large amounts of the cell suspension due to overfilling and spillage. Also,
if the suspension was dispensed too forcefully, cells were forced out through the diffusion
channels and out of the chambers. The difficulty in seeding could be overcome through
the use of much more precise instruments, which would have been a solution if this had
been the only such shortcoming.

Most of the devices developed leaks at the medium inlet during the initial
culture, as the devices were cast too thin to support the tubing connectors. 2-mm-thick
devices offered too little mechanical support for the metal connectors at the end of the
tubings, and when pressure was applied by the syringe pump, they were prone to come
loose. While this issue could be resolved by casting thicker devices, doing so would also
increase the proportion of volume in the seeding inlets compared to the chambers. Already
at 2 mm device thickness, the seeding port takes on more than three times as many cells as
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cultures were passaged around 75-80% confluency. Cell detachment from culture flasks
was done using Trypsin/EDTA solution (SH30236.01, HyClone; henceforth T/E), and
pre-coating of devices was performed using Geltrex (A1569601, Gibco, Thermo Fisher
Scientific, Waltham, Massachusetts, USA) ECM gel.

Trypsin is a proteolytic enzyme which is commonly used to detach adherent cells
from culture surfaces such as flasks and well plates [353]. Trypsin cleaves proteins that are
involved in cell adhesion to the culture surfaces, allowing cells to be detached. Specifically,
trypsin targets the amino acids lysine and arginine. Trypsin is inhibited by calcium ions,
and as such, it is commonly used in combination with ethylene diamine tetra-acetic acid
(EDTA) which acts as a metal ion chelator to bind the calcium ions present near the cells
[354]. Trypsin can also be inhibited by protease inhibitors such as alpha-1 antitrypsin,
which is present in fetal bovine serum [355]. For this reason, medium with serum is often
used to stop a trypsinization reaction before overexposure to trypsin damages the cells.

Geltrex is a liquid solution of basement membrane proteins [356]. Basement mem-
branes form an interface between cells and stroma, and ECM gels such has Geltrex can be
used to facilitate the adhesion of stem cells as well as cell lines like HepG2. Geltrex is ex-
tracted from the Engelbreth-Holm-Swarm murine tumor, and consists mainly of laminin,
collagen IV, entactin, and heparin sulfate proteoglycan. It is used here to facilitate the
adherence of HepG2 cells to the glass slides that form the bottom of the devices.

For the LC-v2b culture test, the cells were cultured to confluency and washed using
PBS-/- and detached from the culture flasks using T/E. The cells were incubated with T/E
at 37◦C for 5 minutes to allow the cells to detach from the flask. Following detachment,
the T/E solution was inactivated by mixing the cell suspension with the serum-containing
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G) for 5 minutes until a pellet was formed. The supernatant was removed, and the pellet
was aspirated and mixed at 3:1 proportion with Geltrex.

10 µl of the resulting suspension was used for cell counting by mixing the suspension at
1:1 proportion with Trypan Blue solution (T8154, Sigma-Aldrich). Viable cells, indicated
by not having absorbed the Trypan solution, were counted manually using a counting
chamber (0640010, Paul Marienfeld GmbH & Co. KG, Lauda-Königshofen, Germany).

The remaining cell suspension was used for seeding the devices. The cell suspension
was mixed by pipetting and subsequently drawn up into a 1 ml syringe (BD 329654, Fisher
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Devices were taken out of the vacuum desiccator one at a time, and each chamber was
seeded individually through the seeding port. After seeding, the PDMS slab lid was placed
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pattern repeated every 30 minutes. Syringes were refilled every third day.
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leading the supernatant into a 2 ml Eppendorf tube for collection. Supernatant was to be
collected every other day from each device. Device cultures were maintained for 7 days.
Devices were imaged daily to monitor the morphology and proliferation of the cells as well
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reagents were prepared by mixing calcein AM and ethidium homodimer-1 at 4 µM each
in phenol red-free RPMI medium (BE12-918F, Lonza) without serum or other additives.
The device to be stained was disconnected from the pump and gently flushed with 200 µl
of PBS+/+ while the lid was still in place. The PBS was incubated at 37◦C for 5 minutes.
This washing step was performed twice, followed by the addition of 100 µl of Live/Dead
solution. The dye was incubated for 60 minutes at 37◦C followed by two washing steps
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A number of shortcomings of the LC-v2 device design became apparent through the seeding
and culture of HepG2 cells.

Firstly, the narrow seeding ports meant that using pipettes for seeding be-
came difficult, as even pipette tips for 0.1-3 µl pipettes could not fit into the inlets.
Instead, a 1 ml syringe with a 27G needle was used for seeding, but unlike the pipette, the
syringe could not be set to dispense a specific, small volume. The individual chambers of
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thickness of 2 mm. Dispensing such a small volume from the 1 ml syringe proved difficult
without losing large amounts of the cell suspension due to overfilling and spillage. Also,
if the suspension was dispensed too forcefully, cells were forced out through the diffusion
channels and out of the chambers. The difficulty in seeding could be overcome through
the use of much more precise instruments, which would have been a solution if this had
been the only such shortcoming.

Most of the devices developed leaks at the medium inlet during the initial
culture, as the devices were cast too thin to support the tubing connectors. 2-mm-thick
devices offered too little mechanical support for the metal connectors at the end of the
tubings, and when pressure was applied by the syringe pump, they were prone to come
loose. While this issue could be resolved by casting thicker devices, doing so would also
increase the proportion of volume in the seeding inlets compared to the chambers. Already
at 2 mm device thickness, the seeding port takes on more than three times as many cells as
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the chamber itself during seeding, and while these cells eventually sediment, they would not
all enter the chamber. Instead, the cells would be stacked high into the seeding port, and
as the seeding ports are not perfused, those cells would likely receive too little nutrients.
Perfusion of the seeding ports would require the use of an outlet layer, which would
introduce a risk of losing cells from the seeding inlet into the supernatant collection vial.
Such uncertainty in the number of cells present would impact the accuracy of quantitative
assays such as ELISA, which was intended to be normalized to the number of cells seeded.
Conversely, a wider seeding inlet would allow a similar quantity of cells to be deposited
without having them rise so high in the seeding inlet. A wider seeding port would also
allow high-precision pipettes to be used in seeding, offering a higher degree of control over
seeded cell numbers.

However, wider inlets were challenging to punch reliably without harming
the chamber walls of the devices. The central area within which the punch had to be
placed had a diameter of 0.935 mm, but due to the flexibility of PDMS, structures such
as the diffusion pillars tend to bend inwards toward the biopsy puncher as the puncher is
pressed down on the device surface. Structures that bend inward and come into contact
with the puncher risk being shorn off by the sides of the puncher even when the punch is
placed within the center of the chamber. A few chambers were punched successfully with
0.75 mm punchers, but even there, pipette tips were difficult to use for seeding. A 1 mm
diameter punch was found to be suitable, but such a punch would unfailingly cut away
the diffusion pillars as well.

Regarding the pillars, while relatively few pillars buckled during bonding,
those that did still caused leakages. Whether the bending of the pillars alone is to
blame or the forceful seeding caused by the syringe is also responsible is uncertain, but
cells were found to have exited the chambers through the distorted diffusion channels.
The cells had primarily escaped into the sinusoid indentations, showing that the pillars in
that area were likely the path of escape. As the sinusoid pillars were the narrowest, this
observation supports the notion that the cells were pushed out through the wider gaps
created by buckling pillars. Such a structural flaw would require a redesign of the chamber
with wider, sturdier pillars. Widening the pillars would also make them less sensitive to
the rounding of the pillar edges that followed from the etching process, as described above.

During the culture, air bubbles were found inside the seeding ports. These
pockets of air would over time expand and contract, and when they expanded, the air would
reach into the chambers and press the cells against the diffusion walls. This expanding
and contracting behavior likely stemmed from a multitude of causes.

� Minor pockets of air were trapped at the top of the seeding ports when the slab lid
was applied. This is a consequence of the top of the device being wiped off with a
sterile tissue paper after the seeding, as the slab lid would not adhere to the device
correctly if the interface was wetted. As a consequence, the liquid at the very top
of the seeding ports was also removed, resulting in small pockets of air when the lid
was applied.

� As described in Chapter 3, the medium contains an equilibrium concentration of
dissolved air. This equilibrium concentration follows Henry’s law. cs = H(T ) · pg
(equation 3.14), relating the saturated concentration cs to a temperature-dependent
factor H and to the pressure of the gas phase, pg. The pressure applied to the device

5.5 Results, analysis, and the need for further refinement 143

and thereby also to the pockets of air changes periodically with the pumping cycles.
Every 15 minutes, the pumping switches between active and inactive, and thus, the
equilibrium concentration increases as the pressure does. Thus, during pumping, the
gas pockets would be compressed by the pressure and the medium would be able to
take up more of the gas, while during the inactive cycles the pressure decreases and
the medium becomes supersaturated with gas. These would be the times when the
gas pockets should increase in volume.

� As the devices were imaged on a daily basis, the changes in temperature must also
be considered. When a device is taken out of the incubator, its temperature de-
creases and the saturation concentration of gas increases. Similarly, as the devices
are seeded and primed at RT, when they are moved to the incubator the saturation
concentration decreases and the previously equilibrated medium becomes supersat-
urated. This likely led to an increase in the volume of the air trapped in the seeding
ports.

� Surface roughness in the seeding port likely also caused an increase in gas nucleation
there, which together with the factors above likely increased the volume of the
trapped gas pockets over time. This explains how their expanding and contracting
behavior eventually caused a displacement of the cells in the chambers.

As the problem of air pockets is multifaceted, parts of it could be resolved by methods
such as continuous rather than cyclical pumping and/or imaging inside the incubator
rather than taking the devices out. However, a simpler solution would be to implement
a top outlet layer that would adhere to the top of the device instead of the present top
slab. Any air pockets would then be gradually pushed out of the device rather than being
allowed to grow.

Live/Dead staining was also carried out on one of the devices with representative
appearance and morphology on day 7 of culture, with a representative result shown in
figure 5.23A. The live cell dye had permeated the device well and left a uniform, distin-
guishable staining on almost all the cells in the device (figure 5.23C). Strangely, however,
subsets of live-stained cells were also strongly stained by the dead cell dye. The dead cell
dye exhibited much poorer permeation, primarily staining the cells nearest to the diffu-
sion channels, with a rapidly decreasing staining intensity further inward (figure 5.23D,
enhanced brightness).

The overlap of the live and dead dyes is puzzling, but an explanation may be found
in the apparent morphology of the live-stained cells. A live-cell stain using calcein AM
is cytosolic, showing near-uniform staining across an entire cell as seen in figure 5.23B.
However, in the device, the live dye seems to have stained units smaller than the cell
nuclei, with the background being uneven and far fainter. Ethidium homodimer-1 is a
membrane-impermeable dye and therefore cannot stain intact cells. As such, the cells
that were stained were not viable. However, it appears from the calcein staining that the
cells retained sufficient intracellular esterases and calcium that the calcein could still be
chemically cleaved, rendering it fluorescent [357]. As the majority of the dead cell dye was
taken up by cells near the diffusion channels, it is unclear to what extent all cells would
have been stained by it if it had permeated better. Figure 5.23D appears to support that
theory, though with the enhanced brightness needed to show the cells at the center of the
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the chamber itself during seeding, and while these cells eventually sediment, they would not
all enter the chamber. Instead, the cells would be stacked high into the seeding port, and
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Such uncertainty in the number of cells present would impact the accuracy of quantitative
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Conversely, a wider seeding inlet would allow a similar quantity of cells to be deposited
without having them rise so high in the seeding inlet. A wider seeding port would also
allow high-precision pipettes to be used in seeding, offering a higher degree of control over
seeded cell numbers.

However, wider inlets were challenging to punch reliably without harming
the chamber walls of the devices. The central area within which the punch had to be
placed had a diameter of 0.935 mm, but due to the flexibility of PDMS, structures such
as the diffusion pillars tend to bend inwards toward the biopsy puncher as the puncher is
pressed down on the device surface. Structures that bend inward and come into contact
with the puncher risk being shorn off by the sides of the puncher even when the punch is
placed within the center of the chamber. A few chambers were punched successfully with
0.75 mm punchers, but even there, pipette tips were difficult to use for seeding. A 1 mm
diameter punch was found to be suitable, but such a punch would unfailingly cut away
the diffusion pillars as well.

Regarding the pillars, while relatively few pillars buckled during bonding,
those that did still caused leakages. Whether the bending of the pillars alone is to
blame or the forceful seeding caused by the syringe is also responsible is uncertain, but
cells were found to have exited the chambers through the distorted diffusion channels.
The cells had primarily escaped into the sinusoid indentations, showing that the pillars in
that area were likely the path of escape. As the sinusoid pillars were the narrowest, this
observation supports the notion that the cells were pushed out through the wider gaps
created by buckling pillars. Such a structural flaw would require a redesign of the chamber
with wider, sturdier pillars. Widening the pillars would also make them less sensitive to
the rounding of the pillar edges that followed from the etching process, as described above.

During the culture, air bubbles were found inside the seeding ports. These
pockets of air would over time expand and contract, and when they expanded, the air would
reach into the chambers and press the cells against the diffusion walls. This expanding
and contracting behavior likely stemmed from a multitude of causes.

� Minor pockets of air were trapped at the top of the seeding ports when the slab lid
was applied. This is a consequence of the top of the device being wiped off with a
sterile tissue paper after the seeding, as the slab lid would not adhere to the device
correctly if the interface was wetted. As a consequence, the liquid at the very top
of the seeding ports was also removed, resulting in small pockets of air when the lid
was applied.

� As described in Chapter 3, the medium contains an equilibrium concentration of
dissolved air. This equilibrium concentration follows Henry’s law. cs = H(T ) · pg
(equation 3.14), relating the saturated concentration cs to a temperature-dependent
factor H and to the pressure of the gas phase, pg. The pressure applied to the device
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and thereby also to the pockets of air changes periodically with the pumping cycles.
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equilibrium concentration increases as the pressure does. Thus, during pumping, the
gas pockets would be compressed by the pressure and the medium would be able to
take up more of the gas, while during the inactive cycles the pressure decreases and
the medium becomes supersaturated with gas. These would be the times when the
gas pockets should increase in volume.

� As the devices were imaged on a daily basis, the changes in temperature must also
be considered. When a device is taken out of the incubator, its temperature de-
creases and the saturation concentration of gas increases. Similarly, as the devices
are seeded and primed at RT, when they are moved to the incubator the saturation
concentration decreases and the previously equilibrated medium becomes supersat-
urated. This likely led to an increase in the volume of the air trapped in the seeding
ports.

� Surface roughness in the seeding port likely also caused an increase in gas nucleation
there, which together with the factors above likely increased the volume of the
trapped gas pockets over time. This explains how their expanding and contracting
behavior eventually caused a displacement of the cells in the chambers.

As the problem of air pockets is multifaceted, parts of it could be resolved by methods
such as continuous rather than cyclical pumping and/or imaging inside the incubator
rather than taking the devices out. However, a simpler solution would be to implement
a top outlet layer that would adhere to the top of the device instead of the present top
slab. Any air pockets would then be gradually pushed out of the device rather than being
allowed to grow.

Live/Dead staining was also carried out on one of the devices with representative
appearance and morphology on day 7 of culture, with a representative result shown in
figure 5.23A. The live cell dye had permeated the device well and left a uniform, distin-
guishable staining on almost all the cells in the device (figure 5.23C). Strangely, however,
subsets of live-stained cells were also strongly stained by the dead cell dye. The dead cell
dye exhibited much poorer permeation, primarily staining the cells nearest to the diffu-
sion channels, with a rapidly decreasing staining intensity further inward (figure 5.23D,
enhanced brightness).

The overlap of the live and dead dyes is puzzling, but an explanation may be found
in the apparent morphology of the live-stained cells. A live-cell stain using calcein AM
is cytosolic, showing near-uniform staining across an entire cell as seen in figure 5.23B.
However, in the device, the live dye seems to have stained units smaller than the cell
nuclei, with the background being uneven and far fainter. Ethidium homodimer-1 is a
membrane-impermeable dye and therefore cannot stain intact cells. As such, the cells
that were stained were not viable. However, it appears from the calcein staining that the
cells retained sufficient intracellular esterases and calcium that the calcein could still be
chemically cleaved, rendering it fluorescent [357]. As the majority of the dead cell dye was
taken up by cells near the diffusion channels, it is unclear to what extent all cells would
have been stained by it if it had permeated better. Figure 5.23D appears to support that
theory, though with the enhanced brightness needed to show the cells at the center of the
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figure, it is possible that the fainter signal stems from spectral bleed-through and/or weak
autofluorescence of the cells. As such, the staining was deemed inconclusive, but with
a likelihood of a majority of the cells being dead. This was presumed to stem from the
invasions of air and the leakages of medium early on in the culture, which led to the cells
receiving insufficient nutrition over time.

Based on that, it appears highly probable that the cells were indeed dead and that
the live-cell staining was erroneous. For this reason, the incomplete supernatant samples
that remained following the leakages was not subjected to albumin ELISA quantitation.
To summarize, the LC-v2 device was found to solve a number of the shortcomings of the
VLSLL device, but a number of drawbacks were also found that hampered the use of the
LC-v2. These are summarized in table 5.1.

In light of the above, a further refined version of the LC-v2 device was designed,
intended to overcome the flaws of both the LC-v2 and the VLSLL devices while retain-
ing their benefits. The development and implementation of that device are described in
Chapter 6.
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Table 5.1: A comparative summary of traits of the VLSLL device and the LC-v2
devices, together with suggested changes for the next iteration of liver chip.

VLSLL trait LC-v2 equivalent Suggested action

Supports 3D culture Supports 3D culture Retain

Perfused at physiolog-
ical shear stress levels

Perfused at physiolog-
ical shear stress levels

Retain

Coculture enabled: inside
vs. outside chambers

Coculture enabled: vary cell
types in different chambers;
inside vs. outside chambers

Retain

Wide chambers that allow
mimicking of zonation in
two lateral dimensions

Wide chambers that allow
mimicking of zonation in
two lateral dimensions

Retain

Radial perfusion to make the
chambers homogeneous and
facilitate zonation mimicry

Radial perfusion to make the
chambers homogeneous and
facilitate zonation mimicry

Retain

Chamber height of 60 µm
permissive of 3D culture

Chamber height of 60 µm
permissive of 3D culture

Retain

Gas-permeable material Gas-permeable, hy-
drophilic material

Retain

Chambers could not
be seeded individually

Individual chamber seeding Retain

Loss of many cells in seeding
layer, affecting normalization

Loss of cells in seeding
ports, low seeding precision

Change the diffusion wall
structure to increase the

area of punched seeding port

Narrow diffusion chan-
nels hindered staining

Larger diffusion chan-
nels, but staining likely
requires perfusion of dyes
through seeding ports

Retain larger diffusion
channels; stain without lid

No buckling because of
small diffusion channels

Buckling due to large
diffusion channels
and narrow pillars

Retain the channel
size, widen the pillars

Irreversibly bonded,
reversible bonding unreliable

Sufficiently reversible bond-
ing due to PDMS-c inclusion

Retain

Narrow medium channels
vulnerable to lingering
bubble obstruction

Broader medium channel,
less sensitive to bubbles

Broaden the narrow
sections by the in-

let and outlet as well

Simulated as single chamber Simulated as full device Retain

Not very sensitive to
thickness of top layer

Too-thin PDMS caused
inlet leakage, too-thick
PDMS traps more
cells in seeding inlet

Increase the area of
punched seeding port to
let cells sediment better;
increase device thickness

Chambers did not
suffer air invasion

Chambers were invaded by
air trapped in seeding inlets

Implement a detachable top
outlet layer, letting air out
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Figure 5.23: HepG2 cells stained during culture in an LC-v2b device, with controls. A: Composite
image of a typical chamber section. Dead cells are stained red with ethidium homodimer-1 and
live cells are stained green with calcein AM. The dead staining appears to be localized to the
outermost section of the chamber. B: Control culture of HepG2 cells in a cell culture dish, showing
the typical morphology of 2D HepG2 cultures and the localization of their stains. C: Upon single-
channel inspection of live-stained cells in the device, the staining is found to consist of bright, sub-
cellular grains that fluoresce brightly against a background of uniform, faint green fluorescence.
This differs noticeably from the expected cytosolic stain seen in B. D: Dead-cell single channel
image of the same section as in C, but with greatly enhanced brightness. The dead-cell stain is
largely confined to the outermost section of the chamber, but a faint fluorescence is seen from all
the cells. It is unclear whether this is dye that has permeated poorly or a consequence of faint
spectral bleed-through that becomes visible through the heightened brightness. Morphologically,
though, the culture appears to consist largely of dead cells, implying that the dead-cell staining,
faint though it is, is correct and the live-cell staining is erroneous. The scale bar applies to all four
images. Brightness and contrast have been manually adjusted in ImageJ for all four in order to
heighten visibility.

Chapter 6

Refinement and implementation of
updated liver chip

The updated liver chip design described in Chapter 5 did solve several of the shortcomings
of the VLSLL device, but at the cost of creating other practical difficulties. To remedy this,
a further updated design was conceived, which is described below. The work described in
Chapter 6 was performed by me, with contributions from the following people:

� Dr. Muhammad Asim Faridi assisted in the processes described in section 6.4, and
was the one who produced the final device wafer for the LC-v3 design.

� Antonia Areali assisted in the performance of the cell culture experiments described
in section 6.5.5.3 and took part in the production and preparation of devices.

� John Andersson assisted in the wafer cleaning process described in section 6.5.5.3.

� Associate professor Caroline Beck Adiels assisted in the wafer cleaning and the air
bubble experiments described in section 6.5.5.3.

� Siiri Suominen performed the iPSC culture and on-chip differentiation experiments
described in section 6.5.6 with the supervision of dr. Leena Viiri, using devices
produced by me and with seeding and handling protocols provided by me.

6.1 Redesign requirements and rationale

The basis of the LC-v2 design, featuring individual culture chambers spaced apart in a
wide medium channel, was sound in principle. As described above, the problems of the LC-
v2 device were mainly the relative weakness of the diffusion pillars and the narrow seeding
ports. As such, the fundamental principles of the LC-v2 design was carried over into the
subsequent iteration, henceforth termed LC-v3. The traits that were to be retained were
the following:

1. A chamber height that permits and supports 3D growth of the cells

2. Perfusion of the chambers, allowing levels of shear stress that are suitable for hep-
atocyte culture
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Figure 5.23: HepG2 cells stained during culture in an LC-v2b device, with controls. A: Composite
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image of the same section as in C, but with greatly enhanced brightness. The dead-cell stain is
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spectral bleed-through that becomes visible through the heightened brightness. Morphologically,
though, the culture appears to consist largely of dead cells, implying that the dead-cell staining,
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images. Brightness and contrast have been manually adjusted in ImageJ for all four in order to
heighten visibility.
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ports. As such, the fundamental principles of the LC-v2 design was carried over into the
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3. A medium network separated from the chambers by a network of diffusion channels

4. The possibility of seeding chambers individually and with high precision

5. Chambers large enough to support a gradient of oxygen and nutrients

6. Detachable devices that allow extraction of the cells after culture

In order to address the shortcomings of LC-v2, the v3 devices should also meet the
following criteria:

1. Wider seeding inlets. The sinusoid mimetics of the chambers, and the diffusion wall
itself, must be designed in such a way that a larger seeding aperture, on the order
of 1 mm in diameter, can be reliably punched without damaging the chamber walls.
A wider inlet would also give a wider central area for cells to sediment from the
seeding port, reducing the amount of cells that are stuck in the inlets.

2. A design that is more structurally robust. The bending and buckling of the diffusion
pillars in the LC-v2 stemmed both from the separation of the inner and outer barrier
walls and from the relatively small size of the pillars themselves. The new design
should remedy that by joining the two layers of the barrier wall together and by
widening the pillars.

3. The medium channel inlet and outlet of the LC-v2 design had narrow sections in
which PDMS debris or stray air bubbles could get stuck, severely affecting the flow
of medium in the respective part of the device. This kind of structural bottleneck
should be removed.

4. An outlet layer that permits flow of medium out through the seeding ports. This
way, pockets of air should not arise in the seeding ports, and the perfusion of the
chambers should increase. The top layer should be reversibly attached the same way
as the top lid of the LC-v2 device was, allowing the user to switch between having
a sealed lid and an outlet layer based on the needs of the culture. For example,
when cells are recently seeded and have not yet aggregated or adhered, the seeding
ports could be closed by a lid. Thus, the shear stress experienced by the cells would
be reduced, the cells would be less likely to be displaced by the medium flow, and
there would be no loss of cells through the seeding ports. Conversely, once the cells
have aggregated and adhered, the lid could be switched out for the outlet layer,
increasing the perfusion of the chambers.

The first three changes are purely on the design and simulation level, but the fourth
also requires additional microfabrication and implementation.

6.2 Design of LC-v3

The LC-v3 device was designed using AutoCAD and simulated using Comsol as described
in Chapter 5. The design was remade from scratch but based on LC-v2, factoring in the
changes described above. Chambers were designed with an inner diameter of 2500 µm,
and a circular central area with a 1300 µm diameter was left empty to allow punching of
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the seeding inlet, as shown in figure 6.1. This way, a 1 mm tissue biopsy puncher could
be used for punching the inlet, and the increased margin reduces the risk that imprecise
punching damages the chamber wall.

Figure 6.1: The layout of the LC-v3 device (top); the flow direction is from left to right). The
yellow and green profiles show the outer and inner limits of the boundary wall, and the pink
and magenta structures are supports. The bottom figures show detailed views of the individual
chamber (bottom left, the tan circle is the 1300 µm area for inlet punching) and the diffusion wall
(bottom right).

A diffusion barrier wall was designed around each chamber. The wall consisted of
two layers of blocks everywhere except for the sinusoids, which were designed to consist
of a single layer of blocks and a wedge-shaped support ridge. This design was chosen to
facilitate the exchange of medium between the chambers and the medium channels. 8
sinusoid mimetics with a length of 715 µm from the outer chamber wall were placed at
regular intervals around the circular chambers, with shorter sinusoid mimetics (435 µm
in length) interspersed between them for a total of 16 sinusoids per chamber. The pillars
making up the double barrier wall were designed with a minimum footprint of 50 x 70 µm,
and the medium channels were kept at a width of 5 µm as in the LC-v2 device.

The chambers were arrayed in the same hexagonal pattern as in the LC-v2 design,
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3. A medium network separated from the chambers by a network of diffusion channels

4. The possibility of seeding chambers individually and with high precision
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itself, must be designed in such a way that a larger seeding aperture, on the order
of 1 mm in diameter, can be reliably punched without damaging the chamber walls.
A wider inlet would also give a wider central area for cells to sediment from the
seeding port, reducing the amount of cells that are stuck in the inlets.

2. A design that is more structurally robust. The bending and buckling of the diffusion
pillars in the LC-v2 stemmed both from the separation of the inner and outer barrier
walls and from the relatively small size of the pillars themselves. The new design
should remedy that by joining the two layers of the barrier wall together and by
widening the pillars.

3. The medium channel inlet and outlet of the LC-v2 design had narrow sections in
which PDMS debris or stray air bubbles could get stuck, severely affecting the flow
of medium in the respective part of the device. This kind of structural bottleneck
should be removed.

4. An outlet layer that permits flow of medium out through the seeding ports. This
way, pockets of air should not arise in the seeding ports, and the perfusion of the
chambers should increase. The top layer should be reversibly attached the same way
as the top lid of the LC-v2 device was, allowing the user to switch between having
a sealed lid and an outlet layer based on the needs of the culture. For example,
when cells are recently seeded and have not yet aggregated or adhered, the seeding
ports could be closed by a lid. Thus, the shear stress experienced by the cells would
be reduced, the cells would be less likely to be displaced by the medium flow, and
there would be no loss of cells through the seeding ports. Conversely, once the cells
have aggregated and adhered, the lid could be switched out for the outlet layer,
increasing the perfusion of the chambers.

The first three changes are purely on the design and simulation level, but the fourth
also requires additional microfabrication and implementation.

6.2 Design of LC-v3

The LC-v3 device was designed using AutoCAD and simulated using Comsol as described
in Chapter 5. The design was remade from scratch but based on LC-v2, factoring in the
changes described above. Chambers were designed with an inner diameter of 2500 µm,
and a circular central area with a 1300 µm diameter was left empty to allow punching of
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the seeding inlet, as shown in figure 6.1. This way, a 1 mm tissue biopsy puncher could
be used for punching the inlet, and the increased margin reduces the risk that imprecise
punching damages the chamber wall.

Figure 6.1: The layout of the LC-v3 device (top); the flow direction is from left to right). The
yellow and green profiles show the outer and inner limits of the boundary wall, and the pink
and magenta structures are supports. The bottom figures show detailed views of the individual
chamber (bottom left, the tan circle is the 1300 µm area for inlet punching) and the diffusion wall
(bottom right).

A diffusion barrier wall was designed around each chamber. The wall consisted of
two layers of blocks everywhere except for the sinusoids, which were designed to consist
of a single layer of blocks and a wedge-shaped support ridge. This design was chosen to
facilitate the exchange of medium between the chambers and the medium channels. 8
sinusoid mimetics with a length of 715 µm from the outer chamber wall were placed at
regular intervals around the circular chambers, with shorter sinusoid mimetics (435 µm
in length) interspersed between them for a total of 16 sinusoids per chamber. The pillars
making up the double barrier wall were designed with a minimum footprint of 50 x 70 µm,
and the medium channels were kept at a width of 5 µm as in the LC-v2 device.

The chambers were arrayed in the same hexagonal pattern as in the LC-v2 design,
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interspersing rows of four and three chambers. The chambers were placed with center-to-
center spacings of 3280 µm, with the narrowest points between the chambers measuring
490 µm. As with the LC-v2, a 1000 µm thick outer boundary wall surrounded the medium
channel, with support pillars 60 x 100 µm in size surrounding the outer wall. The medium
channel measured 13600 µm in width in the chamber area, tapering off closer to the
medium inlet and outlet. The wide section was 18500 µm long.

The narrow sections in the medium channel of LC-v2, near the inlet and outlet, were
widened from 140 to 1500 µm. The support structures in those areas were correspondingly
reduced to 1500 µm, allowing debris to pass while still supporting the PDMS structure to
prevent the device from sagging.

As the design no longer had bottlenecks which could easily get obstructed by bubbles,
the bubble trap section of LC-v2 was removed. This was done to reduce the overall
footprint of the device, allowing more copies of the design to fit onto the same wafer.
Multiple different designs could also fit onto the same wafer, enabling design optimization
in a single step.

An outlet layer was also designed, made to be placed on top of the LC-v3 device as
illustrated in figure 6.2. The top layer consists of seven straight channels, 300 µm in
width, stringing together circular spaces of 1300 µm diameter. These circular spaces are
meant to be placed over the seeding ports during culture, allowing the supernatant from
the chambers to exit through the seeding ports and enter the top layer channels. The
channels converge at an outlet, which is situated near the back end of the device and
houses a collection reservoir or an outlet tubing. Prior to its application, the top layer
would be degassed, ensuring that no air is trapped in the channels as they fill with medium
from the chambers.

With the top layer designed, all four of the requirements stated above were met by the
new designs. The LC-v3 was thus ready to be simulated.

6.3 Simulations of LC-v3

In order to study the device both with and without the top layer present, two versions of
LC-v3 were simulated: one with outlets at the center of each chamber and one without
outlets. The outlets were added to the designs as circles at the centers of the chambers,
measuring 1 mm in diameter. These circles were set as outlets for the Laminar flow and
outflows in the Transport of diluted species modules, respectively, allowing both the shear
stress and the spread of glucose to factor in the outlets. The LC-v3 device was modelled
in 2D without the inclusion of the top layer in order to reduce the computational power
needed. As such, the outlets in the chambers likely were simulated as having a higher flow
rate than they would in the experimental conditions, and simulations were merely used as
an estimate of the conditions in the device.

The concentration, shown in figure 6.3 varies somewhat across the device in the LC-v3
compared to the LC-v2. While the concentration is very even across the chambers in the
front part of the device, near to the inlet, they vary more across the chambers in the back
of the device. In the front of the device, the concentration difference across the chamber
is less than 0.5 mM during filling, whereas further back it is, at most, around 2 mM from
side to side.
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Figure 6.2: Assembly of the device and top layer. The top layer (top left) and LC-v3 device (top
right) are rendered individually as well as in combined form (bottom). The medium channel is
highlighted in red while the chambers, seeding ports and top layer channels are shown in blue.
The medium/supernatant flow is from left to right in the top figures and from bottom left to top
right in the bottom figure. In the bottom figure, the medium/supernatant flows out through both
the device back outlet (red) and the top layer outlet (blue). Scale bars represent 2 mm in the top
layer image (top left) and 5 mm in the bottom layer (top right).

The shear stress in the chambers, as shown in figure 6.4, was lower in the LC-v3 than in
LC-v2b, likely owing to the fewer diffusion channels and the more complete double-barrier
wall. The shear stress of the majority of the chamber lay in the range of 0.1 — 1 µPa,
with the center experiencing on the order of 10 nPa. The shear stress was noticeably more
even across each chamber than in the LC-v2b, also owing to the design of the chamber
walls. The shear stress was still higher in LC-v3 than in LC-v2a. Still, there were zones
in certain chambers where the shear stress was reduced. The shear stress outside the
chambers is on the order of 100 µPa in the LC-v3.

In the device with top outlets, the concentration overall equilibrated much more quickly
as the medium channel filled with glucose solution. Similar to the closed-top device, the
concentration is even across the chambers near the medium inlet but less so farther back.
The concentration difference is on the order of 0.5 mM at most comparing the edges, and
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widened from 140 to 1500 µm. The support structures in those areas were correspondingly
reduced to 1500 µm, allowing debris to pass while still supporting the PDMS structure to
prevent the device from sagging.

As the design no longer had bottlenecks which could easily get obstructed by bubbles,
the bubble trap section of LC-v2 was removed. This was done to reduce the overall
footprint of the device, allowing more copies of the design to fit onto the same wafer.
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in a single step.

An outlet layer was also designed, made to be placed on top of the LC-v3 device as
illustrated in figure 6.2. The top layer consists of seven straight channels, 300 µm in
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the chambers to exit through the seeding ports and enter the top layer channels. The
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outflows in the Transport of diluted species modules, respectively, allowing both the shear
stress and the spread of glucose to factor in the outlets. The LC-v3 device was modelled
in 2D without the inclusion of the top layer in order to reduce the computational power
needed. As such, the outlets in the chambers likely were simulated as having a higher flow
rate than they would in the experimental conditions, and simulations were merely used as
an estimate of the conditions in the device.

The concentration, shown in figure 6.3 varies somewhat across the device in the LC-v3
compared to the LC-v2. While the concentration is very even across the chambers in the
front part of the device, near to the inlet, they vary more across the chambers in the back
of the device. In the front of the device, the concentration difference across the chamber
is less than 0.5 mM during filling, whereas further back it is, at most, around 2 mM from
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Figure 6.2: Assembly of the device and top layer. The top layer (top left) and LC-v3 device (top
right) are rendered individually as well as in combined form (bottom). The medium channel is
highlighted in red while the chambers, seeding ports and top layer channels are shown in blue.
The medium/supernatant flow is from left to right in the top figures and from bottom left to top
right in the bottom figure. In the bottom figure, the medium/supernatant flows out through both
the device back outlet (red) and the top layer outlet (blue). Scale bars represent 2 mm in the top
layer image (top left) and 5 mm in the bottom layer (top right).

The shear stress in the chambers, as shown in figure 6.4, was lower in the LC-v3 than in
LC-v2b, likely owing to the fewer diffusion channels and the more complete double-barrier
wall. The shear stress of the majority of the chamber lay in the range of 0.1 — 1 µPa,
with the center experiencing on the order of 10 nPa. The shear stress was noticeably more
even across each chamber than in the LC-v2b, also owing to the design of the chamber
walls. The shear stress was still higher in LC-v3 than in LC-v2a. Still, there were zones
in certain chambers where the shear stress was reduced. The shear stress outside the
chambers is on the order of 100 µPa in the LC-v3.

In the device with top outlets, the concentration overall equilibrated much more quickly
as the medium channel filled with glucose solution. Similar to the closed-top device, the
concentration is even across the chambers near the medium inlet but less so farther back.
The concentration difference is on the order of 0.5 mM at most comparing the edges, and
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even less comparing the sides of the central outlet. In the back of the device, however, the
difference is as high as 2.25 mM between one side of the chamber and the other, as shown
in figure 6.5.

Figure 6.3: The concentration profile at the front and back of the LC-v3 device (top and bottom,
respectively) in the sealed-inlet configuration, when the seeding inlets are blocked. Both 2D plots
use the same color bar. The time differs as the medium takes longer to reach the back end, and
both time points were chosen as representative examples of the greatest disparity observed across
the chambers in question.

The shear stress, shown in figure 6.6, was noticeably higher in the devices with outlets
than in the closed-top configuration. The chamber interior experienced a shear stress in
the range of 1 — 10 µPa, with a distribution that was more even than the closed-top
device. The shear stress was lay in the same range across all chambers despite the outlets.
The area around the chambers experienced a shear stress on the order of 100 µPa, similar
to the closed-top device.

Comparing the designs, the shear stress of the open configuration of LC-v3 is com-
parable to those of LC-v2b, respectively, both falling around 1-10 µPa. Conversely, the
closed-top LC-v3 is about one order of magnitude higher in terms of shear than LC-v2a
(0.1-1 µPa vs 10-100 nPa), owing to the larger medium channel of the latter. In contrast,
the single-chamber simulation of the VLSLL device is stated to have a shear stress level of
50 µPa, but as discussed in Chapter 4, this stems mostly from it being simulated as one
chamber with the flow rate of a full device.
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Figure 6.4: The shear stress in the front left chamber of the LC-v3 device in the sealed-inlet
configuration. Note, values equal to or exceeding the maximum of the scale are shown in the color
of the scale maximum. This way, the two images are able to show more minute variations in shear
stress at two different scales.

Of note is also the non-radial influx of medium in the back parts of the LC-v3 device.
In the front part, the medium influx is comparable to that of LC-v2b, with edge-to-edge
delays of 0.5 mM or less during filling, but in the back part the delay goes above 2 mM
at worst. This, too, is comparable to LC-v2b but was noticeably better in LC-v2a due to
the much wider space around the chambers. As the medium flow was less perturbed by
the chambers in the wider medium channel of LC-v2a, the chambers filled more radially.

The non-radial filling of the back chambers is likely in part because of the pumping
cycle simulated here. The device does not fill entirely with 11 mM solution in one pumping
cycle, and while the pumping is idle, diffusion still acts on the solution. As there is a larger
amount of medium present near the outer boundary wall than there is around each of the
inner chambers of the device (see figures 6.7-6.8), the concentration inside the chambers
near the outer boundary are likely skewed by this. In a real experiment, the entire volume
starts out filled with 11 mM solution (medium), and is unlikely to ever be fully depleted
of glucose as in the simulation.

As with LC-v2b, the LC-v3 design was not altered to try to offset for the non-radial
filling seen here. The shear stress is very closely comparable between all the chambers
in the LC-v3 device, and while the influx is not radial in the back of the device, it is
also not impaired. The chambers fill efficiently with medium in all parts of the device,
the non-radial filling is simply an artifact of the way the medium flows into the device.
Thus, while the radiality of the hypothesized zonation behavior in the chambers would be
compromised in the back part of the device, a zonation mimicry would still be possible as
the medium still needs time to permeate the cell masses present.

Furthermore, in order to have a proper comparison of the influx of medium solutes into
the chambers, the consumption of said solutes would also need to be factored in. Once
the device had been validated in practice through cell culture, a more extensive simulation
would be worth performing. That simulation would take into account the consumption of
oxygen and glucose by the cells and study how radial the profiles would be from a device
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even less comparing the sides of the central outlet. In the back of the device, however, the
difference is as high as 2.25 mM between one side of the chamber and the other, as shown
in figure 6.5.

Figure 6.3: The concentration profile at the front and back of the LC-v3 device (top and bottom,
respectively) in the sealed-inlet configuration, when the seeding inlets are blocked. Both 2D plots
use the same color bar. The time differs as the medium takes longer to reach the back end, and
both time points were chosen as representative examples of the greatest disparity observed across
the chambers in question.

The shear stress, shown in figure 6.6, was noticeably higher in the devices with outlets
than in the closed-top configuration. The chamber interior experienced a shear stress in
the range of 1 — 10 µPa, with a distribution that was more even than the closed-top
device. The shear stress was lay in the same range across all chambers despite the outlets.
The area around the chambers experienced a shear stress on the order of 100 µPa, similar
to the closed-top device.

Comparing the designs, the shear stress of the open configuration of LC-v3 is com-
parable to those of LC-v2b, respectively, both falling around 1-10 µPa. Conversely, the
closed-top LC-v3 is about one order of magnitude higher in terms of shear than LC-v2a
(0.1-1 µPa vs 10-100 nPa), owing to the larger medium channel of the latter. In contrast,
the single-chamber simulation of the VLSLL device is stated to have a shear stress level of
50 µPa, but as discussed in Chapter 4, this stems mostly from it being simulated as one
chamber with the flow rate of a full device.
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Figure 6.4: The shear stress in the front left chamber of the LC-v3 device in the sealed-inlet
configuration. Note, values equal to or exceeding the maximum of the scale are shown in the color
of the scale maximum. This way, the two images are able to show more minute variations in shear
stress at two different scales.

Of note is also the non-radial influx of medium in the back parts of the LC-v3 device.
In the front part, the medium influx is comparable to that of LC-v2b, with edge-to-edge
delays of 0.5 mM or less during filling, but in the back part the delay goes above 2 mM
at worst. This, too, is comparable to LC-v2b but was noticeably better in LC-v2a due to
the much wider space around the chambers. As the medium flow was less perturbed by
the chambers in the wider medium channel of LC-v2a, the chambers filled more radially.

The non-radial filling of the back chambers is likely in part because of the pumping
cycle simulated here. The device does not fill entirely with 11 mM solution in one pumping
cycle, and while the pumping is idle, diffusion still acts on the solution. As there is a larger
amount of medium present near the outer boundary wall than there is around each of the
inner chambers of the device (see figures 6.7-6.8), the concentration inside the chambers
near the outer boundary are likely skewed by this. In a real experiment, the entire volume
starts out filled with 11 mM solution (medium), and is unlikely to ever be fully depleted
of glucose as in the simulation.

As with LC-v2b, the LC-v3 design was not altered to try to offset for the non-radial
filling seen here. The shear stress is very closely comparable between all the chambers
in the LC-v3 device, and while the influx is not radial in the back of the device, it is
also not impaired. The chambers fill efficiently with medium in all parts of the device,
the non-radial filling is simply an artifact of the way the medium flows into the device.
Thus, while the radiality of the hypothesized zonation behavior in the chambers would be
compromised in the back part of the device, a zonation mimicry would still be possible as
the medium still needs time to permeate the cell masses present.

Furthermore, in order to have a proper comparison of the influx of medium solutes into
the chambers, the consumption of said solutes would also need to be factored in. Once
the device had been validated in practice through cell culture, a more extensive simulation
would be worth performing. That simulation would take into account the consumption of
oxygen and glucose by the cells and study how radial the profiles would be from a device
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Figure 6.5: The concentration profile at the front and back of the LC-v3 device (top and bottom,
respectively) in the configuration with top outlets open. Both 2D plots use the same color bar. The
time differs as the medium takes longer to reach the back end, and both time points were chosen
as representative examples of the greatest disparyty observed across the chambers in question.

that is already filled with medium. As previously stated, the simulations performed here
served as a first approximation only, so as to study the general traits of the system as
designed. Thus, the LC-v3 device was produced for validation based on the above design.

6.4 Microfabrication of LC-v3 and the top outlet

layer

The master mold for LC-v3 was produced in the same manner as LC-v2, following the
optimized steps for deep reactive ion etching of silicon as described in Chapter 5. The
resulting wafer had diffusion channels with a height of 35 µm and a total chamber height
of 60 µm.

The top outlet layer was produced on a separate wafer as it did not need multiple
different heights. A 500 µm thick (111) silicon wafer was spin-coated with SU-8 3035
(Kayaku Advanced Materials, Inc., Westborough, Massachusetts, USA) at 3000 RPM for
30 s. The wafer was soft-baked at 65◦C for 15 minutes and then allowed to cool. Once at
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Figure 6.6: The shear stress in the front left chamber of the LC-v3 device in the configuration with
top outlets open. Note, values equal to or exceeding the maximum of the scale are shown in the
color of the scale maximum. This way, the two images are able to show more minute variations in
shear stress at two different scales.

RT, the wafer was exposed to UV light using a mask aligner (Suss MA6, Suss MicroTec,
Garching, Germany), with the pattern defined by a plastic transparency mask (Micro
Litho, Chelmsford, UK). The exposure was performed for 42 s at 250 mJ/cm2. Following
exposure, the wafer was baked at 95◦C for 5 min and subsequently allowed to cool to RT
again. Next, the wafer was developed by immersion and agitation in photoresist remover
(mr-Dev 600, Micro Resist Technology, Berlin, Germany) for 8 min. Once developed, the
wafer was rinsed with isopropanol, dried using pressurized nitrogen gas, and hardbaked
at 150◦C for 15 min. The patterns were measured using a surface profiler (Tencor P15,
KLA Tencor) and found to measure 34 µm in height. Finally, the wafer was silanized as
described for the LC-v2 wafer and used to cast device top layers.

Both devices and top layers were cast from PDMS at a 5:1 weight ratio of base polymer
to curing agent, and with 0.25% copolymer additive as described previously. The devices
were cured overnight at 60◦C. Once thermally cured, devices were cut and inlets and
outlets were punched. Both medium inlet, medium outlet, and seeding ports, as well as
the outlet port of the top layer, were punched using a 1 mm diameter tissue biopsy puncher
(33-31AA-P/25, Miltex, Integra LifeSciences, Princeton, New Jersey, USA). Devices and
glass slides were cleaned with ethanol and subsequently plasma-treated and bonded in
accordance with the reversible bonding protocol described in Chapter 5. Once bonded,
the devices and top layers were sterilized by autoclavation and degassed prior to use.

6.5 Implementation of LC-v3

Devices were produced as per the above, along with top outlet layers and top lids, all out
of PDMS-c with a 5:1 ratio of PDMS base to crosslinker and with a 0.25% addition of
copolymer. Devices, lids and top layers were sterilized by autoclaving at 121◦C, whereupon
they were degassed in a vacuum chamber in preparation for seeding.
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Figure 6.7: The concentration profile over time during pumped flow in the LC-v3 device with the
seeding ports sealed. The color bar is shared for all the figures.

Cells of the HepG2 hepatoma cell line and the LX-2 stellate cell line were used for the
optimization and validation of the LC-v3 device. HepG2 cells were cultured in supple-
mented MEM/EBSS medium as described in Chapter 5 and cultured to 75-80% confluency
prior to passage or seeding. LX-2 cells were cultured in DMEM medium (SH30021.01, Hy-
Clone) supplemented with 10% FBS and 5ml penicillin/streptomycin. LX-2 cultures were
passaged around 80-90% confluency. The LX-2 cell line were introduced as a complement
to the HepG2 cells as an initial study. During coculture of the two cell lines, the cells were
kept on hepatocyte medium in accordance with reference [262].

The intention of introducing the on-chip coculture was to compare not only HepG2
cells cultured on-chip to those cultured in well plates, but also to compare cocultures of
HepG2 and LX-2 cells to monocultures of HepG2 on-chip. The inclusion of a stellate
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Figure 6.8: The concentration profile over time during pumped flow in the LC-v3 device with the
seeding ports open. The color bar is shared for all the figures.

cell line was chosen because of the important role of stellate cells in conditions such as
non-alcoholic fatty liver disease (NAFLD). As such, the organ-on-chip model could be
extended to also study the effects of lipid loading on the on-chip and off-chip cultures once
the device had been validated with untreated mono- and cocultures.

For the device validation, the following protocols were followed.

6.5.1 Monoculture of HepG2 cells in devices

Prior to seeding, all reagents and equipment were prepared. Medium, PBS and T/E were
heated to 37◦C prior to use.

1. Devices, lids and top layers were degassed overnight prior to seeding.

Being innately more hydrophilic than regular PDMS, the PDMS-c did not require
any prior plasma treatment, but to ensure a bubble-free seeding, degassing the PDMS-
c components was still found to be favorable. As the device chambers are filled with



156 Refinement and implementation of updated liver chip

Figure 6.7: The concentration profile over time during pumped flow in the LC-v3 device with the
seeding ports sealed. The color bar is shared for all the figures.

Cells of the HepG2 hepatoma cell line and the LX-2 stellate cell line were used for the
optimization and validation of the LC-v3 device. HepG2 cells were cultured in supple-
mented MEM/EBSS medium as described in Chapter 5 and cultured to 75-80% confluency
prior to passage or seeding. LX-2 cells were cultured in DMEM medium (SH30021.01, Hy-
Clone) supplemented with 10% FBS and 5ml penicillin/streptomycin. LX-2 cultures were
passaged around 80-90% confluency. The LX-2 cell line were introduced as a complement
to the HepG2 cells as an initial study. During coculture of the two cell lines, the cells were
kept on hepatocyte medium in accordance with reference [262].

The intention of introducing the on-chip coculture was to compare not only HepG2
cells cultured on-chip to those cultured in well plates, but also to compare cocultures of
HepG2 and LX-2 cells to monocultures of HepG2 on-chip. The inclusion of a stellate

6.5 Implementation of LC-v3 157

Figure 6.8: The concentration profile over time during pumped flow in the LC-v3 device with the
seeding ports open. The color bar is shared for all the figures.

cell line was chosen because of the important role of stellate cells in conditions such as
non-alcoholic fatty liver disease (NAFLD). As such, the organ-on-chip model could be
extended to also study the effects of lipid loading on the on-chip and off-chip cultures once
the device had been validated with untreated mono- and cocultures.

For the device validation, the following protocols were followed.

6.5.1 Monoculture of HepG2 cells in devices

Prior to seeding, all reagents and equipment were prepared. Medium, PBS and T/E were
heated to 37◦C prior to use.

1. Devices, lids and top layers were degassed overnight prior to seeding.

Being innately more hydrophilic than regular PDMS, the PDMS-c did not require
any prior plasma treatment, but to ensure a bubble-free seeding, degassing the PDMS-
c components was still found to be favorable. As the device chambers are filled with



158 Refinement and implementation of updated liver chip

cell suspension or pre-coating solution, bubbles may get trapped in parts of the chambers
and/or the diffusion channels. This is particularly likely if the seeding inlets have not been
punched straight enough, as the liquid entering the chamber will preferentially fill one side
of the chamber. If bubbles thus arise and obstruct the pre-coating solutions, the cells will
struggle to adhere to the uncoated surface. Conversely, if the cell suspension doesn’t fill
the whole chamber, the spots left bare will eventually still be filled with cells as the cells
proliferate, but this will differ when non-proliferating cells are used. As such, desiccation
is crucial to ensure an even seeding, as degassed PDMS (or PDMS-c) is able to absorb air
from bubbles into the bulk polymer, as discussed in previous chapters. Similarly, the slab
lid and top layer benefit greatly from desiccation prior to use, as both will be in contact
with pockets of air that could otherwise impair the culture or the flow.

2. On the seeding day, devices were pre-coated with Geltrex by filling each chamber
with the Geltrex solution by pipetting. The devices were allowed to incubate with
the Geltrex for 1 h at 37◦C. Next, the devices were degassed again for 1 h.

As discussed previously, Geltrex is an extracellular matrix (ECM) gel, specifically a
basement membrane in liquid form that is purified from a murine tumor [356]. As such, it
is a mixture of proteins such as collagen IV, proteoglycans and laminin. Geltrex helps the
attachment and adherence of stem cells as well as cell lines like HepG2. It was found, as is
discussed in greater detail below, that HepG2 cells exhibit a greatly reduced attachment to
untreated glass compared to glass coated with Geltrex. Very little adherence was observed
in HepG2 cells seeded on untreated glass, whereas a majority of seeded cells in contact
with pre-coated glass adhered within a day of seeding.

3. HepG2 cells were cultured to 75-80% confluency, washed with PBS-/- and detached.
The cell culture was incubated with T/E (trypsin and EDTA as per Chapter 5) for
5 minutes at 37◦C. Following incubation, the cells were detached from the culture
flask and medium was added in order to inhibit the T/E solution.

As described in Chapter 5, trypsin facilitates the detachment of adherent cells by
cleaving the proteins that help the cells adhere. It is inhibited by the presence of calcium
ions, which is why the culture is first washed with PBS-/-. Furthermore, the trypsin is
combined with the metal ion chelator EDTA, which helps remove residual calcium ions in
the vicinity of the cells. Bovine serum contains, among numerous other factors, protease
inhibitors which inhibit trypsin.

4. The cell suspension was mixed well using a pipette to break up clusters of cells to
a more predominantly single-cell suspension. A syringe outfitted with a 27G needle
was used to draw up 1 ml of the suspension and transfer it to a separate tube. 10
µl of this suspension was taken up and mixed with 10 µl of Trypan Blue solution
for cell counting. The remainder of the 1 ml sample was returned to the original
cell suspension tube.

Following detachment from the cell culture flasks, cultures of HepG2 cells above 70%
confluency were found to exhibit a high degree of cell-cell adhesion. Thus, the cells re-
mained in clusters even in suspension, making it difficult to accurately count them using
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both manual and automated cell counting. For this reason, the cell suspension was pipet-
ted with both larger (1 ml) and smaller (100 µl) pipette tips, using the shearing forces of
repeated pipetting to break up the clusters. Finally, the aspiration using a 27G needle is
meant to further break up remaining clusters into a single-cell suspension. It was found
that the inclusion of these sequential steps led to more monodisperse cell suspensions than
what could be achieved using only pipettes or only needles. Having a largely single-cell
suspension was found to be of importance for the cell counting, as cells in clusters were
challenging to count both using a manual cell counting chamber and an automated cell
counter.

5. The cells mixed with Trypan Blue solution were counted using an automated cell
counter (Countess II, Invitrogen, Waltham, Massachusetts, USA). Meanwhile, the
remainder of the cell sample was centrifuged at 200 x G for 3 minutes to form a
pellet.

The automated cell counting was carried out together with a Trypan Blue viability
measurement, where dead cells were stained blue by the solution. The automated cell
counter provided an assessment of cell viability together with the measured cell number,
and viabilities were typically 95% or higher, implying that the pipetting and needle aspi-
ration did not have any major impact on cell viability. The number of viable cells detected
by the cell counter was used as the basis for the calculation of the total number of viable
cells in the sample.

6. The supernatant was removed from the cell pellet by pipetting, and the volume of
the pellet was measured using a pipette. Geltrex and medium were mixed at a 1:1
ratio to form a sample dilution mixture (henceforth called cell-gel mixture), and the
pellet was diluted to the target density.

The volume of the cell pellet was measure by pipetting, transferring successively smaller
volumes from the initial sample tube to the final sample tube. Due to inaccuracies in
aspirating the supernatant from the pellet, it was not always possible to produce cell
pellets of identical volumes, as sometimes additional medium remained. With the cell
count, however, the total cell number was known, and the target volume needed to achieve
a given cell density in the final sample could be calculated. The cell pellet volume was
then adjusted by the addition of Geltrex and medium in a 1:1 mixture to produce the
cell-gel mix. This way, the cells being seeded were provided with both nutrients and ECM
from the start.

The inclusion of Geltrex in the cell pellet mixture during seeding was intended to
promote 3D aggregation of the cells at an early stage. It was later found, however, that
the Geltrex was insufficient in itself to enforce a 3D structure. Unlike other ECMs such
as collagen IV, the Geltrex variant used in these experiments did not form a 3D gel
when heated to 37◦C. As such, it is possible that the mixing of HepG2 cells and Geltrex
could have been omitted during seeding; however, omission of the pre-coating step had a
significant effect on HepG2 adherence to the glass.

Target seeding densities varied across the experiments, as described below.
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7. Pre-coated and degassed devices were seeded individually. One device was taken
out of the incubator, and the chambers were seeded individually by pipetting 0.5 µl
of cell-gel mixture into the bottom of each chamber. After seeding, another 2 µl of
undiluted Geltrex was added on top of the cell-gel mixture in each seeding port.

The desiccation of devices prior to incubation with the Geltrex not only depleted
the gas dissolved in the polymer, but also removed the liquid gel, leaving behind only
the Geltrex that had adhered to the interior surfaces. Thus, the cells were seeded into
chambers free of liquid. Still, it was found to be challenging to deposit the cells into the
chambers directly by pipetting, as the air present in the chambers needed to be displaced
through the diffusion channels or up through the seeding port along the side of the pipette
tip.

If the pipette tip did not seal tightly against the sides of the seeding port, the cell
suspension was prone to leaking up into the seeding port again rather than filling the
chambers. The air inside the chambers would resist being displaced, and the path of least
resistance for the cells was thus to wet the outside of the pipette tip and the interior of
the cylindrical seeding port. In such cases, cells were typically lost by leakages around the
top of the seeding port, and the cells that remained were generally located in the seeding
port rather than the broader expanse of the chamber.

If the pipette tip did seal tightly against the sides of the seeding port, the pipette was
able to push the air out and deposit the cells along the bottom of the chamber. Particularly,
it was found that the pipette tip should ideally be inserted as deep as possible into the
chamber before sealing tightly, as then a smaller volume of air remained to be displaced.
However, inserting the pipette tip too far into the chamber risked causing damage to the
barrier wall if the pipette was too forcefully inserted or withdrawn, causing cells to leak
out. As such, finding an optimal seeding method required some optimization.

Seeding 0.5 µl of cells was sufficient to fill the chamber (with a culture area of ap-
proximately 3.4 mm2 and a volume of 0.2 µl) as well as approximately 0.64 mm of the 3
mm high seeding port. As such, there would be more cells deposited in the seeding port
than in the chamber itself at the outset. However, most cells from the seeding port would
eventually sediment into the chamber, while others were expected to adhere to the side
walls of the seeding port as these had also been pre-coated. As the device was designed
to allow flow through the top layer, having cells remain in or near the seeding ports was
not considered a detriment in this design, in contrast with the LC-v2 device which did
not yet have a top outlet layer. Still, as a majority of the cells in the seeding port would
sediment, the total cell volume was kept relatively low. As such, 0.5 µl was chosen as the
seeded amount.

The addition of pure Geltrex on top served both to supply the cells with additional
ECM and to prevent the formation of air pockets in the seeding ports. 2 µl of Geltrex was
taken up with a pipette and the tip was gently inserted into the chamber. The Geltrex
was deposited until the seeding port was filled. Care was taken to not overfill the seeding
ports, as any Geltrex that rose out of the port would end up spreading between the top
of the device and the lid once it was applied. If any gel was trapped between the device
and the lid in this manner, it would weaken the adherence between the device and the
lid, risking to cause leakages during pumping. However, if there was too little Geltrex
added to the seeding ports, the air remaining there might expand and displace the cells,
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as described in Chapter 5. For this reason, the amount of Geltrex deposited sometimes
had to be adjusted to offset variations in device thickness, so that very little air remained
between the Geltrex and the lid.

To protect the cells from exposure to RT for prolonged times, the sample tubes con-
taining the cell-gel mix were kept in a heated metal holder. Similarly, devices being seeded
were kept on a heated metal plate.

8. After all chambers had been seeded, a slab lid was placed over the seeding inlets,
and the medium channel was filled with medium by pipetting. Medium-filled pipette
tips were left in the medium inlet and outlet as a reservoir. Devices were incubated
in this manner for 4-6 h.

It was found that a slow (on the order of 2 µl/s) addition of medium to the medium
channel was crucial to maintain the distribution of the cells inside the chambers. If the
medium was flowed into the device too quickly, cells were displaced within the chambers,
with a majority being pushed to the back of their respective chambers. Too fast flushing
with medium likely also washed out the Geltrex that was mixed with the cell pellet.

The subsequent incubation under static conditions was meant to promote cell adher-
ence, as periodic flow conditions were believed to disturb the formation of attachment.

Two devices could be seeded per T75 culture flask used, and the steps from detachment
to completed seeding took approximately 30 minutes. Thus, for 8 devices (the maximum
capacity of the main syringe pump used), there was a delay of nearly 2 h between the
seeding of the first and the last device. The pump was started after all devices had been
incubated under static conditions for at least 4 h, hence the spread in time as stated above.

9. Following the incubation, devices were connected to the syringe pumps and collection
reservoirs, and pumping was initiated. Devices were pumped for 15 minutes with a
flow rate of 1 µl/min, followed by 15 minutes of no pumping.

A high-precision syringe pump (neMESYS Low Pressure module 290N, Cetoni, Kor-
bussen, Germany) consisting of two modules, each carrying four glass syringes (M1101000123,
Cetoni), was used for most of the optimization experiments. The glass syringes were out-
fitted with proprietary tubing connectors and polytetrafluoroethylene (PTFE) tubing. An
auxiliary syringe pump (CMA 4004, Harvard Apparatus, Holliston, Massachusetts, USA)
using plastic syringes (Terumo 5 ml, Terumo Sweden AB, Gothenburg) was also used for
a subset of the experiments, increasing the pumping capacity to 12 devices at a time.

The syringes were connected to the devices using flexible tubing (C-Flex, 8413, Sigma-
Aldrich), which was connected to the syringes as appropriate. For the Cetoni glass sy-
ringes, the original PTFE tubing was inserted into the C-Flex tubing, connecting the two
without leakages. For the plastic syringes, 18G needles were used as connectors between
syringes and C-Flex tubing. The needles were prepared by filing down the sharp tip, wash-
ing the needles with ethanol to remove metal dust from the processing step, and inserting
the needles into the tubing. Inlet tubing bits were measured to meet the needs of the
physical pump-incubator setup, each inlet tubing measuring 1.2 m. Outlet tubing bits, 15
cm in length, were used to lead the supernatant from the medium channel outlet to the
collection tube.
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If the pipette tip did not seal tightly against the sides of the seeding port, the cell
suspension was prone to leaking up into the seeding port again rather than filling the
chambers. The air inside the chambers would resist being displaced, and the path of least
resistance for the cells was thus to wet the outside of the pipette tip and the interior of
the cylindrical seeding port. In such cases, cells were typically lost by leakages around the
top of the seeding port, and the cells that remained were generally located in the seeding
port rather than the broader expanse of the chamber.

If the pipette tip did seal tightly against the sides of the seeding port, the pipette was
able to push the air out and deposit the cells along the bottom of the chamber. Particularly,
it was found that the pipette tip should ideally be inserted as deep as possible into the
chamber before sealing tightly, as then a smaller volume of air remained to be displaced.
However, inserting the pipette tip too far into the chamber risked causing damage to the
barrier wall if the pipette was too forcefully inserted or withdrawn, causing cells to leak
out. As such, finding an optimal seeding method required some optimization.

Seeding 0.5 µl of cells was sufficient to fill the chamber (with a culture area of ap-
proximately 3.4 mm2 and a volume of 0.2 µl) as well as approximately 0.64 mm of the 3
mm high seeding port. As such, there would be more cells deposited in the seeding port
than in the chamber itself at the outset. However, most cells from the seeding port would
eventually sediment into the chamber, while others were expected to adhere to the side
walls of the seeding port as these had also been pre-coated. As the device was designed
to allow flow through the top layer, having cells remain in or near the seeding ports was
not considered a detriment in this design, in contrast with the LC-v2 device which did
not yet have a top outlet layer. Still, as a majority of the cells in the seeding port would
sediment, the total cell volume was kept relatively low. As such, 0.5 µl was chosen as the
seeded amount.

The addition of pure Geltrex on top served both to supply the cells with additional
ECM and to prevent the formation of air pockets in the seeding ports. 2 µl of Geltrex was
taken up with a pipette and the tip was gently inserted into the chamber. The Geltrex
was deposited until the seeding port was filled. Care was taken to not overfill the seeding
ports, as any Geltrex that rose out of the port would end up spreading between the top
of the device and the lid once it was applied. If any gel was trapped between the device
and the lid in this manner, it would weaken the adherence between the device and the
lid, risking to cause leakages during pumping. However, if there was too little Geltrex
added to the seeding ports, the air remaining there might expand and displace the cells,
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as described in Chapter 5. For this reason, the amount of Geltrex deposited sometimes
had to be adjusted to offset variations in device thickness, so that very little air remained
between the Geltrex and the lid.

To protect the cells from exposure to RT for prolonged times, the sample tubes con-
taining the cell-gel mix were kept in a heated metal holder. Similarly, devices being seeded
were kept on a heated metal plate.

8. After all chambers had been seeded, a slab lid was placed over the seeding inlets,
and the medium channel was filled with medium by pipetting. Medium-filled pipette
tips were left in the medium inlet and outlet as a reservoir. Devices were incubated
in this manner for 4-6 h.

It was found that a slow (on the order of 2 µl/s) addition of medium to the medium
channel was crucial to maintain the distribution of the cells inside the chambers. If the
medium was flowed into the device too quickly, cells were displaced within the chambers,
with a majority being pushed to the back of their respective chambers. Too fast flushing
with medium likely also washed out the Geltrex that was mixed with the cell pellet.

The subsequent incubation under static conditions was meant to promote cell adher-
ence, as periodic flow conditions were believed to disturb the formation of attachment.

Two devices could be seeded per T75 culture flask used, and the steps from detachment
to completed seeding took approximately 30 minutes. Thus, for 8 devices (the maximum
capacity of the main syringe pump used), there was a delay of nearly 2 h between the
seeding of the first and the last device. The pump was started after all devices had been
incubated under static conditions for at least 4 h, hence the spread in time as stated above.

9. Following the incubation, devices were connected to the syringe pumps and collection
reservoirs, and pumping was initiated. Devices were pumped for 15 minutes with a
flow rate of 1 µl/min, followed by 15 minutes of no pumping.

A high-precision syringe pump (neMESYS Low Pressure module 290N, Cetoni, Kor-
bussen, Germany) consisting of two modules, each carrying four glass syringes (M1101000123,
Cetoni), was used for most of the optimization experiments. The glass syringes were out-
fitted with proprietary tubing connectors and polytetrafluoroethylene (PTFE) tubing. An
auxiliary syringe pump (CMA 4004, Harvard Apparatus, Holliston, Massachusetts, USA)
using plastic syringes (Terumo 5 ml, Terumo Sweden AB, Gothenburg) was also used for
a subset of the experiments, increasing the pumping capacity to 12 devices at a time.

The syringes were connected to the devices using flexible tubing (C-Flex, 8413, Sigma-
Aldrich), which was connected to the syringes as appropriate. For the Cetoni glass sy-
ringes, the original PTFE tubing was inserted into the C-Flex tubing, connecting the two
without leakages. For the plastic syringes, 18G needles were used as connectors between
syringes and C-Flex tubing. The needles were prepared by filing down the sharp tip, wash-
ing the needles with ethanol to remove metal dust from the processing step, and inserting
the needles into the tubing. Inlet tubing bits were measured to meet the needs of the
physical pump-incubator setup, each inlet tubing measuring 1.2 m. Outlet tubing bits, 15
cm in length, were used to lead the supernatant from the medium channel outlet to the
collection tube.
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Figure 6.9: An illustration of the different types of connectors used in the LC-v3 device. (1) An
18G needle. Its thickness is suitable for forming a tight seal with the tubing. (2) An inlet/outlet
plug, made from an 18G needle. The plug is made by filing down the sharp, cut end of the needle
and remving the red plastic, leaving behind the white glue segment. This segment is suitable for
forming a tight seal with the device inlet and back outlet. (3) A 20G needle, suitable for fitting
into the top layer without deforming it due to its thinner outer diameter. (4) A top layer plug,
made from a 20G needle by removing the yellow plastic but leaving behind the glue (transparent
yellow). The glue clot is positioned at the interface between tubing and top layer, allowing it to
assist with the sealing of both sides. (5) A piece of outlet tubing with the back outlet connector
plug (2) inserted.

18G needles were also utilized as basis for the connectors between tubing and devices,
as shown in figure 6.9. The needles were filed down to remove the sharp tip, and the
Luer connector of each needle was mechanically removed, leaving behind a small portion
of plastic glue. This glue was consistently found to be wide enough that it fit snugly into
the 1 mm medium inlet and outlet ports, making the processed needles suitable as inlet
and outlet connectors.

During the filling of syringes, small volumes of air tended to enter the syringes due to
dead volumes in the needles and the PTFE tubing. If the syringes were filled too quickly,
these bubbles tended to break up, forming smaller bubbles that were difficult to extract
from the syringes without emptying them. For this reason, syringes were filled with care,
so that the dead volume air bubbles remained intact and could be pushed out of the
syringes prior to connection.

Before the filling of syringes, the medium to be used was heated to 37◦C in order
to reduce the amount of dissolved gas. Once filled, the syringes were mounted into the
pumps which were located outside of the incubator, thus letting the medium reach RT.
The tubing leading the medium to the devices entered the incubator through a flexible
seal around the incubator door frame, so the medium is heated again during its passage
through the tubing. At least 15 cm of tubing was kept on the inside of the incubator for
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each device. As every 12 cm of the tubing contains approximately 60 µl of medium, it
takes the medium four pumping cycles (2 h) to traverse such a distance, giving the medium
ample time to warm to 37◦C again. However, if the medium is not heated prior to filling
the syringes, this heating risks introducing the medium in a supersaturated state, where
the presence of surface roughness on the inside of the device, tubings, or connectors may
cause bubble nucleation.

Another risk factor for introducing bubbles came from the connection of the tubing
to the medium inlet. Any air that got trapped between the medium in the inlet and the
medium in the tubing would end up flowing into the device. To prevent this, the medium
inlet was overfilled with medium by pipetting, and medium was pushed out of the inlet
tubing so that the tubing and inlet achieved liquid contact before the tubing was plugged
in.

It was suspected that frequent opening and closing of the incubator door had a nega-
tive effect on the cultures, as the door frame would press on the tubing each time it closed
around the flexible seal. This caused a short burst of higher flow rate in the device, and
correspondingly, the opening of the incubator door caused a momentary underpressure in
the tubing. It was suspected that this underpressure led to small volumes of air being
sucked into the device at the connection point of the inlet tubing, as bubbles were more
commonly observed in the devices following repeated opening and closing of the incuba-
tor. To remedy this, a droplet of medium was deposited surrounding the medium inlet
connector, ensuring that liquid rather than air would be drawn in. This appeared to solve
the problem.

Care was also taken not to plug the tubing connectors too far into the outlet, as this
would affect the flow resistance of the medium channel. While this was of little importance
at this stage, it risked skewing the flow between the medium channel and the top outlet
layer once that was added.

The pumping intervals were kept from previous experiments, based on the balance
between convective and diffusive mass transport. Pumping cycles replenish the medium
in the medium channel and instigate a flow of medium both around and through the
chambers, inducing shear stress. However, the medium will flow more readily through the
sinusoids than the more densely packed areas of the chambers as the flow resistance is
lower by the sinusoid endpoints. As such, having pause cycles where the medium spreads
purely by diffusion rather than by a combination of convection and diffusion likely allows
the more densely packed areas to receive more nutrients and solutes from the medium
than they would if the devices were pumped all the time.

While this scenario could be more thoroughly studied by simulating a device filled
with cells, causing resistance to the flow and consuming the solutes in the medium, such
simulations were not carried out within the scope of this thesis. The reason for this is
both the computational power required for such simulations and the time constraints of
the project.

10. After approximately one day of pumped flow, the slab lid was replaced with a top
outlet layer, with an outlet tubing leading to a separate collection reservoir.

The top layer was found to require a different type of connector than the back outlet.
The width of the 18G needle is slightly greater than the hole produced in the PDMS
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made from a 20G needle by removing the yellow plastic but leaving behind the glue (transparent
yellow). The glue clot is positioned at the interface between tubing and top layer, allowing it to
assist with the sealing of both sides. (5) A piece of outlet tubing with the back outlet connector
plug (2) inserted.
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of plastic glue. This glue was consistently found to be wide enough that it fit snugly into
the 1 mm medium inlet and outlet ports, making the processed needles suitable as inlet
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During the filling of syringes, small volumes of air tended to enter the syringes due to
dead volumes in the needles and the PTFE tubing. If the syringes were filled too quickly,
these bubbles tended to break up, forming smaller bubbles that were difficult to extract
from the syringes without emptying them. For this reason, syringes were filled with care,
so that the dead volume air bubbles remained intact and could be pushed out of the
syringes prior to connection.

Before the filling of syringes, the medium to be used was heated to 37◦C in order
to reduce the amount of dissolved gas. Once filled, the syringes were mounted into the
pumps which were located outside of the incubator, thus letting the medium reach RT.
The tubing leading the medium to the devices entered the incubator through a flexible
seal around the incubator door frame, so the medium is heated again during its passage
through the tubing. At least 15 cm of tubing was kept on the inside of the incubator for
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each device. As every 12 cm of the tubing contains approximately 60 µl of medium, it
takes the medium four pumping cycles (2 h) to traverse such a distance, giving the medium
ample time to warm to 37◦C again. However, if the medium is not heated prior to filling
the syringes, this heating risks introducing the medium in a supersaturated state, where
the presence of surface roughness on the inside of the device, tubings, or connectors may
cause bubble nucleation.

Another risk factor for introducing bubbles came from the connection of the tubing
to the medium inlet. Any air that got trapped between the medium in the inlet and the
medium in the tubing would end up flowing into the device. To prevent this, the medium
inlet was overfilled with medium by pipetting, and medium was pushed out of the inlet
tubing so that the tubing and inlet achieved liquid contact before the tubing was plugged
in.

It was suspected that frequent opening and closing of the incubator door had a nega-
tive effect on the cultures, as the door frame would press on the tubing each time it closed
around the flexible seal. This caused a short burst of higher flow rate in the device, and
correspondingly, the opening of the incubator door caused a momentary underpressure in
the tubing. It was suspected that this underpressure led to small volumes of air being
sucked into the device at the connection point of the inlet tubing, as bubbles were more
commonly observed in the devices following repeated opening and closing of the incuba-
tor. To remedy this, a droplet of medium was deposited surrounding the medium inlet
connector, ensuring that liquid rather than air would be drawn in. This appeared to solve
the problem.

Care was also taken not to plug the tubing connectors too far into the outlet, as this
would affect the flow resistance of the medium channel. While this was of little importance
at this stage, it risked skewing the flow between the medium channel and the top outlet
layer once that was added.

The pumping intervals were kept from previous experiments, based on the balance
between convective and diffusive mass transport. Pumping cycles replenish the medium
in the medium channel and instigate a flow of medium both around and through the
chambers, inducing shear stress. However, the medium will flow more readily through the
sinusoids than the more densely packed areas of the chambers as the flow resistance is
lower by the sinusoid endpoints. As such, having pause cycles where the medium spreads
purely by diffusion rather than by a combination of convection and diffusion likely allows
the more densely packed areas to receive more nutrients and solutes from the medium
than they would if the devices were pumped all the time.

While this scenario could be more thoroughly studied by simulating a device filled
with cells, causing resistance to the flow and consuming the solutes in the medium, such
simulations were not carried out within the scope of this thesis. The reason for this is
both the computational power required for such simulations and the time constraints of
the project.

10. After approximately one day of pumped flow, the slab lid was replaced with a top
outlet layer, with an outlet tubing leading to a separate collection reservoir.

The top layer was found to require a different type of connector than the back outlet.
The width of the 18G needle is slightly greater than the hole produced in the PDMS
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by a 1 mm biopsy puncher. The PDMS is flexible and deforms slightly when punched,
yielding holes that have a narrower waist rather than being entirely straight cylinders. The
connector plugs normally deform this waist when connected, preventing leakages, but the
deformation is a detriment in the case of the top outlet layer. Since the top layer was not
bonded to the device but merely placed into contact, the deformation of the PDMS when
a plug was inserted tended to detach the top layer from the device near the connection
point, causing the supernatant to leak out. Similar deformations were experienced when
collection reservoirs were used. A thin metal tube connector made from a 20G needle
was used instead of the 18G needle for this reason. A device with all tubing connected is
shown in figure 6.10.

Figure 6.10: The LC-v3 device connected to inlets and outlets. Medium is pumped in through the
inlet (1), and supernatant exits the device through the top layer outlet (2) and the back outlet (3)
via separate pieces of tubing. Supernatant is collected from both outlets into separate collection
tubes in the stand (4). This device was imaged shortly after the addition of the top layer, hence
the different levels of supernatant collected.

The top layer was taken from the desiccator immediately prior to application. A
droplet of medium was placed at the outlet point of the top layer, allowing it to be
drawn into the top layer channels as the degassed PDMS re-equilibrated with the ambient
atmosphere. The combination of a medium droplet at the outlet and the access to medium
from the seeding ports was sufficient to fill the channels on the top layer, ensuring that no
air lingered which could obstruct the supernatant flow out of any single chamber.

Once the channels were filled, an outlet tubing with a top layer connector was pre-filled
with medium before being connected to the top layer. If the tubing was not filled, the
flow resistance would differ in the top outlet tubing over time relative to the back outlet
tubing. Too high resistance in the top outlet flow path risked hindering the top tubing
from being filled at all, leaving all supernatant to flow through the back outlet and thus
reducing the perfusion of the chambers.

Across the experiments, variations in the distribution of flow between top and back
outlet were observed. The two outlets each had their own collection reservoir, allowing
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them to be gauged, and the variations can be understood to stem from the many factors
that could have a small effect on the flow resistance of the respective paths. Even minor
variations in seeding density risk affecting the flow resistance of the two respective paths.
Yet despite this, the flow distribution was generally found to be mostly even between the
two outlets after the optimization of the experimental conditions. However, it is difficult
to tell whether the flow through the individual chambers differed and some chambers
received more perfusion than others. A different design of the top layer would likely be
required to evaluate whether or not that was the case.

11. Supernatant collection reservoirs were replaced every second day after seeding. Both
the top and back outlet reservoirs were collected, mixed and aliquoted prior to
freezing. The supernatant was stored at -80◦C for later use.

As the concentrations of solutes likely differed between the back and top outlet super-
natants, the two were mixed for each device. The supernatant was centrifuged at 200 x
G for 3 minutes, similar to what was done for producing a cell pellet for seeding, in order
to separate the supernatant from any cells that may have detached and flowed out of the
device. Cells contain intracellular factors (including key analytes like albumin) that could
be released upon freezing, as the cells would likely rupture due to being frozen without
protective agents. As such, care was taken to separate the potential cells from the su-
pernatant. Samples were aliquoted so that each sample could be analyzed using multiple
different assays or at several different dilutions without undergoing repeated freeze-thaw
cycles that could negatively affect the analytes.

12. Syringes were refilled every 4 days. The syringes were detached from the devices,
emptied of the old medium and refilled with new medium as per the above. Once
refilled, the syringes were reconnected to the devices and the pumps.

The detachment of tubing and connectors from the devices was done with care. The
tight seal between the medium inlet and the connector meant that pulling the connector
also meant pulling on the device itself. It was found that forcible detachment of the tubing
risked breaking the device boundary wall near the inlet, causing leaks that were difficult to
repair. As such, detachment of connectors was carried out while simultaneously pressing
down the surrounding PDMS in order to prevent such detachment or breakage. Upon
reconnecting the tubing, the same liquid contact method was used as described in step 9.

Cultures were maintained for as long as deemed necessary for each optimization or
experiment. Initial seeding tests were maintained for 5-6 days, whereas long-term culture
studies were maintained for up to 14 days. Devices were stained at various time points
during the experiments, both to assess viability and functionality as well as to optimize
the staining protocols themselves.

6.5.2 Coculture of HepG2 and LX-2 cells in devices

A majority of the protocol was identical between mono- and cocultures in order to have
them as closely comparable as possible. Key differences in the coculture protocol compared
to the monocultures are listed below.
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� Once the HepG2 cells had been detached and counted, the sample tube with the
HepG2 suspension in medium was returned to the incubator.

� LX-2 cell cultures were washed with PBS-/- and detached with T/E. The T/E
incubation was carried out for 1 minute at 37◦C, whereupon LX-2 medium was
added to inhibit the trypsin. LX-2 cells were sampled, clusters were dissociated and
cells were counted in the same manner as for HepG2 cells.

� Once both cell types were counted and the cell densities established, a volume of
LX-2 cells corresponding to 1/24th of the HepG2 cell number was transferred to the
HepG2 sample tube. The combined sample was mixed before being centrifuged into
a pellet as per the monoculture protocol.

Once the pellet had been formed and the supernatant aspirated, the sample was again
mixed with medium and Geltrex. This way, it was ensured that the mixture of cells was
homogeneous in the sample even if the two cell types would sediment at different speeds
during centrifugation. Regarding the 1:24 ratio of LX-2 cells to HepG2 cells, it was based
on the work by Pingitore et al. [262] in order to later compare studies of fatty acid exposure
in device cultures to those done by Pingitore et al. on spheroids. The ratio falls relatively
close to the spectrum of physiological ratios; Kuntz & Kuntz [11] state that 3-8% of the
liver’s cells are stellate cells and 60-65% are hepatocytes, so the corresponding ratio is
approximately 1:8 to 1:20.

6.5.3 Control cultures

Control cultures were carried out in one of two formats, 2D or 3D, depending on param-
eters of the device culture, which are described further below. 2D control cultures were
performed in standard 96-well plates (Nunc MicroWell, Roskilde, Denmark), whereas 3D
control cultures were carried out in the form of spheroids grown in low-attachment round-
bottom well plates (M9311, Greiner CELLSTAR, Sigma-Aldrich).

2D cultures were performed as follows:

� Well plates were pre-coated with Geltrex to promote adhesion and create a substrate
similar to that in the devices. 100 µl of Geltrex was added per well, and the plates
were incubated with Geltrex for 1 h at 37◦C.

� Cells were detached and counted as per the device culture experiments. The cell
suspension was centrifuged to form a pellet and the pellet volume was measured as
per the device cultures.

� The cell pellet was diluted with medium to the target cell density.

� The Geltrex was aspirated from all wells immediately prior to seeding.

� 200 µl of cell suspension were seeded into each well, whereupon the well plate was
returned to the incubator.

� Medium was changed every 2 days, with the supernatant being collected for later
assays similar to the device cultures.
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The cell density was calculated based on the available surface area of the well plate
(calculated as 32 mm2) compared to that of the chambers (3.4 mm2). The cell density
was multiplied with the chamber volume to determine the number of cells initially in
the chamber. As three layers of hepatocytes were projected to fit into the 60 µm high
chamber, 1/3rd of the cells in the chamber were projected to be in contact with the bottom
substrate.

This estimate is only valid for high-density seeding, on the order of 108 cells/ml,
as more than 1/3rd of the cells would be in contact with the bottom substrates at lower
densities, skewing the distribution between layers. Still, the control cultures were intended
as a rough comparison, also meant to be refined before comparison with the final device
experiment. As 2D and 3D cultures would also likely proliferate at different rates, no
higher-accuracy model was developed at this stage.

The number of cells per surface area was calculated in the above manner and scaled
up for the well plate culture. Knowing the number of cells in the sample from the cell
counting step, the cell pellet could be diluted to the point where 200 µl of cell suspension
had the requisite number of cells for a single well. Well plate cultures were only performed
for monocultures of HepG2 cells.

3D cultures were performed as follows:

� Cells were detached, counted and centrifuged as per the device protocol. Coculture
samples were mixed as per the above. Monocultures and cocultures were run in
parallel, using the same sample of HepG2 cells as the source for both cultures.

� The concentration of cells in the pellet was adjusted as above, but in place of the
normalization to a given surface area, the 3D control spheroids were simply produced
as per the manufacturer’s instructions for the spheroid well plate. Each well was
seeded with 2000 cells in 200 µl of medium, forming a single spheroid per well.

� Supernatant was collected every other day following seeding, and new medium was
added. As the full medium volume could not be aspirated without disturbing and
risking to aspirate the spheroids, 150 µl of supernatant were carefully aspirated and
replaced with fresh medium, leaving the spheroids in place.

Because of the incomplete medium changes, each supernatant sample after the first one
will contain residual analytes from earlier in the culture. As such, each data point would
need correcting for this. As the first data point will give an accurate measure of 75% of the
analyte amount produced over the first two days of culture, the amount measured at day
4 must be corrected as it contains both the remaining 25% of the day 2 yield and 100%
of what was produced between days 2 and 4. However, as only 75% of this is collected on
day 4, the remainders of the yield from days 2 and 4 must be factored into the data point
for day 6, and so forth.

This process requires the volume in the well to remain constant during the culture
time, as a volume reduced by evaporation will have a higher concentration of analytes
and will not follow the model above. As the total volume cannot be measured without
disturbing the spheroids, the constancy of the volume cannot be controlled and must be
assured by other means. It was found that evaporation did impact the medium volume
noticeably in a spheroid well plate over an 8-day culture, and that this could be reduced
by having the wells containing spheroids surrounded by wells containing sterile water.
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� Once the HepG2 cells had been detached and counted, the sample tube with the
HepG2 suspension in medium was returned to the incubator.

� LX-2 cell cultures were washed with PBS-/- and detached with T/E. The T/E
incubation was carried out for 1 minute at 37◦C, whereupon LX-2 medium was
added to inhibit the trypsin. LX-2 cells were sampled, clusters were dissociated and
cells were counted in the same manner as for HepG2 cells.

� Once both cell types were counted and the cell densities established, a volume of
LX-2 cells corresponding to 1/24th of the HepG2 cell number was transferred to the
HepG2 sample tube. The combined sample was mixed before being centrifuged into
a pellet as per the monoculture protocol.

Once the pellet had been formed and the supernatant aspirated, the sample was again
mixed with medium and Geltrex. This way, it was ensured that the mixture of cells was
homogeneous in the sample even if the two cell types would sediment at different speeds
during centrifugation. Regarding the 1:24 ratio of LX-2 cells to HepG2 cells, it was based
on the work by Pingitore et al. [262] in order to later compare studies of fatty acid exposure
in device cultures to those done by Pingitore et al. on spheroids. The ratio falls relatively
close to the spectrum of physiological ratios; Kuntz & Kuntz [11] state that 3-8% of the
liver’s cells are stellate cells and 60-65% are hepatocytes, so the corresponding ratio is
approximately 1:8 to 1:20.

6.5.3 Control cultures

Control cultures were carried out in one of two formats, 2D or 3D, depending on param-
eters of the device culture, which are described further below. 2D control cultures were
performed in standard 96-well plates (Nunc MicroWell, Roskilde, Denmark), whereas 3D
control cultures were carried out in the form of spheroids grown in low-attachment round-
bottom well plates (M9311, Greiner CELLSTAR, Sigma-Aldrich).

2D cultures were performed as follows:

� Well plates were pre-coated with Geltrex to promote adhesion and create a substrate
similar to that in the devices. 100 µl of Geltrex was added per well, and the plates
were incubated with Geltrex for 1 h at 37◦C.

� Cells were detached and counted as per the device culture experiments. The cell
suspension was centrifuged to form a pellet and the pellet volume was measured as
per the device cultures.

� The cell pellet was diluted with medium to the target cell density.

� The Geltrex was aspirated from all wells immediately prior to seeding.

� 200 µl of cell suspension were seeded into each well, whereupon the well plate was
returned to the incubator.

� Medium was changed every 2 days, with the supernatant being collected for later
assays similar to the device cultures.
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The cell density was calculated based on the available surface area of the well plate
(calculated as 32 mm2) compared to that of the chambers (3.4 mm2). The cell density
was multiplied with the chamber volume to determine the number of cells initially in
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chamber, 1/3rd of the cells in the chamber were projected to be in contact with the bottom
substrate.

This estimate is only valid for high-density seeding, on the order of 108 cells/ml,
as more than 1/3rd of the cells would be in contact with the bottom substrates at lower
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The number of cells per surface area was calculated in the above manner and scaled
up for the well plate culture. Knowing the number of cells in the sample from the cell
counting step, the cell pellet could be diluted to the point where 200 µl of cell suspension
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parallel, using the same sample of HepG2 cells as the source for both cultures.

� The concentration of cells in the pellet was adjusted as above, but in place of the
normalization to a given surface area, the 3D control spheroids were simply produced
as per the manufacturer’s instructions for the spheroid well plate. Each well was
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� Supernatant was collected every other day following seeding, and new medium was
added. As the full medium volume could not be aspirated without disturbing and
risking to aspirate the spheroids, 150 µl of supernatant were carefully aspirated and
replaced with fresh medium, leaving the spheroids in place.
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will contain residual analytes from earlier in the culture. As such, each data point would
need correcting for this. As the first data point will give an accurate measure of 75% of the
analyte amount produced over the first two days of culture, the amount measured at day
4 must be corrected as it contains both the remaining 25% of the day 2 yield and 100%
of what was produced between days 2 and 4. However, as only 75% of this is collected on
day 4, the remainders of the yield from days 2 and 4 must be factored into the data point
for day 6, and so forth.

This process requires the volume in the well to remain constant during the culture
time, as a volume reduced by evaporation will have a higher concentration of analytes
and will not follow the model above. As the total volume cannot be measured without
disturbing the spheroids, the constancy of the volume cannot be controlled and must be
assured by other means. It was found that evaporation did impact the medium volume
noticeably in a spheroid well plate over an 8-day culture, and that this could be reduced
by having the wells containing spheroids surrounded by wells containing sterile water.
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6.5.4 Assay methods

Device cultures were assayed using Live/Dead staining. Culture batches that showed
good viability were also stained with immunofluorescence and/or CDFDA, and resulting
supernatant was assayed for albumin secretion using ELISA.

All of the assays below that depend on perfusion of the cells (Live/Dead, CDFDA and
IF) relied on chamber flushing. The lid was removed at the start of the assay, leaving
the seeding ports open. Reagents were flowed into the medium channel at a relatively
slow rate, replacing the full medium channel volume (approx. 20 µl) with the reagent in
question over the span of about 10 s. More reagent was aspirated using a 100 µl pipette tip,
the tip was inserted into the medium inlet, and the back outlet was blocked temporarily.
The pipette was emptied into the device slowly, forcing the reagent to flow through the
chambers and out through the seeding ports, forming droplets on top of the device. The
droplets were found to generally be of the same size and form equally quickly, but a slight
bias was observed in that seeding ports close to the medium inlet had droplets that were
slightly larger, indicating better perfusion. For this reason, when steps required multiple
sequential flushes, these were typically carried out alternatingly from the medium inlet
and from the back outlet to ensure that all chambers were thoroughly flushed through.

During the chamber flushing step, approximately 40 µl of reagent was dispensed over
the span of as many seconds. The increased shear stress in this step is expected to be
significant, but the application time was very short and was believed to have little to no
impact on the viability and functionality of the cells in the metrics studied here.

6.5.4.1 6.5.4.1: Live/Dead staining of LC-v3 cultures

� Live/Dead reagents were mixed 1:500 in PBS+/+, yielding calcein AM at 8 µM
and ethidium homodimer-1 at 4 µM concentrations, respectively. The Live/Dead
dye and PBS+/+ were heated to 37◦C.

� Devices were selected for Live-Dead staining, disconnected from the pumps as de-
scribed for medium changes above, and taken out of the incubator. The device
outlet layer and back outlet tubing were removed from each device to be stained.

� Heated PBS+/+ was flushed through the device as described above, first filling the
medium channel and then flowing through the chambers. After the flushing, the
device was returned to the incubator and allowed to incubate for 5 minutes.

� Following the incubation, the device was taken out of the incubator and flushed
with PBS+/+ again, but from the back outlet rather than the inlet. The device
was incubated for 5 min at 37◦C again.

� After the second PBS incubation, the device was flushed three times with Live/Dead
reagent mix. Each flushing was followed by a 10-minute incubation at 37◦C. The
second flushing was carried out from the back outlet as per the above.

� Following the third incubation with Live/Dead reagents, the device was imaged
using brightfield/phase contrast and fluorescence microscopy.
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6.5.4.2 CDFDA staining of LC-v3 cultures

� CDFDA solution was prepared at 10 µM concentration in PBS+/+. Hoechst coun-
terstain solution was prepared at 10 µg/ml, also in PBS+/+. Both stains were
protected from light at all times. The staining solutions as well as PBS+/+ for
washing were heated to 37◦C.

� The device to be stained was detached as per the above, and the top layer and outlet
tubing were removed.

� The device was flushed once with PBS+/+. All work following this point was carried
out in the dark in order not to bleach the dyes.

� Next, Hoechst solution was flushed into the device, which was then allowed to incu-
bate for 7 minutes at 37◦C. Following the incubation, the device was flushed with
Hoechst again in the reverse direction and incubated for another 7 minutes at 37◦C.

� Two flushing steps with PBS+/+ followed, one in each direction. Each flushing was
followed by a 5-minute incubation at 37◦C.

� Next, the device was flushed 3 times with CDFDA solution in alternating directions.
Each flushing was followed by a 5-minute incubation at 37◦C except for the last
flushing, which lasted for 15 minutes. After this final incubation, the device was
taken for imaging using brightfield/phase contrast and fluorescent imaging.

6.5.4.3 Immunofluorescent staining of LC-v3 cultures

� The device to be stained was detached from the pump tubing, the back outlet tubing,
and the top layer, as described above. PBS+/+ and 4% PFA fixation solution in
PBS-/- (as described in Chapter 4) were heated to 37◦C.

� The device was flushed with PBS+/+ twice, once from each direction, and each
flush was followed by a 5-minute incubation at 37◦C.

� The device was then flushed with warmed PFA solution 3 times in alternating di-
rections. Each flush was followed by a 5-minute incubation at RT. All incubations
following this point were carried out at RT.

� After fixation, the device was flushed 3 times with PBS+/+ in alternating directions.
This is henceforth referred to as washing the device.

� Next, the device was flushed with 0.2% Triton X-100 in PBS+/+ for permeabi-
lization, 3 times in alternating directions, each flush being followed by a 5-minute
incubation. After the last incubation, the device was washed three times as above.

� The blocking solution, normal donkey serum diluted to 10% v/v in PBS+/+, was
flushed into the device 3 times. Each such flushing was incubated for 20 minutes.
No washing followed.

� The primary antibody solution was diluted to the appropriate proportions in block-
ing solution.
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6.5.4 Assay methods

Device cultures were assayed using Live/Dead staining. Culture batches that showed
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and ethidium homodimer-1 at 4 µM concentrations, respectively. The Live/Dead
dye and PBS+/+ were heated to 37◦C.

� Devices were selected for Live-Dead staining, disconnected from the pumps as de-
scribed for medium changes above, and taken out of the incubator. The device
outlet layer and back outlet tubing were removed from each device to be stained.

� Heated PBS+/+ was flushed through the device as described above, first filling the
medium channel and then flowing through the chambers. After the flushing, the
device was returned to the incubator and allowed to incubate for 5 minutes.

� Following the incubation, the device was taken out of the incubator and flushed
with PBS+/+ again, but from the back outlet rather than the inlet. The device
was incubated for 5 min at 37◦C again.

� After the second PBS incubation, the device was flushed three times with Live/Dead
reagent mix. Each flushing was followed by a 10-minute incubation at 37◦C. The
second flushing was carried out from the back outlet as per the above.

� Following the third incubation with Live/Dead reagents, the device was imaged
using brightfield/phase contrast and fluorescence microscopy.
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6.5.4.2 CDFDA staining of LC-v3 cultures

� CDFDA solution was prepared at 10 µM concentration in PBS+/+. Hoechst coun-
terstain solution was prepared at 10 µg/ml, also in PBS+/+. Both stains were
protected from light at all times. The staining solutions as well as PBS+/+ for
washing were heated to 37◦C.

� The device to be stained was detached as per the above, and the top layer and outlet
tubing were removed.

� The device was flushed once with PBS+/+. All work following this point was carried
out in the dark in order not to bleach the dyes.

� Next, Hoechst solution was flushed into the device, which was then allowed to incu-
bate for 7 minutes at 37◦C. Following the incubation, the device was flushed with
Hoechst again in the reverse direction and incubated for another 7 minutes at 37◦C.

� Two flushing steps with PBS+/+ followed, one in each direction. Each flushing was
followed by a 5-minute incubation at 37◦C.

� Next, the device was flushed 3 times with CDFDA solution in alternating directions.
Each flushing was followed by a 5-minute incubation at 37◦C except for the last
flushing, which lasted for 15 minutes. After this final incubation, the device was
taken for imaging using brightfield/phase contrast and fluorescent imaging.

6.5.4.3 Immunofluorescent staining of LC-v3 cultures

� The device to be stained was detached from the pump tubing, the back outlet tubing,
and the top layer, as described above. PBS+/+ and 4% PFA fixation solution in
PBS-/- (as described in Chapter 4) were heated to 37◦C.

� The device was flushed with PBS+/+ twice, once from each direction, and each
flush was followed by a 5-minute incubation at 37◦C.

� The device was then flushed with warmed PFA solution 3 times in alternating di-
rections. Each flush was followed by a 5-minute incubation at RT. All incubations
following this point were carried out at RT.

� After fixation, the device was flushed 3 times with PBS+/+ in alternating directions.
This is henceforth referred to as washing the device.

� Next, the device was flushed with 0.2% Triton X-100 in PBS+/+ for permeabi-
lization, 3 times in alternating directions, each flush being followed by a 5-minute
incubation. After the last incubation, the device was washed three times as above.

� The blocking solution, normal donkey serum diluted to 10% v/v in PBS+/+, was
flushed into the device 3 times. Each such flushing was incubated for 20 minutes.
No washing followed.

� The primary antibody solution was diluted to the appropriate proportions in block-
ing solution.
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– For the LC-v3 experiments, two different primary antibodies were used: goat
anti-human albumin (A80-129A, Bethyl Laboratories) for labeling HepG2 cells
and rabbit anti-human vimentin (5741S, Bionordika, Solna, Sweden) for label-
ing LX-2 cells. These were, based on the needs of the experiment, used either
together or separately.

– The dilutions used were 1:200 for the albumin antibody and 1:100 for vimentin,
based on testing on well plate cultures.

– During the well plate testing, individual cultures of either HepG2 or LX-2
cells in 96-well plates were stained using both antibodies in order to verify
that neither antibody stained the cells non-specifically. Negative staining was
also performed on device cultures.

� The primary antibody solution was flushed into the device 6 times in alternating
directions, with incubation times of 20 min each.

� Following the last incubation step, the device was outfitted with a reservoir pipette
tip with primary antibody solution in the medium inlet and outlet. The device was
placed in a sealed contained alongside a humidity tray and stored at 4◦C overnight.
The humidity tray, together with the reservoirs, prevented the evaporation of anti-
body solution from the seeding ports and chambers.

� On the following day, the device was washed 4 times with PBS+/+.

� The secondary antibody solution was prepared in fresh blocking solution. This step
and all subsequent ones were performed in the dark. The antibodies used were
donkey anti-goat (A-11058, Alexa Fluor 594, Thermo Fisher Scientific) and donkey
anti-rabbit (A-21206, Alexa Fluor 488, Thermo Fisher Scientific), suited to match
the GFP and mCherry filter sets on the fluorescence microscope (see table 4.1).

� The device was flushed with secondary antibody solution 6 times, each flush being
incubated for 20 minutes. Four washes followed.

� DAPI solution was prepared at 1 µg/ml in sterile water. The solution was flushed
through the device three times in alternating directions, each followed by a 15-minute
incubation.

� Lastly, the device was washed three times with PBS+/+ and once with sterile water.

� The device was then imaged using brightfield/phase contrast and fluorescence mi-
croscopy.

Because of the device being detachable from the bottom glass, the staining could also
be carried out on directly exposed cell cultures. A similar protocol as the above was
applied, but with a few variations.

� The initial washing step was carried out on intact devices, to ensure that residual
supernatant was washed out of the chambers.
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� The device was opened. A scalpel was used to cut through the support pillars and
the boundary wall. The device was then peeled off from the glass slide, with the
pillars detaching from the glass.

� The same steps and times as above were followed, but instead of flushing, the cells on
both the PDMS and glass were covered with reagents. These reagents were replaced
at the same intervals as the flushing steps would have been performed.

� Incubation was done under a lid and in the presence of a humidity tray to prevent
evaporation of the reagents.

Repeated successful staining using the intact-device protocol meant that the detached-
device staining method was infrequently used. The detachment tended to leave adherent
cells stuck to both the PDMS and the glass in uneven distributions. Furthermore, non-
adherent 3D cell structures (discussed further below) as well as detached cells which died
prior to fixation tended to be washed out by the reagent replacements in detached devices.
As such, the intact-device staining method was preferentially used.

6.5.5 Culture summary

A total of 11 experimental optimization cultures were performed using the LC-v3 devices,
each one comprising 4 to 12 devices. As the protocols and methods were iteratively refined
to lead up to the protocols presented above, individual processes will not be described in
detail here. Instead, key variations and conclusions from the optimizations are listed
below.

6.5.5.1 Phase 1 — PDMS-c device culture optimizations

The earliest experimental rounds were intended to develop a suitable seeding method
that would get the cells to spread out into the chambers, as well as to find a suitable
seeding density, flow rate and pumping interval, and to optimize the handling of the top
outlet layer and its tubing. However, it was found for all tested seeding densities (10-200
million cells/ml in the sample mix) that despite the presence of Geltrex, the cells did not
adhere to the glass, and formed very loose 3D clusters with no visible tissue-like integrity,
as seen in figure 6.11. This was observed across different flow rates (0.25 to 4 µl/min),
with continuous and 15-minute interval pumping, with and without top layers, with and
without LX-2 coculture, and with delays between seeding and pumping ranging from 3 h
to 12 h. Meanwhile, control cultures of similar cells in well plates adhered and thrived,
indicating that the fault was not in the cells themselves, nor in their handling prior to
seeding.

Live/Dead staining, shown in figure 6.12, revealed that the cells displayed a mixture
of live and dead staining, with most large clusters of cells showing both a clear nuclear
staining corresponding to EthD-1 and a faint, scattered staining corresponding to calcein
AM. Both the morphology of the cells and the appearance of the stains matched what
was seen in the LC-v2 test cultures (see Chapter 5), implying that a majority of the
cells were likely dead. A few exceptions were observed, subsets of cells that consistently
appeared viable in the Live/Dead staining, albeit few in number. The morphology of these
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Because of the device being detachable from the bottom glass, the staining could also
be carried out on directly exposed cell cultures. A similar protocol as the above was
applied, but with a few variations.

� The initial washing step was carried out on intact devices, to ensure that residual
supernatant was washed out of the chambers.
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� The device was opened. A scalpel was used to cut through the support pillars and
the boundary wall. The device was then peeled off from the glass slide, with the
pillars detaching from the glass.

� The same steps and times as above were followed, but instead of flushing, the cells on
both the PDMS and glass were covered with reagents. These reagents were replaced
at the same intervals as the flushing steps would have been performed.

� Incubation was done under a lid and in the presence of a humidity tray to prevent
evaporation of the reagents.
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to 12 h. Meanwhile, control cultures of similar cells in well plates adhered and thrived,
indicating that the fault was not in the cells themselves, nor in their handling prior to
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Live/Dead staining, shown in figure 6.12, revealed that the cells displayed a mixture
of live and dead staining, with most large clusters of cells showing both a clear nuclear
staining corresponding to EthD-1 and a faint, scattered staining corresponding to calcein
AM. Both the morphology of the cells and the appearance of the stains matched what
was seen in the LC-v2 test cultures (see Chapter 5), implying that a majority of the
cells were likely dead. A few exceptions were observed, subsets of cells that consistently
appeared viable in the Live/Dead staining, albeit few in number. The morphology of these
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Figure 6.11: HepG2 cells seeded into an LC-v3 PDMS-c device, imaged on day 1 after seeding.
The morphology is distinctly nonadherent, showing no adhesion between cells and device, nor any
apparent tight adhesion between adjacent cells. The two panels show different chambers of the
same device at different magnifications.

cells matched that of LX-2 cells. Co-staining the devices with Live/Dead and Hoechst
reagent revealed that while these cells showed only Hoechst nuclear staining and calcein
live staining, the remaining cells had nuclei that were stained by both Hoechst and EthD-1.

Similarly, ELISAs performed on supernatant from devices showed no albumin secretion
from device cultures at all, whereas well plate cultures seeded from the same passage of
HepG2 cells were seen to produce albumin.

All taken together, the majority of the HepG2 cells were found to be dead in the
devices within a week of seeding, having never reached the point of producing albumin at
all. This was found consistently across all the variations of seeding and culture methods
described above.

In the end, the fault was found to be the PDMS-c that was used to make the devices.
Substituting the PDMS-c with PDMS without the copolymer additive, cells were found
to adhere within hours of seeding (see figure 6.13), and proliferation was observed as the
culture progressed. The cytotoxicity observed in all the PDMS-c devices was not observed
in any subsequent pure-PDMS LC-v3 device, implying that the cells died as a consequence
of the PDMS-c.

It is believed that cytotoxic agents from the copolymer blend leached out of the PDMS-
c and caused the death of the HepG2 cells. The likely reason for this toxicity to arise in the
devices described here but not in those of Gökaltun et al. [173] lies in the treatment of the
polymer after casting. In the paper by Gökaltun et al., the PDMS-c devices were immersed
in isopropanol (IPA) for 24 hours prior to plasma treatment. In the materials optimization
described in Chapter 5, this step was omitted, and devices were plasma-treated directly
before use.

Gökaltun et al. describe their use of the IPA soaking for 6-24 h as a means of both
sterilization and leaching out of additives that may impact the stability of the plasma
treatment. Their application is targeted towards achieving a plasma treatment-induced
hydrophilicity that lasts for extended time periods (20 months). As such, it is understand-
able that additives which may impact or impair the stability of the hydrophilicity should
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Figure 6.12: HepG2 cells seeded into an LC-v3 PDMS-c device, stained with Live/Dead reagents
and Hoechst dye, imaged on day 7 after seeding. The images show the same section imaged for,
from left to right, EthD-1 (dead cells, nuclear), calcein AM (live cells, cytosolic), Hoechst (all cells,
nuclear). As previously observed, the live-dye staining dies not match the morphology of intact
cells with the exceptions of the cells inhabiting sinusoids and diffusion channels. The permeation
of the nuclear dyes is also noticeably poorer than that of the live dye. Based on prior experience, a
majority of the cells were likely dead at the time of imaging, and had likely perished earlier during
culture based on their poor albumin secretion and their consistent morphology as shown in figure
6.11. All three figures have been adjusted in ImageJ to heighten contrast and visibility. Similarly,
greyscale is retained to enhance visibility.

Figure 6.13: HepG2 cells seeded into an LC-v3 device without PDMS-c, approximately 5 h after
seeding. Already, the cells display a distinctively surface-adherent morphology throughout the
chamber, with a few subsets of cells instead forming tightly clustered 3D formations (blue circle).

be purged from the PDMS-c in advance. As the applications described in this thesis were
not dependent on such long-term hydrophilicity, and as eventually even the plasma treat-
ment was foregone due to the innately higher hydrophilicity of the PDMS-c, no such IPA
immersion was carried out. It is therefore likely that additives in the copolymer blend did
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Figure 6.11: HepG2 cells seeded into an LC-v3 PDMS-c device, imaged on day 1 after seeding.
The morphology is distinctly nonadherent, showing no adhesion between cells and device, nor any
apparent tight adhesion between adjacent cells. The two panels show different chambers of the
same device at different magnifications.

cells matched that of LX-2 cells. Co-staining the devices with Live/Dead and Hoechst
reagent revealed that while these cells showed only Hoechst nuclear staining and calcein
live staining, the remaining cells had nuclei that were stained by both Hoechst and EthD-1.

Similarly, ELISAs performed on supernatant from devices showed no albumin secretion
from device cultures at all, whereas well plate cultures seeded from the same passage of
HepG2 cells were seen to produce albumin.

All taken together, the majority of the HepG2 cells were found to be dead in the
devices within a week of seeding, having never reached the point of producing albumin at
all. This was found consistently across all the variations of seeding and culture methods
described above.

In the end, the fault was found to be the PDMS-c that was used to make the devices.
Substituting the PDMS-c with PDMS without the copolymer additive, cells were found
to adhere within hours of seeding (see figure 6.13), and proliferation was observed as the
culture progressed. The cytotoxicity observed in all the PDMS-c devices was not observed
in any subsequent pure-PDMS LC-v3 device, implying that the cells died as a consequence
of the PDMS-c.

It is believed that cytotoxic agents from the copolymer blend leached out of the PDMS-
c and caused the death of the HepG2 cells. The likely reason for this toxicity to arise in the
devices described here but not in those of Gökaltun et al. [173] lies in the treatment of the
polymer after casting. In the paper by Gökaltun et al., the PDMS-c devices were immersed
in isopropanol (IPA) for 24 hours prior to plasma treatment. In the materials optimization
described in Chapter 5, this step was omitted, and devices were plasma-treated directly
before use.

Gökaltun et al. describe their use of the IPA soaking for 6-24 h as a means of both
sterilization and leaching out of additives that may impact the stability of the plasma
treatment. Their application is targeted towards achieving a plasma treatment-induced
hydrophilicity that lasts for extended time periods (20 months). As such, it is understand-
able that additives which may impact or impair the stability of the hydrophilicity should
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Figure 6.12: HepG2 cells seeded into an LC-v3 PDMS-c device, stained with Live/Dead reagents
and Hoechst dye, imaged on day 7 after seeding. The images show the same section imaged for,
from left to right, EthD-1 (dead cells, nuclear), calcein AM (live cells, cytosolic), Hoechst (all cells,
nuclear). As previously observed, the live-dye staining dies not match the morphology of intact
cells with the exceptions of the cells inhabiting sinusoids and diffusion channels. The permeation
of the nuclear dyes is also noticeably poorer than that of the live dye. Based on prior experience, a
majority of the cells were likely dead at the time of imaging, and had likely perished earlier during
culture based on their poor albumin secretion and their consistent morphology as shown in figure
6.11. All three figures have been adjusted in ImageJ to heighten contrast and visibility. Similarly,
greyscale is retained to enhance visibility.

Figure 6.13: HepG2 cells seeded into an LC-v3 device without PDMS-c, approximately 5 h after
seeding. Already, the cells display a distinctively surface-adherent morphology throughout the
chamber, with a few subsets of cells instead forming tightly clustered 3D formations (blue circle).

be purged from the PDMS-c in advance. As the applications described in this thesis were
not dependent on such long-term hydrophilicity, and as eventually even the plasma treat-
ment was foregone due to the innately higher hydrophilicity of the PDMS-c, no such IPA
immersion was carried out. It is therefore likely that additives in the copolymer blend did
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indeed leach out of the PDMS-c and into the culture medium, harming the HepG2 cells.
At the present time, no follow-up cultures have been attempted using IPA-soaked PDMS-
c; instead, regular PDMS without copolymer additive was used following the discovery of
the PDMS-c cytotoxicity.

6.5.5.2 Phase 2 — pure-PDMS device culture optimizations

The omission of the copolymer additive meant that the device surfaces would henceforth
be more hydrophilic. While this could be temporarily remedied using plasma treatment,
it was found that treating the device prior to pre-coating led to similar effects in the pure-
PDMS LC-v3 as it did in the PDMS-c LC-v2 experiment: the Geltrex rapidly wetted
the diffusion channels and spread beyond each chamber, gradually entering and partially
wetting adjacent chambers, thereby making their pre-coating more challenging. Instead,
it was found to be sufficient to pre-coat and seed into the devices without any prior plasma
treatment to render them hydrophilic. It is believed that the more direct structure of the
seeding ports and the more open chambers compared to the seeding layer of the VLSLL
device are responsible for the more facile seeding.

As the LC-v3 without PDMS-c was found to support viable, proliferating HepG2
cultures, culture condition optimizations were performed once more. The aim was to find
culture parameters that would support viable culture of HepG2 cells and LX-2 cells in
coculture for at least 7 days, serving as a proof-of-concept for the device as well as a
basis for follow-up studies using fatty acid-laden medium as described above. As such, the
parameters were not quantitatively evaluated by comparative albumin ELISAs or similar
metrics, since the parameters would still likely need further adjustments when using the
device for primary or iPSC-derived cells. Instead, the morphology and proliferation were
qualitatively observed through microscopy in order to find parameters that worked for the
cell line cultures.

Seeding densities of 10-160 ·106 cells/ml were found to yield cultures that were vi-
able and proliferated. The higher the density of seeding, the sooner the chambers were
filled, likely causing contact inhibitions as the proliferation was halted. As the device was
designed for more physiologically relevant cells (iPSC-derived or primary), with the cell
lines serving mainly as a proof-of-concept, lower seeding densities (10-40 ·106 cells/ml)
were deemed optimal, as the devices did not overgrow within the first few days of culture
under those conditions. For nonproliferating cell types, densities closer to 100-200 ·106
cells/ml would be more suitable in order to establish a 3D culture environment from the
start of culture. The observed seeding distributions did vary somewhat between cham-
bers, not in the amount of cells seeded into the chambers but in how they spread in the
chambers. Most chambers had cells spread out to the diffusion walls in most plates when
seeded at high (� 80 ·106 cells/ml) and spread uniformly when seeded at low (� 40 ·106
cells/ml) densities, but in some chambers, the cell distribution ended up skewed towards
one side of a chamber or towards the center. The former case typically stemmed from
slanting seeding inlets resulting in more cells being deposited to one side, whereas the
latter stemmed from poor seeding where a majority of the cells ended up stuck in the
seeding inlet during seeding and gradually sedimented down into the chamber.

The range of tested flow rates was narrowed down to only 0.5 to 1 µl/min for the follow-
up tests, and both conditions were found to produce viable cultures. Cyclic pumping with

6.5 Implementation of LC-v3 175

15-minute intervals of pumping and pausing as previously described were used for the
proof-of-concept cultures. Pumping was initiated 4-6 h after seeding, as the cells began
to show adherence already 4 h after seeding.

Top layers were implemented starting from day 1 of culture, as it was believed that im-
plementing them on the day of seeding would risk flushing out the cells from the chambers
before they had adhered sufficiently.

Monocultures of HepG2 and cocultures of HepG2 and LX-2 cells were performed in
order to observe whether the two cell lines could thrive in the device in coculture. The
distribution of the cells in cocultures was observed through IF staining. Viability of
cultures was studied using Live/Dead staining.

As the seeding method was optimized, it was observed that cells occasionally started
growing outside the chambers, in the sinusoids. Specifically, this was observed when
the Geltrex was seeded into the chambers by flushing it through the medium channel
rather than adding it through the seeding ports. This was tested out in cultures during
optimization in order to prepare for a coculture scenario where hepatocytes would be grown
inside the chambers and endothelial cells outside, in the medium channel. However, the
coating of the medium channel and sinusoids also allowed stray escaping cells to adhere
and proliferate outside of the chambers. These cells stemmed from the seeding procedure
pushing the cells out through the sinusoid diffusion channels. Devices that had been
imprecisely punched tended to have one or two sinusoids that lacked the innermost row of
pillars, meaning that cells could escape more readily through the wider channels exposed
by this.

Even during high-density (� 80 ·106 cells/ml) seeding of intact chambers, smaller
HepG2 cells would sometimes be pushed through the diffusion channels of the sinusoids.
When the sinusoids were pre-coated, these cells were able to adhere and proliferate, typi-
cally filling the sinusoids entirely in the process. Chambers with such obstructed sinusoids
received noticeably less medium, which was reflected in much poorer viability of the cells
in such chambers over time.

One important observation that was made during the optimization is that the cell
seeding density had a significant impact on the culture. Pre-coated devices yielded adher-
ent cultures as described above, and the cells formed adherent 2D layers at the bottom of
the devices at low seeding densities (� 40 ·106 cells/ml). At higher densities (� 80 ·106
cells/ml), the bottom layer of cells similarly adhered to the ECM-coated glass with the
remainder of the cells spreading out on top, forming 3D structures. Thus, high-density
cultures formed 3D or quasi-3D clusters throughout the chambers. However, more co-
hesive 3D cell masses were found along the inner wall of the chambers in both ranges
of seeding density. There, the monolayer of cells on the bottom glass would continue to
proliferate and spread up onto the diffusion walls and the PDMS ceiling of the chambers.
These regions formed morphologically distinct, dense tissue-like clusters, born out of pro-
liferation rather than sheer aggregation as was the case in the densely seeded devices. It is
believed that the inclusion of support pillars inside the chambers, similar to those in the
VLSLL device, would have helped this 3D tissue-like cluster formation to arise in other
places than just along the outer wall. As it was, the formation of 3D tissue-like clusters on
the inside of the diffusion barrier wall appeared to obstruct the flow of medium into the
chambers, as indicated by reduced flow through the top layers in devices that exhibited
such growth.
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indeed leach out of the PDMS-c and into the culture medium, harming the HepG2 cells.
At the present time, no follow-up cultures have been attempted using IPA-soaked PDMS-
c; instead, regular PDMS without copolymer additive was used following the discovery of
the PDMS-c cytotoxicity.

6.5.5.2 Phase 2 — pure-PDMS device culture optimizations

The omission of the copolymer additive meant that the device surfaces would henceforth
be more hydrophilic. While this could be temporarily remedied using plasma treatment,
it was found that treating the device prior to pre-coating led to similar effects in the pure-
PDMS LC-v3 as it did in the PDMS-c LC-v2 experiment: the Geltrex rapidly wetted
the diffusion channels and spread beyond each chamber, gradually entering and partially
wetting adjacent chambers, thereby making their pre-coating more challenging. Instead,
it was found to be sufficient to pre-coat and seed into the devices without any prior plasma
treatment to render them hydrophilic. It is believed that the more direct structure of the
seeding ports and the more open chambers compared to the seeding layer of the VLSLL
device are responsible for the more facile seeding.

As the LC-v3 without PDMS-c was found to support viable, proliferating HepG2
cultures, culture condition optimizations were performed once more. The aim was to find
culture parameters that would support viable culture of HepG2 cells and LX-2 cells in
coculture for at least 7 days, serving as a proof-of-concept for the device as well as a
basis for follow-up studies using fatty acid-laden medium as described above. As such, the
parameters were not quantitatively evaluated by comparative albumin ELISAs or similar
metrics, since the parameters would still likely need further adjustments when using the
device for primary or iPSC-derived cells. Instead, the morphology and proliferation were
qualitatively observed through microscopy in order to find parameters that worked for the
cell line cultures.

Seeding densities of 10-160 ·106 cells/ml were found to yield cultures that were vi-
able and proliferated. The higher the density of seeding, the sooner the chambers were
filled, likely causing contact inhibitions as the proliferation was halted. As the device was
designed for more physiologically relevant cells (iPSC-derived or primary), with the cell
lines serving mainly as a proof-of-concept, lower seeding densities (10-40 ·106 cells/ml)
were deemed optimal, as the devices did not overgrow within the first few days of culture
under those conditions. For nonproliferating cell types, densities closer to 100-200 ·106
cells/ml would be more suitable in order to establish a 3D culture environment from the
start of culture. The observed seeding distributions did vary somewhat between cham-
bers, not in the amount of cells seeded into the chambers but in how they spread in the
chambers. Most chambers had cells spread out to the diffusion walls in most plates when
seeded at high (� 80 ·106 cells/ml) and spread uniformly when seeded at low (� 40 ·106
cells/ml) densities, but in some chambers, the cell distribution ended up skewed towards
one side of a chamber or towards the center. The former case typically stemmed from
slanting seeding inlets resulting in more cells being deposited to one side, whereas the
latter stemmed from poor seeding where a majority of the cells ended up stuck in the
seeding inlet during seeding and gradually sedimented down into the chamber.

The range of tested flow rates was narrowed down to only 0.5 to 1 µl/min for the follow-
up tests, and both conditions were found to produce viable cultures. Cyclic pumping with
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15-minute intervals of pumping and pausing as previously described were used for the
proof-of-concept cultures. Pumping was initiated 4-6 h after seeding, as the cells began
to show adherence already 4 h after seeding.

Top layers were implemented starting from day 1 of culture, as it was believed that im-
plementing them on the day of seeding would risk flushing out the cells from the chambers
before they had adhered sufficiently.

Monocultures of HepG2 and cocultures of HepG2 and LX-2 cells were performed in
order to observe whether the two cell lines could thrive in the device in coculture. The
distribution of the cells in cocultures was observed through IF staining. Viability of
cultures was studied using Live/Dead staining.

As the seeding method was optimized, it was observed that cells occasionally started
growing outside the chambers, in the sinusoids. Specifically, this was observed when
the Geltrex was seeded into the chambers by flushing it through the medium channel
rather than adding it through the seeding ports. This was tested out in cultures during
optimization in order to prepare for a coculture scenario where hepatocytes would be grown
inside the chambers and endothelial cells outside, in the medium channel. However, the
coating of the medium channel and sinusoids also allowed stray escaping cells to adhere
and proliferate outside of the chambers. These cells stemmed from the seeding procedure
pushing the cells out through the sinusoid diffusion channels. Devices that had been
imprecisely punched tended to have one or two sinusoids that lacked the innermost row of
pillars, meaning that cells could escape more readily through the wider channels exposed
by this.

Even during high-density (� 80 ·106 cells/ml) seeding of intact chambers, smaller
HepG2 cells would sometimes be pushed through the diffusion channels of the sinusoids.
When the sinusoids were pre-coated, these cells were able to adhere and proliferate, typi-
cally filling the sinusoids entirely in the process. Chambers with such obstructed sinusoids
received noticeably less medium, which was reflected in much poorer viability of the cells
in such chambers over time.

One important observation that was made during the optimization is that the cell
seeding density had a significant impact on the culture. Pre-coated devices yielded adher-
ent cultures as described above, and the cells formed adherent 2D layers at the bottom of
the devices at low seeding densities (� 40 ·106 cells/ml). At higher densities (� 80 ·106
cells/ml), the bottom layer of cells similarly adhered to the ECM-coated glass with the
remainder of the cells spreading out on top, forming 3D structures. Thus, high-density
cultures formed 3D or quasi-3D clusters throughout the chambers. However, more co-
hesive 3D cell masses were found along the inner wall of the chambers in both ranges
of seeding density. There, the monolayer of cells on the bottom glass would continue to
proliferate and spread up onto the diffusion walls and the PDMS ceiling of the chambers.
These regions formed morphologically distinct, dense tissue-like clusters, born out of pro-
liferation rather than sheer aggregation as was the case in the densely seeded devices. It is
believed that the inclusion of support pillars inside the chambers, similar to those in the
VLSLL device, would have helped this 3D tissue-like cluster formation to arise in other
places than just along the outer wall. As it was, the formation of 3D tissue-like clusters on
the inside of the diffusion barrier wall appeared to obstruct the flow of medium into the
chambers, as indicated by reduced flow through the top layers in devices that exhibited
such growth.
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Figure 6.14: HepG2 cells seeded into an LC-v3 device without PDMS-c and with no prior coating
with Geltrex. Instead of adhering to the device or glass, the cells form tightly clustered 3D
structures throughout the chambers. The images are from day 2 (left) and day 6 (right) after
seeding.

Furthermore, it was observed that the cells could be seeded without Geltrex pre-
coating, yielding distinctive changes in the overall morphology of the culture. When
chambers were not pre-coated, the cells would instead aggregate together in clusters on
the order of 50-100 µm in size that continued to proliferate as 3D masses (see figure 6.14).
These clusters eventually grew to large enough sizes that they merged, connecting together
into one single cell mass that filled the majority of the chamber. These 3D masses did not
adhere to the interiors of the chambers, appearing not to hinder the flow of supernatant
through the chambers and out into the top layer to the same extent as the adherent cells
did, though there were inter-experiment variations in this.

The two different growth formats, adherent and nonadherent, were also taken into
account during optimization once this behavior was observed. The tendency of adherent
cultures to obstruct the diffusion barrier wall and block the diffusion channels tended to
lead to a lower viability in those cultures than in the nonadherent cases, leading to cultures
that could not be maintained for as long. This could be partially remedied by seeding the
adherent cultures at low densities (10-20 ·106 cells/ml) to delay the cells in reaching the
overgrown condition that led to the obstruction of the diffusion channels. This solution
came at the cost of 3D formation, on the other hand.

ELISA assays measuring the albumin secretion were performed only infrequently through
the second phase of optimizations, as there were still inter-experiment variations being
carried out to find suitable parameters for the final proof-of-concept culture. However,
ELISAs were performed on the supernatant from three separate cultures, two adherent
and one nonadherent. As individual devices within and between experiments had varia-
tions in seeding density, flow rate and effective flow through the top layer, the possibility
of variations between individual data point is too great to warrant a statistical treatment
of the data. Due to the large inter- and intra-experimental variations, no further analysis
was applied to differentiate the albumin secretion between HepG2 + LX-2 cocultures and
HepG2 monocultures either.

Presented here are instead the graphs for each individual device, together with the
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mean and standard deviation of the data from each experiment, in figures 6.15 and 6.16.

As can be seen from the graphs, the absolute variation is greater in the nonadherent
cultures, which correlates well with observations of their morphologies. Over time, the
nonadherent cultures showed noticeable inter- and even intra-device variations in appear-
ance. In many devices, most of the chambers showed large clusters of connected cells,
proliferating and expanding to fill the chambers as described above, whereas some cham-
bers — and some entire devices — saw the formation of only small clusters which hardly
appeared to proliferate at all, as shown in figure 6.17. These smaller clusters darkened over
time and started fraying, losing integrity as the cell viability appeared to decline. These
devices were seeded with similar or identical parameters to those that fared well, hinting
that minor variations in the handling or the conditions were responsible for whether or not
the clusters fared well. The adherent cultures, by comparison, were morphologically more
stringent even though their distributions of cells within the chambers tended to vary, as
explained above.

The graphs also show, however, that the albumin secretion attained in the nonadherent
cultures is higher than that of the adherent ones. This could mean one of several things:

� The secretion may be higher because the cells are able to form 3D tissue-like struc-
tures from the start, which in itself is a more physiologically relevant format than
2D adherent monolayers. Contrasting with the high-density adherent seeding which
did exhibit 3D morphology, the nonadherent cultures were able to align all of the
cells to the formation of 3D clusters rather than having parts of the clusters already
aligned to the adhesive glass substrate. It is possible that these factors were suffi-
ciently distinct from the adherent scenario to yield such a different level of albumin
secretion.

� It may also be that the difference in perfusion between chambers with adherent and
nonadherent cells is responsible for the difference. The higher degree of perfusion
that is believed to be present in nonadherent culture chambers may be responsible
for the difference in albumin secretion, either by the increased availability of glucose
and oxygen or by the correspondingly higher shear stress. Conversely, it may also
be that the higher perfusion simply allows the albumin being produced to be flushed
out with the supernatant, whereas in chambers with lower perfusion the supernatant
may remain in the chambers to a greater extent.

� The fact that the nonadherent cultures that were assayed with ELISA were seeded
at lower density may also be part of the answer. Adherent cultures 1 and 2 had
seeding densities of 40-160 ·106 cells/ml whereas the nonadherent one ranged from
10-20 ·106 cells/ml. The chamber volume to be filled through proliferation was the
same, putting the same restriction on how much the cells could proliferate, but
the albumin secretion was normalized to the nominal seeding count as well as time
spent. As such, differences in seeding density may have skewed the final results of
the albumin assay.

� Variations of viability between the two culture formats may also have been a reason
for the differences, though without a direct quantification, it is difficult to discern
whether this was a factor or not.
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Figure 6.14: HepG2 cells seeded into an LC-v3 device without PDMS-c and with no prior coating
with Geltrex. Instead of adhering to the device or glass, the cells form tightly clustered 3D
structures throughout the chambers. The images are from day 2 (left) and day 6 (right) after
seeding.

Furthermore, it was observed that the cells could be seeded without Geltrex pre-
coating, yielding distinctive changes in the overall morphology of the culture. When
chambers were not pre-coated, the cells would instead aggregate together in clusters on
the order of 50-100 µm in size that continued to proliferate as 3D masses (see figure 6.14).
These clusters eventually grew to large enough sizes that they merged, connecting together
into one single cell mass that filled the majority of the chamber. These 3D masses did not
adhere to the interiors of the chambers, appearing not to hinder the flow of supernatant
through the chambers and out into the top layer to the same extent as the adherent cells
did, though there were inter-experiment variations in this.

The two different growth formats, adherent and nonadherent, were also taken into
account during optimization once this behavior was observed. The tendency of adherent
cultures to obstruct the diffusion barrier wall and block the diffusion channels tended to
lead to a lower viability in those cultures than in the nonadherent cases, leading to cultures
that could not be maintained for as long. This could be partially remedied by seeding the
adherent cultures at low densities (10-20 ·106 cells/ml) to delay the cells in reaching the
overgrown condition that led to the obstruction of the diffusion channels. This solution
came at the cost of 3D formation, on the other hand.

ELISA assays measuring the albumin secretion were performed only infrequently through
the second phase of optimizations, as there were still inter-experiment variations being
carried out to find suitable parameters for the final proof-of-concept culture. However,
ELISAs were performed on the supernatant from three separate cultures, two adherent
and one nonadherent. As individual devices within and between experiments had varia-
tions in seeding density, flow rate and effective flow through the top layer, the possibility
of variations between individual data point is too great to warrant a statistical treatment
of the data. Due to the large inter- and intra-experimental variations, no further analysis
was applied to differentiate the albumin secretion between HepG2 + LX-2 cocultures and
HepG2 monocultures either.

Presented here are instead the graphs for each individual device, together with the
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mean and standard deviation of the data from each experiment, in figures 6.15 and 6.16.

As can be seen from the graphs, the absolute variation is greater in the nonadherent
cultures, which correlates well with observations of their morphologies. Over time, the
nonadherent cultures showed noticeable inter- and even intra-device variations in appear-
ance. In many devices, most of the chambers showed large clusters of connected cells,
proliferating and expanding to fill the chambers as described above, whereas some cham-
bers — and some entire devices — saw the formation of only small clusters which hardly
appeared to proliferate at all, as shown in figure 6.17. These smaller clusters darkened over
time and started fraying, losing integrity as the cell viability appeared to decline. These
devices were seeded with similar or identical parameters to those that fared well, hinting
that minor variations in the handling or the conditions were responsible for whether or not
the clusters fared well. The adherent cultures, by comparison, were morphologically more
stringent even though their distributions of cells within the chambers tended to vary, as
explained above.

The graphs also show, however, that the albumin secretion attained in the nonadherent
cultures is higher than that of the adherent ones. This could mean one of several things:

� The secretion may be higher because the cells are able to form 3D tissue-like struc-
tures from the start, which in itself is a more physiologically relevant format than
2D adherent monolayers. Contrasting with the high-density adherent seeding which
did exhibit 3D morphology, the nonadherent cultures were able to align all of the
cells to the formation of 3D clusters rather than having parts of the clusters already
aligned to the adhesive glass substrate. It is possible that these factors were suffi-
ciently distinct from the adherent scenario to yield such a different level of albumin
secretion.

� It may also be that the difference in perfusion between chambers with adherent and
nonadherent cells is responsible for the difference. The higher degree of perfusion
that is believed to be present in nonadherent culture chambers may be responsible
for the difference in albumin secretion, either by the increased availability of glucose
and oxygen or by the correspondingly higher shear stress. Conversely, it may also
be that the higher perfusion simply allows the albumin being produced to be flushed
out with the supernatant, whereas in chambers with lower perfusion the supernatant
may remain in the chambers to a greater extent.

� The fact that the nonadherent cultures that were assayed with ELISA were seeded
at lower density may also be part of the answer. Adherent cultures 1 and 2 had
seeding densities of 40-160 ·106 cells/ml whereas the nonadherent one ranged from
10-20 ·106 cells/ml. The chamber volume to be filled through proliferation was the
same, putting the same restriction on how much the cells could proliferate, but
the albumin secretion was normalized to the nominal seeding count as well as time
spent. As such, differences in seeding density may have skewed the final results of
the albumin assay.

� Variations of viability between the two culture formats may also have been a reason
for the differences, though without a direct quantification, it is difficult to discern
whether this was a factor or not.
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Figure 6.15: The albumin secretion in two separate batches of adherent cultures as well as one
batch of nonadherent cultures in LC-v3 devices. The dashed lines represent the mean secretion
of each batch at the given time point, and their error bars represent one standard deviation. The
top figure shows all three batches, whereas the bottom graph shows only the adherent batches.
Adherent batch 1 was terminated at day 7, hence all the data points reaching zero on day 8 in that
series. In all the batches, individual devices were terminated at various time points for staining,
shown here as the individual data lines terminating. The mean and standard deviation values did
not factor in devices that had been terminated.
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Figure 6.16: The albumin secretion shown in figure 6.15, but with the y-axis in logarithmic scale
to more easily discern the individual batches. Error bars represent one standard deviation. Broken
error bars correspond to a standard deviation greater than the corresponding mean.

Devices were stained using Live/Dead reagents at various time points during the cul-
ture, following the protocol above. As the Live/Dead staining was not quantified, these
stains were instead used to identify larger trends in viability. Adherent and nonadherent
cultures were stained after 6-7 days of culture, and substantial intra-experiment variation
in terms of viability was observed. Both adherent and nonadherent cultures consisted of
chambers showing low and high viability, with the viability sometimes being greater in
the outer parts of the devices and sometimes near the seeding ports.

Two of the eight nonadherent cultures were stained for viability on day 7 of culture
and exhibited surprisingly low viability given the albumin secretion they exhibited. This
was based on a combination of distinctive dead-cell staining at the cluster boundaries and
that much of the live-cell stain exhibited the grainy morphology previously observed in
the cells believed to have perished in the PDMS-c devices, as shown in figure 6.18. This
implies that the nonadherent cultures may be more sensitive to injury due to high shear
stress conditions during the washing steps than the corresponding adherent cultures. The
reduced flow resistance compared to adherent cultures may also be a part of this.

Out of the adherent cultures, three devices were stained on day 6 of culture, and
another two on day 14. The viability varied substantially both within and between cham-
bers, as shown in figure 6.18. Based on the difference between the albumin secretions
noted above, it is possible that either the cells were harmed by the washing steps also in
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Figure 6.15: The albumin secretion in two separate batches of adherent cultures as well as one
batch of nonadherent cultures in LC-v3 devices. The dashed lines represent the mean secretion
of each batch at the given time point, and their error bars represent one standard deviation. The
top figure shows all three batches, whereas the bottom graph shows only the adherent batches.
Adherent batch 1 was terminated at day 7, hence all the data points reaching zero on day 8 in that
series. In all the batches, individual devices were terminated at various time points for staining,
shown here as the individual data lines terminating. The mean and standard deviation values did
not factor in devices that had been terminated.
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Figure 6.16: The albumin secretion shown in figure 6.15, but with the y-axis in logarithmic scale
to more easily discern the individual batches. Error bars represent one standard deviation. Broken
error bars correspond to a standard deviation greater than the corresponding mean.

Devices were stained using Live/Dead reagents at various time points during the cul-
ture, following the protocol above. As the Live/Dead staining was not quantified, these
stains were instead used to identify larger trends in viability. Adherent and nonadherent
cultures were stained after 6-7 days of culture, and substantial intra-experiment variation
in terms of viability was observed. Both adherent and nonadherent cultures consisted of
chambers showing low and high viability, with the viability sometimes being greater in
the outer parts of the devices and sometimes near the seeding ports.

Two of the eight nonadherent cultures were stained for viability on day 7 of culture
and exhibited surprisingly low viability given the albumin secretion they exhibited. This
was based on a combination of distinctive dead-cell staining at the cluster boundaries and
that much of the live-cell stain exhibited the grainy morphology previously observed in
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Figure 6.17: HepG2 cells seeded into LC-v3 devices without pre-coating, imaged on day 6 of
culture. Whereas some devices exhibit very poor growth of the cell clusters (left), others proliferate
substantially more (right), causing a large intra-experimental variation in absolute albumin yield.

the adherent cultures, causing a decrease in apparent viability, or that the viability spread
observed here was the cause of the lower albumin secretion.

The following observations were made:

� The albumin secretion appears higher in nonadherent than adherent cultures, as
seen in the ELISAs.

� The viability appears very low in nonadherent cultures and mixed in the adherent
ones. This implies that either the Live/Dead staining procedures impaired the cells,
or the cells were already dead to such an extent.

� The harm that the Live/Dead staining could cause lies mainly in the increased
shear stress during flushing. A total of five flushes were carried out over a 45-
minute period, where the shear stress was expected to be substantially higher than
during pumped flow.

� It is possible that the adherent and nonadherent cultures responded to the shear
stress in different ways. The nonadherent cells, despite their high albumin secretion
level, showed very low viability, and shear stress-induced damage is a possible cause.
However, adherent cells found growing outside of the chambers had a higher degree
of viability than those growing inside the chambers, implying that the adherent cells
were not damaged by shear stress to nearly the same extent as the nonadherent ones
are assumed to.

� The orientation, organization and/or phenotype of the cells could be sensitive enough
to their culture condition (adherent vs. nonadherent) that their shear stress toler-
ance differed to the extent observed above. This possibility would explain the com-
bined low apparent viability and high albumin secretion in the nonadherent cultures
compared to the adherent ones.

The dyes were flushed in rather than pumped for several reasons. Pumping the reagents
would take significantly longer time and greatly increase the dead volume, as the tubing
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Figure 6.18: Live/Dead stains of LC-v3 cultures of nonadherent (top) and adherent (bottom)
cultures, on day 7 and 6 after seeding, respectively. The live-cell dye is shown in green and the
dead-cell dye in red. Despite the relatively high albumin yield in the nonadherent cultures (as
seen in figures 6.15 and 6.16), the viability appeared poor during Live/Dead staining. In contrast,
the viability appeared more varied in the adherent cultures, with many chambers showing high
viability as in the bottom right image, contrasting with the chambers that showed lower viability
as in the bottom left panel. All the images have been adjusted with regards to brightness and
contrast in ImageJ.
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Figure 6.18: Live/Dead stains of LC-v3 cultures of nonadherent (top) and adherent (bottom)
cultures, on day 7 and 6 after seeding, respectively. The live-cell dye is shown in green and the
dead-cell dye in red. Despite the relatively high albumin yield in the nonadherent cultures (as
seen in figures 6.15 and 6.16), the viability appeared poor during Live/Dead staining. In contrast,
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as in the bottom left panel. All the images have been adjusted with regards to brightness and
contrast in ImageJ.
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would need to be filled with the dye as well. Furthermore, as the dye needed to be
diluted in PBS rather than medium, the cells would be deprived of nutrient supply during
the much lengthier pumped staining. As the medium exhibited autofluorescence that
interfered with the staining, PBS was chosen as the carrier for the reagents. Thus, long-
term Live/Dead staining was considered unfeasible, as the cells would receive no nutrients
during the staining. Possible alternative solutions include using serum-free medium, as the
serum was believed to be the cause of the autofluorescence, and/or diluting the medium
with PBS+/+ to ensure that some nutrients were still available to the cells. Still, the
serum-containing medium in the cultures would need to be thoroughly flushed out or
diluted by this new PBS mixture, or it would still cause residual autofluorescence.

Monocultures and cocultures were also stained with IF targeting albumin and vi-
mentin. The optimization of antibody staining was performed to show the distribution
of hepatocytes and stellate cells in the culture. In the in vivo liver, stellate cells reside
between the endothelium and the hepatocytes, and it is of interest to see whether the cells
would self-arrange in similar ways in the culture after being seeded as a mixed suspension.

The optimization was successful, allowing the two different cell types to be discerned
both in adherent and in nonadherent cultures. The immunofluorescent signals observed
matched the known morphology of the two cell types, with the albumin and vimentin
distinctly located in the cytoplasm of HepG2 cells and LX-2 cells, respectively. Interest-
ingly, the adherent cocultures showed a maintained mixture of the cell types whereas the
nonadherent cocultures saw the two types more separated, as seen in figure 6.19. In the
nonadherent cultures, the LX-2 cells appeared to have adhered to the glass even without
pre-coating, spreading further out into the chambers, whereas the HepG2 cells more com-
monly remained localized to clusters. While this is likely a consequence of the nature of
the cell lines, it is an interesting observation that the LX-2 cells have a higher affinity for
adhering to uncoated glass than to forming clusters with the HepG2 cells in the devices.

Device detachment was also tested using devices without PDMS-c. While the omission
of the copolymer additive increased the bonding strength between PDMS and glass, the
devices could still be reliably separated from the glass using the method described above.

Overall, a number of conclusions could be drawn from phase 2 of the LC-v3 cultures,
though some questions remained to be answered by further optimization. The conclusions
were as follows:

� PDMS-c in the condition as described above is harmful to the cells, impacting their
viability within the first day of culture.

� Seeding can be done more reliably and with more precision using the seeding ports
of the LC-v3 compared to the LC-v2 and VLSLL devices.

� Seeding densities of 10-40 ·106 cells/ml appear to be suitable for cell lines in the
devices, allowing cultures of at least 14 days. Higher densities reach full confluency
sooner.

� The devices support in-chamber coculture of HepG2 and LX-2 cells in ways that
preserve viability and functionality, insofar as it has been assayed up to this point.

� Pre-coating determines whether the HepG2 cells adhere to the glass or instead form

6.5 Implementation of LC-v3 183

Figure 6.19: Cocultures of HepG2 and LX-2 cells in LC-v3 devices under nonadherent (top) and
adherent (bottom) conditions. The cultures have been stained with antibodies targeting albumin
(HepG2, red) and vimentin (LX-2, green) as well as counterstained with DAPI (nuclei, blue, both
lines). Interestingly, the LX-2 cells seem to co-localize more frequently with the HepG2 cells in
the adherent cultures, whereas in the nonadherent cultures the two cell types generally seem more
spatially separated. This may stem from the LX-2 cells being able to adhere to uncoated glass
whereas the HepG2 are not. All the images have been adjusted with regards to brightness and
contrast in ImageJ.
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(HepG2, red) and vimentin (LX-2, green) as well as counterstained with DAPI (nuclei, blue, both
lines). Interestingly, the LX-2 cells seem to co-localize more frequently with the HepG2 cells in
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spatially separated. This may stem from the LX-2 cells being able to adhere to uncoated glass
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clusters where the cells adhere to one another but not to the substrate. LX-2 cells,
on the other hand, adhere to the glass either way.

� Compared to the published cell-line data for the VLSLL device, the albumin secre-
tion ranges from comparable to approximately 40-fold higher, depending on exper-
imental parameters. The intra-experiment variation is large but can be explained
by the variation of optimization parameters. The adherence mode also seemed to
matter greatly, though several possible reasons exist.

� The viability varied greatly between devices as determined by Live/Dead staining,
and the poor correlation between apparent viability and measured albumin secretion
may indicate that the handling of cells during staining is harmful for the cells. It is
possible that an alternative metric for cell viability, such as the detection of lactate
dehydrogenase (LDH) in the supernatant, would be more suitable for the devices
than Live/Dead staining. Alternatively, Live/Dead staining could be done over
longer time periods using serum-free medium mixed with PBS+/+, but there is a
risk that this, too, would influence the viability of cells.

� IF staining revealed that HepG2 and LX-2 cells could be discerned, and that sepa-
ration of the two cell types seems to happen naturally in nonadherent cultures but
not in adherent ones.

It is not yet clear, however, whether the parameters that were used in the experiments
really are optimal for the cells. The albumin secretion implies that they are, but the
viability observed from the Live/Dead staining calls this into question. The viability
would, as stated above, be better served being studied by a different metric. Follow-up
experiments were therefore planned to study the behavior of the device culture under more
consistent conditions, with a single set of parameters across a number of repetitions.

6.5.5.3 Phase 3 — the advent of invasive air bubbles

Based on the prior experiments and what could be learned from the results, a set of
culture parameters were chosen that would be applied across all devices in the follow-up
experiments. The seeding density was chosen as 20 ·106 cells/ml, the flow rate as 1 µl/min
in 15-minute on-off intervals, and the top layer was to be applied as per the above to all
cultures after one complete day of culture. Devices were not pre-coated, as the observed
functionality had been greater in nonadherent cultures. Half of the devices were seeded
as HepG2 monocultures and the other half as HepG2 + LX-2 cocultures. 36 devices were
prepared as per above for four sequential culture experiments, assembled, autoclaved, and
degassed prior to culture. Seeding was performed as per the optimized protocol above.

However, a new problem was observed in these cultures, shown in figure 6.20. As of
the first or second day of culture, devices had consistently filled with air in the medium
channel. The air occupied a majority of the medium channel in each device that was
affected, and a large majority of the devices all suffered the same effect. The air hindered
the influx of the medium into most of the medium channel, typically forcing it to flow only
along the inside of the device boundary wall. As such, the chambers were left with little
to no access to fresh medium, and the cells perished. Between each subsequent culture
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Figure 6.20: HepG2 cultures in LC-v3 devices during phase 3. As early as the seeding day (left) or
day 1 of culture, air began to nucleate into bubbles in the medium channel. By day 2 (right), they
had typically increased greatly in volume, surrounding multiple chambers with air and leaving only
minor volumes of medium inside the medium channel. The right image shows a chamber adjacent
to the boundary wall, and the medium can be seen to form a narrow trickle along the wall (top
edge) as well as forming a connection between the two chambers, which still retain medium. As the
cultures went on, the problem was exacerbated as air filled more and more of the medium channel.

round, the conditions were studied to determine the cause of these sudden air invasions.
A number of possible causes were considered, investigated and addressed.

� Bovine serum albumin can act as a surfactant to reduce bubble formation to some
extent (pereiro), and is naturally occurring as a component in FBS. As FBS is
not a chemically defined supplement, it is subject to lot-to-lot variations, and it is
possible that changing lots of FBS between experiments could lead to a lot with low
BSA content being used. The loss of the surfactant effect of the BSA could make
bubbles more prone to nucleating in crevices and areas with high surface roughness,
as discussed in Chapter 3.

– It was found, however, that the FBS used in the phase 2 experiments was of
the same lot as that used in the phase 3 experiments.

� Surface roughness on the inside of the tubing could cause bubbles to nucleate as
the medium travels from the RT section outside the incubator to the heated interior
where the devices are. Increases in surface roughness would thus alter the character-
istics of the medium flow and allow bubbles to form when the medium was heated
inside the tubing. This roughness could arise due to repeated use and autoclava-
tion, build-up of residues in the autoclave used for cleaning the instruments, or by
small amounts of medium solutes precipitating from the medium and accreting in
the tubing interior over time.

– However, changing to new tubing of the same or a different type, new connec-
tors, as well as using a different autoclave, yielded no change in the formation of
the large bubbles inside devices. Likewise, omitting the autoclavation entirely
and sterilizing the tubing and devices with only ethanol did not help.
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Figure 6.20: HepG2 cultures in LC-v3 devices during phase 3. As early as the seeding day (left) or
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� The syringes were handled carefully and syringe filling was done particularly slowly
in order to prevent microbubbles from being generated due to turbulent mixing of
air and medium in the syringes.

– However, no difference was observed. The problem was also seen both in de-
vices using Cetoni glass syringes and Terumo disposable plastic syringes, show-
ing that the problem was not (at least not exclusively) due to any roughness
built up in the syringes following frequent use.

� Device dehydration was also considered a potential cause of the air in the medium
channel. A different incubator with a different default relative humidity setting was
used for the initial experiments of phase 3, and it was suspected that insufficient
humidity led to medium drying out from the back end of the device. Since it was
never observed in real time how the device was filled with air, it was also a possibility
that the air invaded from the back outlet end.

– Changing incubators and humidity levels produced no noticeable change in the
devices’ tendency to fill the medium channel with air.

� Repeated closing and opening of the incubator door was thought to be a potential
cause of the air filling. As previously discussed, when the incubator door was closed,
it pressed on the tubing, and when the door was opened, the pressure relaxed.
During this relaxation, it was believed that a pressure decrease in the tubing-device
interface could lead to air being drawn in at this interface, entering the medium
channel.

– Each inlet connector was surrounded with a small volume of medium at the
start of culture. These droplets evaporated over time, leaving behind a gelati-
nous residue consisting of medium solutes which similarly protected the tubing-
device interface from air leakage. All the same, the problem persisted.

� Mechanical attachment effects in the pumps were investigated as a possible cause
of the air filling problem as well. As the pumps consisted of syringes clamped in
place with a separate, moving clamp holding the plunger, it was thought that the
tightening of these clamps could introduce a pulling force between the plungers and
syringes, drawing air into the devices from the back outlet.

– Careful adjustment of the plunger clamps did nothing to alleviate the problem.
Furthermore, the air filling was observed even when the outlet tubing ends were
immersed in medium. It could thus be concluded that air was not drawn in
from the back end.

Furthermore, once the air had entered the medium channel, pushing it out by flushing
in more medium proved challenging. The air bubbles could be moved much more readily
in the LC-v3 than they could in the VLSLL device, but the medium typically followed the
path of least resistance and left bubbles in place between certain chambers. Furthermore,
the problem persisted in that the devices were filled with air again within 24 h, usually
much less.

A number of solutions unrelated to the cause were considered:
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Figure 6.21: A schematic of a drip-type bubble trap integrated as a device inlet. Medium (with
potential air admixture) enters through the inlet tubing (arrow) into a sealed chamber. Air bubbles
rise to the top, and the pressure build-up in the chamber pushes the medium (red) into the device
(gray) through the medium channel inlet.

� For bubbles entering via the inlet tubing, a different inlet connector could be used.
A connector based on the principle of a drip chamber could be manufactured, where
the medium flows into a small chamber connecting to the device inlet port, as
illustrated in figure 6.21. The medium would fill the chamber, but any air carried
in the inlet tubing would rise to the top of the chamber. The inflow of medium
is thus regulated by the pressure in this drip chamber. However, the possibility
of differences in the fluidic resistance of devices due to differently inserted outlet
tubing connectors means that the flow rate would not be as directly controlled as
in a regular syringe pump setup once air bubbles are introduced, as the air could
be compressed.

� A separate device consisting of a bubble trap could be implemented before the LC-v3
device in order to capture bubbles coming from the inlet tubing. While this would
be an easier solution to stopping bubbles from the inlet, it would not help if the
bubbles arose elsewhere in the system. Furthermore, the inclusion of an auxiliary
device would require another set of tubing connectors, increasing the complexity of
the setup and increasing the risk of leakages caused by handling.

� Bubbles entering from the inlet could also be caught by punching a large (∼2mm
diameter) hole in the device, by the rhomboidal support pillars. During device
priming, the trap would fill with medium and then be sealed shut using a small slab
of PDMS. Air entering the device would rise into the trap chamber, and once partly
filled, the trap lid could be opened and fresh medium could be inserted instead.

� Depleting the gas dissolved in the medium was also considered as a solution, as the
bubbles likely nucleated out of dissolved gas. The medium could be degassed using a
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in the inlet tubing would rise to the top of the chamber. The inflow of medium
is thus regulated by the pressure in this drip chamber. However, the possibility
of differences in the fluidic resistance of devices due to differently inserted outlet
tubing connectors means that the flow rate would not be as directly controlled as
in a regular syringe pump setup once air bubbles are introduced, as the air could
be compressed.

� A separate device consisting of a bubble trap could be implemented before the LC-v3
device in order to capture bubbles coming from the inlet tubing. While this would
be an easier solution to stopping bubbles from the inlet, it would not help if the
bubbles arose elsewhere in the system. Furthermore, the inclusion of an auxiliary
device would require another set of tubing connectors, increasing the complexity of
the setup and increasing the risk of leakages caused by handling.

� Bubbles entering from the inlet could also be caught by punching a large (∼2mm
diameter) hole in the device, by the rhomboidal support pillars. During device
priming, the trap would fill with medium and then be sealed shut using a small slab
of PDMS. Air entering the device would rise into the trap chamber, and once partly
filled, the trap lid could be opened and fresh medium could be inserted instead.

� Depleting the gas dissolved in the medium was also considered as a solution, as the
bubbles likely nucleated out of dissolved gas. The medium could be degassed using a
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desiccator or through gas sparging (bubbling) using an inert gas with low solubility,
such as helium. Depleting the medium of gas would moderately to drastically reduce
the risk of bubble nucleation based on the method used. However, depleting the
medium’s oxygen content would also risk making the culture hypoxic if the transport
of oxygen across the PDMS is not sufficient to meet the needs of the cells.

Observation of the location of bubbles early on during the gas filling implied that the
nucleation sites were within the device itself rather than in the tubing. Specifically, the
nucleation tended to begin near the rhomboidal support pillars, highlighted in figure 6.22.
For this reason, the wafer used for producing LC-v3 devices was cleaned. It was believed
that microscopic quantities of PDMS residue had begun to build up on the wafer over
time, causing sites of surface roughness on the inside of the device itself. Such sites were
suspected as the cause of the air nucleation in the device cultures as observed in phase 3,
and so the wafer was extensively cleaned as follows:

Figure 6.22: The LC-v3 device, illustrated with regards to bubble formation. The most frequent
sites for bubbles to begin arising during phase 3 have been highlighted with dashed polygons. From
the leftmost zone, the bubbles typically expanded downstream (to the right in the figure) both by
expanding and by being pushed along by the flow.

� Basic piranha solution was prepared by mixing one part hydrogen peroxide (35%
concentration, HI01371000, Scharlab, Barcelona, Spain) with one part ammonium
hydroxide (25% concentration in water, 255210010, Acros Organics, Fair Lawn, New
Jersey, USA) and five parts deionized water, generating a 1:1:5 ratio.

� The wafer was cleaned of any loose physical debris by means of pressurized nitrogen
gas.

� The solution was heated to 75◦C and the wafer was immersed.

� The wafer was left in the solution for 30 minutes. After 30 minutes, the solution
was replaced with freshly mixed solution. The wafer was left in the fresh solution
for another 30 minutes.
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� Lastly, the wafer was rinsed with deionized water to clean it of piranha residues
and dried using pressurized nitrogen. Residual water was evaporated by heating the
wafer to 120◦C for 10 minutes.

Basic piranha solution is commonly used for cleaning of silicon-based substrates [358,
359], reacting with organic compounds on the substrate and releasing carbonaceous gases.
The reaction between the solution and the PDMS was observed through the formation of
gas bubbles at the interface between wafer and piranha. The bubbling decreased over time
as the reagents were depleted, and when the reagent was replenished, the bubbling was
still subdued compared to the initial reaction, indicating that the organic contaminants
had been largely depleted. This treatment was expected to purge both PDMS residues
and silane from the wafer, as well as oxidizing the surface layer.

As minor residues from the cleaning process were visible, the wafer was immersed in
buffered oxide etch for 6 minutes. After the wet-etching step, the wafer was washed with
deionized water and dried using pressurized nitrogen. The residues had visibly disappeared
after this treatment, allowing the wafer to be used again.

The wafer was silanized again to replenish the silane layer as described in Chapter
5. Following gas-phase exposure to silane, the wafer was washed using isopropanol and
dried using pressurized nitrogen. New devices were subsequently cast using the cleaned
wafer and used for testing to determine whether air would still arise in the same manner
as above or whether the cleaning step had solved the issue.

Devices were cast, bonded and prepared for testing in the same way as they would
be for conventional culture. Four devices were cast for the experiment using the newly
cleaned wafer (henceforth clean-wafer devices), and another four devices which were cast
before the wafer cleaning step were used as controls.

Following overnight desiccation, devices were filled with 37◦C medium by pipetting.
In lieu of cell seeding, the device was flushed with medium as per the on-chip staining
protocol, filling the chambers and seeding inlets with medium as well. Slab lids were
used to seal the seeding ports, and the devices were allowed to incubate for 2 h at 37◦C,
mimicking the incubation step during cell culture. After the incubation, syringes were
connected and medium pumping commenced at the standard flow rate, 1 µl/min for 15
minutes followed by a pause cycle of 15 minutes. Devices were imaged after 2 h of pumping
and no air was observed. However, within 30 h of the start of the experiment, all of the
clean-wafer devices and all but one of the control devices exhibited significant quantities
of air, as shown in figure 6.23. As such, the devices stemming from the cleaned wafer were
seen to be slightly more prone to bubble formation than the ones cast from the wafer prior
to cleaning, and the cleaning was deemed an insufficient solution.

Importantly, the air was largely confined to the regions near the medium inlet and/or
outlet of each device early on (the same regions that are shown in figure 6.22, and the
bubble spread towards and among the chambers over time. As such, while the increase
in the bubble volume likely stemmed from gas being transferred from the surrounding,
supersaturated medium into the existing bubble, the nucleation event itself appears to
have been located in those areas.

Further investigation of newly cast devices from the cleaned wafer revealed that the
PDMS structure carried minute variations in the PDMS surface in those areas, giving
credence to the theory that changes in the wafer structure was indeed the cause of the
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desiccator or through gas sparging (bubbling) using an inert gas with low solubility,
such as helium. Depleting the medium of gas would moderately to drastically reduce
the risk of bubble nucleation based on the method used. However, depleting the
medium’s oxygen content would also risk making the culture hypoxic if the transport
of oxygen across the PDMS is not sufficient to meet the needs of the cells.

Observation of the location of bubbles early on during the gas filling implied that the
nucleation sites were within the device itself rather than in the tubing. Specifically, the
nucleation tended to begin near the rhomboidal support pillars, highlighted in figure 6.22.
For this reason, the wafer used for producing LC-v3 devices was cleaned. It was believed
that microscopic quantities of PDMS residue had begun to build up on the wafer over
time, causing sites of surface roughness on the inside of the device itself. Such sites were
suspected as the cause of the air nucleation in the device cultures as observed in phase 3,
and so the wafer was extensively cleaned as follows:

Figure 6.22: The LC-v3 device, illustrated with regards to bubble formation. The most frequent
sites for bubbles to begin arising during phase 3 have been highlighted with dashed polygons. From
the leftmost zone, the bubbles typically expanded downstream (to the right in the figure) both by
expanding and by being pushed along by the flow.

� Basic piranha solution was prepared by mixing one part hydrogen peroxide (35%
concentration, HI01371000, Scharlab, Barcelona, Spain) with one part ammonium
hydroxide (25% concentration in water, 255210010, Acros Organics, Fair Lawn, New
Jersey, USA) and five parts deionized water, generating a 1:1:5 ratio.

� The wafer was cleaned of any loose physical debris by means of pressurized nitrogen
gas.

� The solution was heated to 75◦C and the wafer was immersed.

� The wafer was left in the solution for 30 minutes. After 30 minutes, the solution
was replaced with freshly mixed solution. The wafer was left in the fresh solution
for another 30 minutes.
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� Lastly, the wafer was rinsed with deionized water to clean it of piranha residues
and dried using pressurized nitrogen. Residual water was evaporated by heating the
wafer to 120◦C for 10 minutes.

Basic piranha solution is commonly used for cleaning of silicon-based substrates [358,
359], reacting with organic compounds on the substrate and releasing carbonaceous gases.
The reaction between the solution and the PDMS was observed through the formation of
gas bubbles at the interface between wafer and piranha. The bubbling decreased over time
as the reagents were depleted, and when the reagent was replenished, the bubbling was
still subdued compared to the initial reaction, indicating that the organic contaminants
had been largely depleted. This treatment was expected to purge both PDMS residues
and silane from the wafer, as well as oxidizing the surface layer.

As minor residues from the cleaning process were visible, the wafer was immersed in
buffered oxide etch for 6 minutes. After the wet-etching step, the wafer was washed with
deionized water and dried using pressurized nitrogen. The residues had visibly disappeared
after this treatment, allowing the wafer to be used again.

The wafer was silanized again to replenish the silane layer as described in Chapter
5. Following gas-phase exposure to silane, the wafer was washed using isopropanol and
dried using pressurized nitrogen. New devices were subsequently cast using the cleaned
wafer and used for testing to determine whether air would still arise in the same manner
as above or whether the cleaning step had solved the issue.

Devices were cast, bonded and prepared for testing in the same way as they would
be for conventional culture. Four devices were cast for the experiment using the newly
cleaned wafer (henceforth clean-wafer devices), and another four devices which were cast
before the wafer cleaning step were used as controls.

Following overnight desiccation, devices were filled with 37◦C medium by pipetting.
In lieu of cell seeding, the device was flushed with medium as per the on-chip staining
protocol, filling the chambers and seeding inlets with medium as well. Slab lids were
used to seal the seeding ports, and the devices were allowed to incubate for 2 h at 37◦C,
mimicking the incubation step during cell culture. After the incubation, syringes were
connected and medium pumping commenced at the standard flow rate, 1 µl/min for 15
minutes followed by a pause cycle of 15 minutes. Devices were imaged after 2 h of pumping
and no air was observed. However, within 30 h of the start of the experiment, all of the
clean-wafer devices and all but one of the control devices exhibited significant quantities
of air, as shown in figure 6.23. As such, the devices stemming from the cleaned wafer were
seen to be slightly more prone to bubble formation than the ones cast from the wafer prior
to cleaning, and the cleaning was deemed an insufficient solution.

Importantly, the air was largely confined to the regions near the medium inlet and/or
outlet of each device early on (the same regions that are shown in figure 6.22, and the
bubble spread towards and among the chambers over time. As such, while the increase
in the bubble volume likely stemmed from gas being transferred from the surrounding,
supersaturated medium into the existing bubble, the nucleation event itself appears to
have been located in those areas.

Further investigation of newly cast devices from the cleaned wafer revealed that the
PDMS structure carried minute variations in the PDMS surface in those areas, giving
credence to the theory that changes in the wafer structure was indeed the cause of the
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Figure 6.23: LC-v3 devices during testing without cells. Medium was flowed into the devices per
the standard protocol, and devices cast on the LC-v3 wafer immediately prior to and immediately
following the wafer cleaning were compared. Within 30 h of initiated pumping, bubbles consistently
arose in one or both of the regions highlighted in figure 6.22. The devices from before and after
the cleaning (left and right, respectively) fared comparably, with the devices stemming from the
cleaned wafer being slightly more prone to bubble formation. The air occupies the central portion
of both images.

Figure 6.24: The location of the bubble trap relative to the support pillars near the inlet. The
bubble trap was punched using a tissue biopsy puncher with 2 mm diameter.

nucleation. As such, a follow-up test was performed in which a bubble trap (a 2 mm
diameter hole, akin to a larger seeding port) was punched near the rhomboidal support
pillars on the device inlet side, as shown in figure 6.24. Importantly, no trap was punched
on the outlet side, as that would overlap with the positioning of the top outlet layer in a
real culture experiment.

Bubble trap-punched devices were filled with medium as described above, and the
bubble trap of each device was also filled up with medium before the PDMS lid was
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equipped. Eight such devices were connected to the pumping setup similar to the previous
rounds and left in a humidified incubator at 37◦C for four days. During that time period,
only one event of air entering one device was observed. In that case, air had entered
the medium channel from the tubing and was able to disperse before reaching the bubble
trap, but within 24 h, a majority of the bubbles had been cleared from the device by the
medium flow, and no further nucleation was observed. As for the other seven devices, no
nucleation events were observed at all.

Figure 6.25: Side-view illustration of the LC-v3 device with medium inlet and outlet (arrows),
bubble trap, and sealed seeding ports (orange). Air that nucleates near the bubble trap rises to its
top, and the presence of such a large air volume (and/or the physical removal of the PDMS with
surface roughness) appears to help keep further gas from nucleating into bubbles elsewhere in the
device.

The principle is illustrated in figure 6.25. The presence of the trap appears to all but
entirely remedy the air nucleation issue.

It is hypothesized that the bubbles arose because of a combination of two factors:
supersaturation of gas in the medium and surface roughness in the support pillar regions
of the device. By placing a large bubble trap at the first presumed nucleation site, the
surface roughness of the PDMS in that region is reduced, but the interface between the
punched inlet and the PDMS edge likely still retains a significant degree of roughness, as
indicated by the fact that an air volume was still gathered in the bubble trap.

The roughness in the early part allows the medium to release some of the supersat-
urated gas into nucleating bubbles, which rise to the top of the bubble trap. In devices
without bubble traps, the air bubbles that formed continuously grew even when no medium
flowed through the nucleation site, indicating that gas was continuously transferred from
the medium to the bubbles by diffusion [125]. By the same mechanism, the air volume
that is trapped atop the bubble trap likely receives some of the supersaturated gas through
diffusion from the medium, slowly increasing the bubble’s size while decreasing the gas
saturation in the medium. This would also explain why no subsequent nucleation is ob-
served at the second nucleation spot, near the suport pillars by the medium channel outlet.
As the solution is less saturated after passing the bubble trap, it becomes less likely for
microbubbles to reach a critical size at downstream nucleation points.

This notion hinges on the pressure difference between the interior of the bubbles and
the surrounding medium as the medium becomes supersaturated. When the medium
enters the device, the pressure decreases, but the temperature also rises. Both these factors
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Figure 6.23: LC-v3 devices during testing without cells. Medium was flowed into the devices per
the standard protocol, and devices cast on the LC-v3 wafer immediately prior to and immediately
following the wafer cleaning were compared. Within 30 h of initiated pumping, bubbles consistently
arose in one or both of the regions highlighted in figure 6.22. The devices from before and after
the cleaning (left and right, respectively) fared comparably, with the devices stemming from the
cleaned wafer being slightly more prone to bubble formation. The air occupies the central portion
of both images.

Figure 6.24: The location of the bubble trap relative to the support pillars near the inlet. The
bubble trap was punched using a tissue biopsy puncher with 2 mm diameter.

nucleation. As such, a follow-up test was performed in which a bubble trap (a 2 mm
diameter hole, akin to a larger seeding port) was punched near the rhomboidal support
pillars on the device inlet side, as shown in figure 6.24. Importantly, no trap was punched
on the outlet side, as that would overlap with the positioning of the top outlet layer in a
real culture experiment.

Bubble trap-punched devices were filled with medium as described above, and the
bubble trap of each device was also filled up with medium before the PDMS lid was
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equipped. Eight such devices were connected to the pumping setup similar to the previous
rounds and left in a humidified incubator at 37◦C for four days. During that time period,
only one event of air entering one device was observed. In that case, air had entered
the medium channel from the tubing and was able to disperse before reaching the bubble
trap, but within 24 h, a majority of the bubbles had been cleared from the device by the
medium flow, and no further nucleation was observed. As for the other seven devices, no
nucleation events were observed at all.

Figure 6.25: Side-view illustration of the LC-v3 device with medium inlet and outlet (arrows),
bubble trap, and sealed seeding ports (orange). Air that nucleates near the bubble trap rises to its
top, and the presence of such a large air volume (and/or the physical removal of the PDMS with
surface roughness) appears to help keep further gas from nucleating into bubbles elsewhere in the
device.

The principle is illustrated in figure 6.25. The presence of the trap appears to all but
entirely remedy the air nucleation issue.

It is hypothesized that the bubbles arose because of a combination of two factors:
supersaturation of gas in the medium and surface roughness in the support pillar regions
of the device. By placing a large bubble trap at the first presumed nucleation site, the
surface roughness of the PDMS in that region is reduced, but the interface between the
punched inlet and the PDMS edge likely still retains a significant degree of roughness, as
indicated by the fact that an air volume was still gathered in the bubble trap.

The roughness in the early part allows the medium to release some of the supersat-
urated gas into nucleating bubbles, which rise to the top of the bubble trap. In devices
without bubble traps, the air bubbles that formed continuously grew even when no medium
flowed through the nucleation site, indicating that gas was continuously transferred from
the medium to the bubbles by diffusion [125]. By the same mechanism, the air volume
that is trapped atop the bubble trap likely receives some of the supersaturated gas through
diffusion from the medium, slowly increasing the bubble’s size while decreasing the gas
saturation in the medium. This would also explain why no subsequent nucleation is ob-
served at the second nucleation spot, near the suport pillars by the medium channel outlet.
As the solution is less saturated after passing the bubble trap, it becomes less likely for
microbubbles to reach a critical size at downstream nucleation points.

This notion hinges on the pressure difference between the interior of the bubbles and
the surrounding medium as the medium becomes supersaturated. When the medium
enters the device, the pressure decreases, but the temperature also rises. Both these factors
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play into the saturation state of the medium, as the saturated gas concentration cs depends
linearly on the gas pressure pg and indirectly on the temperature through the Henry’s law
constant H(T ), as shown in equation 3.14. The pressure drop in the surrounding medium
decreases the external pressure on a given bubble, allowing it to grow in volume. As
it does, the gas diffuses from the medium into the bubble, whose radius continues to
increase until the medium reaches normal saturation or until physical barriers constrain
the bubble. Similarly, the change in medium temperature from the pumping setup (RT) to
the incubator (37◦C) imposes a change in saturation concentration of gas in the medium.
As the temperature T rises, the solubility constant H(T ) decreases, and the saturation
concentration does the same. Thus, both the change in temperature and the pressure drop
play a role in supersaturating the medium as it enters the device setup.

The pressure applied to the system largely stems from the syringe pumps, which oper-
ate at given flow rates rather than set pressures. As such, the total pressure the medium
is kept under is dependent on the resistance of the flow path, and may be hard to quantify
based on the relative resistances in the tubing, variations in the connector plugs, how
firmly those plugs are inserted in the device, etc. Thus, simulating the pressure drop is
challenging in itself, and a measurement would be most easily implemented by replacing
the syringe pumps with pressure-driven pumps and measuring the flow rate.

Air pockets likely form in the system already when the syringes are loaded, as mi-
croscopic nucleation sites fill with trapped air. Once the pumps activate, the saturation
concentration inside the syringes rises in response to the increased pressure, and air from
the microcavities dissolves into the medium. Similarly, the medium is heated prior to sy-
ringe loading, but once the syringes are loaded, the medium cools and the solubility of gas
rises further. As such, the medium is predisposed towards experiencing supersaturation
when it enters the incubator and the device.

The design of the device and the flow system make the decrease in pressure and subse-
quent change in saturation concentration challenging to circumvent. As for the medium,
keeping it at RT when loading the syringes makes it less prone to take up air from the
syringes themselves, but in exchange, the medium already carries a greater concentration
of air if the syringes are filled at RT than if filled at 37◦C. Keeping the pumping setup
heated at all times would help circumvent this, but that would instead place practical
constraints on the pumps and/or incubator.

A test was conducted in which all handling of the medium (heating the medium,
priming the devices, filling and equipping tubings and syringes) was performed inside an
incubator at 37◦C. Four devices without bubble traps were thusly prepared and allowed
to run for 72 h, with strongly limited bubble nucleation resulting. As such, it is believed
that the change in temperature that the medium normally undergoes as syringes and
tubings are filled with heated medium in an RT environment is the main culprit causing
the supersaturation of the medium as it enters the device, rather than the pressure drop.

Still, the practical constraints imposed onto the system by handling the syringes and
tubing inside an incubator while not allowing its internal temperature to drop too much
due to being open make this solution practically challenging. In the end, the simple im-
plementation of the bubble trap was deemed a more suitable option in strongly decreasing
the bubble nucleation in the device, restoring its functionality. The trap, as described
above, appears to trigger the nucleation of the supersaturated gas in such a way that
the air is funneled into the trap rather than having the chance to nucleate further down-
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stream. Using a scalpel, the lid can easily be pried open locally, allowing momentary
supernatant reflux to refill a mostly air-filled bubble trap whenever necessary. In the test
runs, the bubble trap had not filled entirely after 72 h of operation, meaning that the trap
is self-sufficient for longer times than the supernatant collection routine is.

6.5.6 On-chip differentiation in the LC-v3 device

Following the resolution of the air bubble invasion, the work with the LC-v3 device was
moved ahead to phase 4, which entails on-chip differentiation of iPSC-derived cells into
hepatocytes. The preliminary data from phase 2, with cell line culture in LC-v3 devices,
was deemed promising enough that a trial of the LC-v3 device with iPSC-derived cells
was warranted.

A protocol to be used for on-chip differentiation of iPSC-derived cells into hepatocytes
inside the LC-v3 devices was adapted by Siiri Suominen and dr. Leena Viiri based on prior,
off-chip differentiation experiments as well as on the optimized device protocol given above.
The protocol that follows is kindly provided by them.

6.5.6.1 Differentiation protocol

iPSCs of the line UTA.11304.EURCCs, derived from skin fibroblasts using sendai virus
reprogramming (see Kiamehr et al. [360]), were prepared for use in the on-chip differenti-
ation experiments.

In the iPSC state, cells were grown and expanded in Geltrex-coated 6-well plates with
mTeSR medium (STEMCELL Technologies, Vancouver, Canada). Medium was replaced
every other day, and cells were passaged upon reaching 70% confluency. Following each
passage, the medium was supplemented with 10 mM Y27632 (Rock inhibitor) for 24 h.

The initial stage of differentiation, from iPSC to definitive endoderm (DE) cells, was
performed in the 6-well plates. As this stage tended to yield a noticeable fraction of dead
cells, it was deemed more suitable to perform the initial step in a conventional culture
format from which dead cells could more easily be washed out. The initial differentiation
step was performed using the STEMdiff DE kit (05110, STEMCELL Technologies) in
accordance with the manufacturer’s instructions. Cells were differentiated for 6 days in
this format (days 0-5 from initiated diferentiation).

Devices were prepared prior to seeding. Briefly summarized, the devices, top layers,
lids, tubing and connectors were sterilized by autoclavation, and the devices were degassed
in a vacuum chamber overnight on the day prior to seeding. On the seeding day, the devices
were plasma-treated for increased hydrophilicity using 20 W of oxygen plasma for 1 minute
(Pico, Diener Electronic GmbH, Ebhausen, Germany). Next, the devices and other PDMS
components were degassed again for 1 h in preparation for seeding.

The purpose of the plasma treatment, which was omitted in the cell line work in phase
2, is to allow the facile use of a different variant of Geltrex for the device cultures. While
the Geltrex that has been described up to this point (A1569601, Thermo Fisher Scientific;
henceforth Geltrex-A) is a low-viscosity variant that easily covers the chamber interior, it
does not innately gel into a 3D matrix. As such, an initial 3D structuring of cells can only
be attained by seeding the cells at such a high density that they fill the chambers entirely.
Instead, a more viscous Geltrex variant (A1413202, Thermo Fisher Scientific; henceforth
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ate at given flow rates rather than set pressures. As such, the total pressure the medium
is kept under is dependent on the resistance of the flow path, and may be hard to quantify
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firmly those plugs are inserted in the device, etc. Thus, simulating the pressure drop is
challenging in itself, and a measurement would be most easily implemented by replacing
the syringe pumps with pressure-driven pumps and measuring the flow rate.
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croscopic nucleation sites fill with trapped air. Once the pumps activate, the saturation
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the microcavities dissolves into the medium. Similarly, the medium is heated prior to sy-
ringe loading, but once the syringes are loaded, the medium cools and the solubility of gas
rises further. As such, the medium is predisposed towards experiencing supersaturation
when it enters the incubator and the device.

The design of the device and the flow system make the decrease in pressure and subse-
quent change in saturation concentration challenging to circumvent. As for the medium,
keeping it at RT when loading the syringes makes it less prone to take up air from the
syringes themselves, but in exchange, the medium already carries a greater concentration
of air if the syringes are filled at RT than if filled at 37◦C. Keeping the pumping setup
heated at all times would help circumvent this, but that would instead place practical
constraints on the pumps and/or incubator.

A test was conducted in which all handling of the medium (heating the medium,
priming the devices, filling and equipping tubings and syringes) was performed inside an
incubator at 37◦C. Four devices without bubble traps were thusly prepared and allowed
to run for 72 h, with strongly limited bubble nucleation resulting. As such, it is believed
that the change in temperature that the medium normally undergoes as syringes and
tubings are filled with heated medium in an RT environment is the main culprit causing
the supersaturation of the medium as it enters the device, rather than the pressure drop.

Still, the practical constraints imposed onto the system by handling the syringes and
tubing inside an incubator while not allowing its internal temperature to drop too much
due to being open make this solution practically challenging. In the end, the simple im-
plementation of the bubble trap was deemed a more suitable option in strongly decreasing
the bubble nucleation in the device, restoring its functionality. The trap, as described
above, appears to trigger the nucleation of the supersaturated gas in such a way that
the air is funneled into the trap rather than having the chance to nucleate further down-
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stream. Using a scalpel, the lid can easily be pried open locally, allowing momentary
supernatant reflux to refill a mostly air-filled bubble trap whenever necessary. In the test
runs, the bubble trap had not filled entirely after 72 h of operation, meaning that the trap
is self-sufficient for longer times than the supernatant collection routine is.

6.5.6 On-chip differentiation in the LC-v3 device

Following the resolution of the air bubble invasion, the work with the LC-v3 device was
moved ahead to phase 4, which entails on-chip differentiation of iPSC-derived cells into
hepatocytes. The preliminary data from phase 2, with cell line culture in LC-v3 devices,
was deemed promising enough that a trial of the LC-v3 device with iPSC-derived cells
was warranted.

A protocol to be used for on-chip differentiation of iPSC-derived cells into hepatocytes
inside the LC-v3 devices was adapted by Siiri Suominen and dr. Leena Viiri based on prior,
off-chip differentiation experiments as well as on the optimized device protocol given above.
The protocol that follows is kindly provided by them.

6.5.6.1 Differentiation protocol

iPSCs of the line UTA.11304.EURCCs, derived from skin fibroblasts using sendai virus
reprogramming (see Kiamehr et al. [360]), were prepared for use in the on-chip differenti-
ation experiments.

In the iPSC state, cells were grown and expanded in Geltrex-coated 6-well plates with
mTeSR medium (STEMCELL Technologies, Vancouver, Canada). Medium was replaced
every other day, and cells were passaged upon reaching 70% confluency. Following each
passage, the medium was supplemented with 10 mM Y27632 (Rock inhibitor) for 24 h.

The initial stage of differentiation, from iPSC to definitive endoderm (DE) cells, was
performed in the 6-well plates. As this stage tended to yield a noticeable fraction of dead
cells, it was deemed more suitable to perform the initial step in a conventional culture
format from which dead cells could more easily be washed out. The initial differentiation
step was performed using the STEMdiff DE kit (05110, STEMCELL Technologies) in
accordance with the manufacturer’s instructions. Cells were differentiated for 6 days in
this format (days 0-5 from initiated diferentiation).

Devices were prepared prior to seeding. Briefly summarized, the devices, top layers,
lids, tubing and connectors were sterilized by autoclavation, and the devices were degassed
in a vacuum chamber overnight on the day prior to seeding. On the seeding day, the devices
were plasma-treated for increased hydrophilicity using 20 W of oxygen plasma for 1 minute
(Pico, Diener Electronic GmbH, Ebhausen, Germany). Next, the devices and other PDMS
components were degassed again for 1 h in preparation for seeding.

The purpose of the plasma treatment, which was omitted in the cell line work in phase
2, is to allow the facile use of a different variant of Geltrex for the device cultures. While
the Geltrex that has been described up to this point (A1569601, Thermo Fisher Scientific;
henceforth Geltrex-A) is a low-viscosity variant that easily covers the chamber interior, it
does not innately gel into a 3D matrix. As such, an initial 3D structuring of cells can only
be attained by seeding the cells at such a high density that they fill the chambers entirely.
Instead, a more viscous Geltrex variant (A1413202, Thermo Fisher Scientific; henceforth
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Geltrex-B) was used in order to let the cells settle into a 3D matrix already upon seeding,
but this Geltrex was found to be too viscous to easily fill the chambers under normal
circumstances. As such, the plasma treatment prior to seeding was re-implemented from
the VLSLL device cultures.

DE cells to be seeded were washed with PBS+/+ and detached from their well plates
using Gentle Cell Dissociation Reagent (100-0485, STEMCELL Technologies). The de-
tached cells were counted and their viability quantified, whereupon the cell sample was
centrifuged at 300 x G for 5 minutes. The supernatant was aspirated and the pellet was
resuspended in 50 µl of medium. The medium used for this stage of differentiation (hence-
forth stage 2 medium) was KnockOut-DMEM (10829018, Thermo Fisher Scientific) sup-
plemented with 20% KnockOut Serum Replacement (10828010, Thermo Fisher Scientific),
1X non-essential amino acids (BE13-114E, Lonza), 1X GlutaMAX (35050061, Thermo
Fisher Scientific), 100 µM β-mercaptoethanol (Lonza), 50 U/ml penicillin/streptomycin
and 1% dimethyl sulfoxide (Sigma-Aldrich).

The cell suspension was mixed 1:1 with ice-cold Geltrex-B, and 0.5 µl of suspension at
approximately 80 ·106 cells/ml was seeded into each chamber as per the device protocol
given earlier in this chapter. Following the seeding, each seeding inlet was filled up with 1
µl of 37◦C Geltrex-A. The seeding ports were sealed by a lid, and the medium channel was
gently filled with medium. Devices were left to incubate at 37◦C for 2 h, whereupon the
pumping was initiated. Devices were pumped at 0.7 µl/min without pump-pause cycles,
slightly reducing the shear stress experienced by the cells.

Cells were maintained in the device for 6 days using the stage 2 medium, corresponding
to days 6-11 since the start of differentiation and thus days 0-5 since device seeding. On
day 12 after the start of differentiation, the medium was substituted for stage 3 medium
(Hepatocyte Basal Medium (HBM, Lonza) supplemented with SingleQuots (CC-4182,
Lonza), 25 ng/ml hepatocyte growth factor (HGF, Invitrogen) and 20 ng/ml oncostatin M
(OSM, R&D systems, Minneapolis, Minnesota, USA)). As such, the definitive endoderm
differentiation was performed off-chip while hepatic specification and maturation were
performed on-chip. Figure 6.26 shows the cells during differentiation in the device.

6.5.6.2 Assay protocols and plans

Devices were stained for viability using NucBlue and NucGreen dyes (Invitrogen) follow-
ing the manufacturer’s instructions, with filling and washing steps being performed as
described in section 6.5.4. The reagents stained all nuclei (blue) and the nuclei of dead
cells (green), respectively, highlighting the viability of the cultures. Results are shown in
figure 6.27. Imaging was performed using an EVOS FL setup (Life Technologies, Califor-
nia, USA).

To assess the intial results of the differentiation, the devices were also stained with
immunofluorescent probes using a modified version of the protocol given in section 6.5.4.3.
Fixation was performed using cold (4◦C) PFA solution, and the permeabilization step with
Triton X-100 was combined with the blocking step using serum. As such, after the PFA
incubation and subsequent washing steps, the device was incubated with 10% normal
donkey serum, 0.1% Triton X-100 and 1% bovine serum albumin (BSA) in PBS+/+.
This solution was also used for diluting the antibody solutions.

The antibodies used were:
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Figure 6.26: iPSC-derived cells undergoing on-chip differentiation in the LC-v3 device, imaged on
days 12 (left) and 16 (right) after initiated differentiation, corresponding to day 6 and 10 after
device seeding. Images courtesy of Siiri Suominen, Tampere University, Finland. Scale bars are
1000 µm.

� monoclonal mouse anti-human serum albumin, 1:100 dilution (MAB1445, R&D sys-
tems), primary

� donkey anti-mouse Alexa Fluor 568, 1:300 dilution (A10037, Thermo Fisher Scien-
tific), secondary

� polyclonal rabbit anti-human alpha-1-fetoprotein, 1:300 dilution (GA50061-2, Dako
Denmark A/S), primary

� donkey anti-rabbit Alexa Fluor 488, 1:300 dilution (2156521, Thermo Fisher Scien-
tific), secondary

Imaging was performed using an Olympus IX 51 phase-contrast microscope (Olympus
Corporation, Hamburg, Germany). Staining results are shown in figure 6.28.

Further assays are currently in the pipeline for device cultures. In terms of immunoflu-
orescence, staining for hepatoblast markers like CK19 and cholangiocyte markers such as
SOX9 would reveal whether parts of the population have differentiated into cholangiocyte-
rather than hepatocyte-like cells. Similarly, staining for MRP2 would be an alternative or
complement to CDFDA assays in studying the biliary transport function of the hepatocyte-
like cells.

Supernatant assays akin to the ELISAs described earlier in this chapter are also
planned for the future differentiation studies, enabling quantification of expression of both
albumin, apolipoprotein B, and potentially other secreted markers such as urea.

Lastly, one of the key methods of assaying the results of the differentiation will be
through qPCR. A multitude of markers corresponding to hepatic functionality, such as
albumin, apolipoprotein B and CYP enzymes are planned to be assayed for in the on-
chip differentiated cultures. Preliminary tests using Qiazol (Qiagen, Hilden, Germany) as
lysis reagent have shown that the Qiazol reagent is insufficient to extract RNA from cells
embedded in Geltrex. For future repetitions, collagenase or pronase will be used prior to
the lysis in order to disintegrate the Geltrex.
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Figure 6.27: iPSC-derived cells undergoing on-chip differentiation in the LC-v3 device, stained for
viability on day 12 after initiated differentiation, corresponding to day 6 after device seeding. All
nuclei are stained blue (left) and dead cells are stained green (center); the two images are merged
on the right, showing a high degreee of viability. Images courtesy of Siiri Suominen, Tampere
University, Finland. Scale bars are 400 µm.

6.5.6.3 Preliminary results

The preliminary data from the on-chip differentiation experiments are promising. The
cells have a demonstrated high viability as shown using NucBlue/NucGreen staining, and
the successful stains for albumin and alpha-fetoprotein show that many of the cells have
committed to a hepatic fate. Future assays will determine how well the cells fare in their
differentiation on-chip compared to off-chip 2D controls. If needed, the protocol will be
further updated to reflect the needs of the differentiating iPSCs.

Figure 6.28: iPSC-derived hepatocyte-like cells, differentiated on-chip in the LC-v3 device, stained
on day 26 after initiated differentiation (day 20 after device seeding), at two different magnifica-
tions. The nuclei are counterstained with DAPI (blue) and the cells are stained for albumin (ALB,
green) and alpha-fetoprotein (AFP, red). The rightmost panel shows the three channels merged.
Images courtesy of Siiri Suominen, Tampere University, Finland. Scale bars represent 250 µm (top
row) and 100 µm (bottom row).
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6.6 Summary of the LC-v3 device

Despite the complications imposed by the inclusion of PDMS-c and the invasive air bub-
bles, the LC-v3 device has been proven to support viable and functional cultures of hepatic
cell lines as well as iPS cells committed to a hepatic fate. Functionality has been verified
for the cell lines through albumin secretion, albeit with results that cover a wide range,
and coculture has been found to be supported. The devices have also been seen to support
both adherent and nonadherent culture by variation of a single step, and the two modes
of culture can also be maintained in parallel.

While the results that have been produced using the LC-v3 devices are mostly pre-
liminary as they largely stem from experiments during method optimization, these results
nonetheless show that the device is able to support proliferation and at least partial hep-
atic functionality. This functionality can be further assayed in a number of ways, several
of which remain in the pipeline for the ongoing culture experiments. Secretion of urea
can be measured from supernatant samples, cell viability can be more quantitatively mea-
sured through lactate dehydrogenase (LDH) measurements, and gene expression of key
hepatic markers such as albumin, alpha-fetoprotein, and more can be quantified using
qPCR. Likewise, properties such as lipid storage and metabolism, glycogen storage, the
formation of bile canaliculi, and drug hepatotoxicity could very well be investigated using
the LC-v3 device and compared to devices of other designs, conditions and materials as
well as to the existing ”gold standard” of primary cells in 2D culture systems. A more
extensive summary of the projects in the pipeline for the LC-v3 device is given in Chapter
7.

To summarize the LC-v3 device in its present form, it is worth looking at it through
the perspective of the traits and properties laid out for liver chips and chip iterations
throughout chapters 3-6. Table 6.1 sums up the key points regarding what a liver-on-a-
chip needs to be according to tables 2.1, 3.1, 4.3, and 5.1.

In light of its intended purpose as a successor to the VLSLL and LC-v2 devices,
as well as — by extension — the device presented by Lee et al. [247], the LC-v3 has
successfully built upon the strengths and shortcomings of its predecessors. While a more
stringent validation of the device still lies in the future, its proven functionalities, as well
as its preliminary successful results both with cell lines and iPSC-derived hepatocytes, are
promising. Further functionalities can still be integrated into the LC-v3 or its potential
successor, and a number of experiments are currently in the pipeline for the device once
the on-chip differentiation study has concluded. These experiments are further described
in the Outlook section of Chapter 7.
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Figure 6.27: iPSC-derived cells undergoing on-chip differentiation in the LC-v3 device, stained for
viability on day 12 after initiated differentiation, corresponding to day 6 after device seeding. All
nuclei are stained blue (left) and dead cells are stained green (center); the two images are merged
on the right, showing a high degreee of viability. Images courtesy of Siiri Suominen, Tampere
University, Finland. Scale bars are 400 µm.

6.5.6.3 Preliminary results

The preliminary data from the on-chip differentiation experiments are promising. The
cells have a demonstrated high viability as shown using NucBlue/NucGreen staining, and
the successful stains for albumin and alpha-fetoprotein show that many of the cells have
committed to a hepatic fate. Future assays will determine how well the cells fare in their
differentiation on-chip compared to off-chip 2D controls. If needed, the protocol will be
further updated to reflect the needs of the differentiating iPSCs.

Figure 6.28: iPSC-derived hepatocyte-like cells, differentiated on-chip in the LC-v3 device, stained
on day 26 after initiated differentiation (day 20 after device seeding), at two different magnifica-
tions. The nuclei are counterstained with DAPI (blue) and the cells are stained for albumin (ALB,
green) and alpha-fetoprotein (AFP, red). The rightmost panel shows the three channels merged.
Images courtesy of Siiri Suominen, Tampere University, Finland. Scale bars represent 250 µm (top
row) and 100 µm (bottom row).
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in the Outlook section of Chapter 7.
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Table 6.1: A summary of key traits of a liver-on-a-chip as laid out through this thesis,
together with an evaluation of whether or not the LC-v3 fulfils these requirements.

Trait LC-v3 Remark

3D cell-cell
communica-
tion

Enabled 3D growth and proliferation
observed from adherent and
nonadherent starting points

Polarization Possible, not yet verified; not
seen through bile canalic-
ular staining in HepG2

CDFDA/MRP2 staining of iPSC-
derived hepatocytes pending

Perfusion Enabled Low and high perfusion modes
possible, tunable through fu-
ture implementation of flow
resistors in outlet tubing

Shear stress Enabled Low and high shear stress available
through use of top layers, with
values well below the harmful

range as found by Tilles et al. [119]

Coculture Supported LX-2 cells successfully cocul-
tured with HepG2, possiblity
of including LSECs in higher

shear stress outside the chambers

Cell types
and origins

Verifies to support cell lines iPSC-derived hepatocyte trials
ongoing, preliminary results

reveal viability and functionality

Chamber de-
sign

Radial influx to allow zona-
tion mimicry; sinusoid mimet-

ics to increase perfusion

Zonation yet to be ob-
served; iPSC trials ongoing

Gas perme-
ability

Enabled Can be tuned by obstructing the
PDMS with impermeable materials
and/or by substituting the PDMS

Seeding
modality

Seeded as individual cham-
bers, enabling multi-organ

coculture in one chip

Allows higher precision in seed-
ing; alternate seeding top layer
could be implemented if needed

Utility On-chip staining demonstrated;
device detachability confirmed

Certain dyes still perme-
ate less than others, making

detached-chip staining an option

Structural
stability

Pillars do not bend despite
34-µm diffusion channels

Larger channels likely pos-
sible in future iteration

Resilience to
air invasion

Wide medium channels allow
small air bubbles to pass through;
Chambers do not suffer air invasion
thanks to outlet layer; Medium
channel protected by bubble trap

Air invasion can also be re-
duced by using medium below
supersaturated conditions

Chapter 7

Conclusions and outlook

T he field of organs-on-chips has been growing steadily since the initial implementation
of microfluidics for cell culture, but in some ways, the field is still in its infancy. While

complex organ models have been produced to mimic important physiological cues such as
shear stress, stretching, and electrical stimulation, the complexity of current organs-on-
chips does not yet compare to the native organs themselves. Research and development
of such organ models continues, still, in the hope that such complexity can eventually
be attained. In the meantime, organs-on-chips offer more physiologically relevant culture
modes for many of the body’s parenchymal and non-parenchymal cell types than what can
be achieved with conventional cell culture platforms. Thus, while the long-term journey
of the field is towards a more complete, more complex body-on-a-chip, there is much that
can be achieved for drug development, disease modeling, and cell-cell interaction studies
on the way towards that goal.

The devices described in this thesis have been developed and implemented with this
journey in mind. While the devices do not reach the complexity of a complete liver, their
mimicry of physiological cues allows them to emulate the hepatic microenvironment better
than conventional culture systems could. The continued optimization and refinement of
these devices, as described in this thesis, has been driven both by the possible use of such
a system as part of a future, more complex body-on-a-chip, as well as for the uses it could
have in the present state of liver research and drug development. This chapter summarizes
what has been done and what has yet to be done, contextualizing the liver chips described
herein as part of the greater field and the ongoing research worldwide.

7.1 Outlook and future work

As described in Chapter 6, the validation originally intended for the LC-v3 device is
presently ongoing. Having produced promising results with cell line culture, the device is
now being used for on-chip differentiation of iPSCs to hepatocyte-like cells.

The use of perfused systems to differentiate iPSCs into hepatocyte-like cells has been
reported elsewhere recently and concurrently [7, 256, 289, 290, 361, 362], using different
culture formats. Freyer et al. [361] differentiated iPSCs into hepatocytes in a hollow-fiber
bioreactor, whereas Kehtari et al. [289] and Giobbe et al. [362] used perfused chambers
or channels for 2D culture and differentiation of their cells. Schepers et al. [290] instead
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cultured their stem cells in polymerized droplets generated through microfluidic multiphase
flows, whereas Starokozhko et al. [256] differentiated their iPSCs in porous 3D scaffolds.
Gori et al. [7] use a device similar to that of Lee et al. [247] to differentiate iPSCs into
hepatocyte-like cells in a 3D environment with regulated shear stress.

While a number of different methods thus exist for achieving functional hepatocyte-like
cells from iPSCs on-chip, the combination of beneficial properties that the LC-v3 provides
(see table 6.1) is expected to yield results that are comparable to, or possibly surpass, the
abovementioned studies. This is the purpose of the current on-chip differentiation project
being carried out with the LC-v3 device.

While a validation through such on-chip differentiation is a milestone in itself, there
is much interesting research that remains to be done.

One of the more important potential future validations of the device is the sustained
culture of primary cells on-chip. Primary hepatocytes quickly dedifferentiate in vitro
unless suitable culture conditions are provided, and it is of great interest to investigate
whether the LC-v3 device is able to provide such an environment.

Induced pluripotent stem cells are a promising alternative to primary cells in several
regards. While they do not have the same level of physiological relevance as freshly isolated
hepatocytes by virtue of their need for prior dedifferentiation from other cell types, they
make up for that by being expandable, reproducible, and far less scarce than the primary
equivalent. Using iPSCs as an alternative, or at least a complement, to primary cells
in drug development and liver research is therefore a tempting prospect. One of the
most important benefits of iPSCs, however, is that they open up for the possibility of
personalized medicine.

Idiosyncratic hepatotoxicity is a known risk in drug development and testing, as in-
dividual patients can respond differently to the same xenobiotic compounds [4]. These
idiosyncracies arise from differences that can be challenging to predict based on medical
history alone. However, the iPSC technology makes it possible to differentiate hepatocytes
and other organ-specific cells from a given patient without needing biopsies from either or-
gan, enabling the in vitro study of how the cells respond to a given medicine. Combining
this technology with organs-on-chips would further increase the physiological relevance
of the model, making the results more reliable. This is the foundation of personalized
medicine on a chip, and it is one of the objectives for which the devices described in this
thesis were developed.

As such, once the devices have been more fully validated for iPSC differentiation and
culture, it is of great interest to study the cells’ drug metabolism on chip. This can, for
example, be done by treating the cultures with drug compounds that are known to cause
hepatotoxicity and observing their viability. Alternatively, co-administering drugs that are
known substrates for given CYP enzymes with other drugs that inhibit or induce said CYP
enzymes would enable two-dimensional functionality studies, in that both detoxification
and induction/inhibition can be studied at once. This raises the question, however, of
the suitability of PDMS as device material. While the adsorption of the drug compound
can be estimated by letting drug-laden medium flow through empty control devices, local
variations in concentration may still have profound effects on the cells. Certain drugs such
as phenobarbital are known to be less strongly adsorbed by PDMS than others (see, for
example, the analysis by Deguchi et al. [363]). Still, using PDMS as a material limits the
device to a subset of the available and potential drugs to be tested on-chip. As such, it is
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worth considering the use of alternative materials for future LC-v3 device production.

Common materials in microfluidics that are more resistant to drug adsorption include
COC and polystyrene (PS) [364]. As described in chapter 3, thermoplastics like these
are biocompatible and lend themselves to methods like hot-embossing, injection molding,
and mechanical microstructuring. As such, fabrication of suitable stamps or molds would
likely be necessary, but the structure of the LC-v3 device itself is not an obstacle for such a
change in material. However, two important matters arise from this: the device assembly
and the oxygen permeability.

The device assembly may be more suitable to address using mechanical clamping in the
thermoplastic case than it was for PDMS due to the higher rigidity of the thermoplastics.
As such, clamps similar to those shown in Chapter 5 could be used to combine a bottom
glass slide, a thermoplastic LC-v3 device, and a thermoplastic top layer.

Of greater interest is the case of the oxygen permeability. While the conventional stan-
dard for most hepatic cell cultures is to culture the cells at 5% CO2 and with oxygen and
nitrogen at ambient ratio (approximately 20% and 74% in molar fractions, respectively),
hepatocytes in vivo typically experience far lower oxygen tensions in the sinusoidal blood-
stream, closer to 5% [365, 366]. As such, once a device culture model has been established
and validated, it is worthwhile to study the effects of relative hypoxia on the cultures in
light of this matching their native in vivo conditions more closely. This could be done by
using medium that has been pre-conditioned to different dissolved oxygen concentrations
by prior storage under hypoxic conditions. If the devices used are still made from PDMS,
they would need to have their outer surfaces covered by less oxygen-permeable materials,
such as glass or thermoplastics. Alternatively, the devices could be kept in an incubator
with a lower oxygen concentration.

In order to properly quantify the oxygen concentration in the device, integrated oxygen
sensing capabilities could be combined with the device; one example is the fluorimetric
film method described by Välimäki et al. [367], which does not require any modification
of the chip structure. Briefly summarized, Välimäki et al. developed a polystyrene film
with embedded, platinum-based dyes which are sensitive to the presence of oxygen. By
measuring the fluorescence emitted by the film when excited, the oxygen concentration can
be read out optically. Thus, in the case of the LC-v3, the device could simply be clamped
onto a bottom slide carrying the oxygen-sensing film, and the oxygen concentration could
be read out continuously using fluorescence quenching measurements. Only a subset of
devices would require the use of such oxygen read-outs, allowing other devices to be
assembled normally.

Concurrent with this, it would certainly also be worthwhile to simulate the device with
cellular oxygen consumption factored in. While hepatocytes of different origins exhibit
greatly different oxygen consumption rates [33], this undoubtedly also depends on the
environment in which they are cultured [365, 366], implying that it might be more suitable
to measure the factual consumption experimentally rather than try to predict it through
modeling.

Following such an experiment, it may well be found that culture in a less oxygen-
permeable device material can be beneficial for the cells’ phenotype. If that is the case,
making the change from PDMS to thermoplastics is a logical step and will also help in
future implementations of on-chip drug metabolism studies. If, on the other hand, in vivo-
like oxygenation conditions are found to harm the cells or hamper their functionality, that
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in drug development and liver research is therefore a tempting prospect. One of the
most important benefits of iPSCs, however, is that they open up for the possibility of
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Idiosyncratic hepatotoxicity is a known risk in drug development and testing, as in-
dividual patients can respond differently to the same xenobiotic compounds [4]. These
idiosyncracies arise from differences that can be challenging to predict based on medical
history alone. However, the iPSC technology makes it possible to differentiate hepatocytes
and other organ-specific cells from a given patient without needing biopsies from either or-
gan, enabling the in vitro study of how the cells respond to a given medicine. Combining
this technology with organs-on-chips would further increase the physiological relevance
of the model, making the results more reliable. This is the foundation of personalized
medicine on a chip, and it is one of the objectives for which the devices described in this
thesis were developed.

As such, once the devices have been more fully validated for iPSC differentiation and
culture, it is of great interest to study the cells’ drug metabolism on chip. This can, for
example, be done by treating the cultures with drug compounds that are known to cause
hepatotoxicity and observing their viability. Alternatively, co-administering drugs that are
known substrates for given CYP enzymes with other drugs that inhibit or induce said CYP
enzymes would enable two-dimensional functionality studies, in that both detoxification
and induction/inhibition can be studied at once. This raises the question, however, of
the suitability of PDMS as device material. While the adsorption of the drug compound
can be estimated by letting drug-laden medium flow through empty control devices, local
variations in concentration may still have profound effects on the cells. Certain drugs such
as phenobarbital are known to be less strongly adsorbed by PDMS than others (see, for
example, the analysis by Deguchi et al. [363]). Still, using PDMS as a material limits the
device to a subset of the available and potential drugs to be tested on-chip. As such, it is
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worth considering the use of alternative materials for future LC-v3 device production.

Common materials in microfluidics that are more resistant to drug adsorption include
COC and polystyrene (PS) [364]. As described in chapter 3, thermoplastics like these
are biocompatible and lend themselves to methods like hot-embossing, injection molding,
and mechanical microstructuring. As such, fabrication of suitable stamps or molds would
likely be necessary, but the structure of the LC-v3 device itself is not an obstacle for such a
change in material. However, two important matters arise from this: the device assembly
and the oxygen permeability.

The device assembly may be more suitable to address using mechanical clamping in the
thermoplastic case than it was for PDMS due to the higher rigidity of the thermoplastics.
As such, clamps similar to those shown in Chapter 5 could be used to combine a bottom
glass slide, a thermoplastic LC-v3 device, and a thermoplastic top layer.

Of greater interest is the case of the oxygen permeability. While the conventional stan-
dard for most hepatic cell cultures is to culture the cells at 5% CO2 and with oxygen and
nitrogen at ambient ratio (approximately 20% and 74% in molar fractions, respectively),
hepatocytes in vivo typically experience far lower oxygen tensions in the sinusoidal blood-
stream, closer to 5% [365, 366]. As such, once a device culture model has been established
and validated, it is worthwhile to study the effects of relative hypoxia on the cultures in
light of this matching their native in vivo conditions more closely. This could be done by
using medium that has been pre-conditioned to different dissolved oxygen concentrations
by prior storage under hypoxic conditions. If the devices used are still made from PDMS,
they would need to have their outer surfaces covered by less oxygen-permeable materials,
such as glass or thermoplastics. Alternatively, the devices could be kept in an incubator
with a lower oxygen concentration.

In order to properly quantify the oxygen concentration in the device, integrated oxygen
sensing capabilities could be combined with the device; one example is the fluorimetric
film method described by Välimäki et al. [367], which does not require any modification
of the chip structure. Briefly summarized, Välimäki et al. developed a polystyrene film
with embedded, platinum-based dyes which are sensitive to the presence of oxygen. By
measuring the fluorescence emitted by the film when excited, the oxygen concentration can
be read out optically. Thus, in the case of the LC-v3, the device could simply be clamped
onto a bottom slide carrying the oxygen-sensing film, and the oxygen concentration could
be read out continuously using fluorescence quenching measurements. Only a subset of
devices would require the use of such oxygen read-outs, allowing other devices to be
assembled normally.

Concurrent with this, it would certainly also be worthwhile to simulate the device with
cellular oxygen consumption factored in. While hepatocytes of different origins exhibit
greatly different oxygen consumption rates [33], this undoubtedly also depends on the
environment in which they are cultured [365, 366], implying that it might be more suitable
to measure the factual consumption experimentally rather than try to predict it through
modeling.

Following such an experiment, it may well be found that culture in a less oxygen-
permeable device material can be beneficial for the cells’ phenotype. If that is the case,
making the change from PDMS to thermoplastics is a logical step and will also help in
future implementations of on-chip drug metabolism studies. If, on the other hand, in vivo-
like oxygenation conditions are found to harm the cells or hamper their functionality, that
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would reflect poorly on the physiological relevance of the cells or the cell culture system
itself. In such a case, the culture protocol or the device itself would need to be reassessed.

In order to make the culture system more physiologically relevant, the coculture of
hepatocytes with NPCs should also be considered. While on-chip differentiation of iPSCs
into different hepatic cell fates (such as LSECs and stellate cells alongside hepatocytes)
may be challenging as the medium supply is shared between all cells in the device, for initial
studies it could be sufficient to use cell lines such as LX-2 in combination with iPSC-derived
hepatocyte-like cells. The inclusion of endothelial cells also does not need to be concurrent
with the seeding of the chambers, as the endothelial cells could be cultured in the medium
channel. As such, LSECs or equivalents could be added whenever deemed appropriate
with regards to the differentiation of the rest of the cells. Endothelial cells are known to
support the maintenance of hepatocyte phenotype when in coculture, making them a facile
and suitable addition to the culture system as long as the endothelial cells can thrive in
the hepatocyte medium [368]. However, the benefit of having LSECs present in admixture
with the hepatocytes is clear in that the LSECs assist in angiogenesis, the formation of
capillaries within the 3D cell mass [254, 255]. As such, the use of an endothelial cell
type in admixture with the differentiating hepatocytes is certainly worth considering.
The LC-v3 is built around the notion of having structural sinusoids partly fulfilling the
role of naturally occurring capillaries, but there is likely still a great benefit to having
both smaller, self-assembled capillaries and the larger sinusoid mimetics present together,
increasing the perfusability of the cell mass even further.

It should be stated that differentiation of iPSCs into different concurrent fates is likely
possible. The preprint published by Harrison et al. [369] describes a method by which
human PSC organoids are induced into differentiating into liver bud-like structures ex-
hibiting both hepatocytes, endothelial cells, hepatic stellate cells and more. Still, it is
unclear whether this method would be directly translatable to a device culture. Once
the study by Harrison et al. has been formally published, the differentiation path they
describe may be considered as an alternative to the growth factor-dominated protocol
currently being used for the LC-v3 cultures.

On the topic of cocultures, stellate cells are of great interest to be cultured together
with hepatocytes on-chip because of their usefulness in disease modeling. Non-alcoholic
fatty liver disease (NAFLD) is the world’s most prevalent liver disease, affecting 10 to 24%
of the global population [370, 371]. While it is often difficult to detect in the early stages of
onset, NAFLD can develop into steatosis, non-alcoholic steatohepatitis (NASH), fibrosis,
cirrhosis and eventually liver cancer. Macroscopically, the disease onset typically happens
through accumulation of fat in hepatocytes resulting from an imbalance between fat uptake
and disposal, followed by inflammation caused by oxidative stress in the hepatic tissue.
However, on a cellular level, the disease onset is more complex than that, and depends
on both genetic and environmental factors. Dietary factors play a significant role, as do
genetic predispositions to comorbidities such as insulin resistance. While the topic of
NAFLD onset and development is too complex to treat extensively here, the interested
reader is recommended to read the excellent reviews on the matter by Moore [371] and
Musso et al. [372].

Of note is the role of hepatic stellate cells (HSCs) in the scenario, as these cells are
involved in the initiation of fibrosis during NAFLD. Once triggered from their quiescent
state, the HSCs respond by triggering an increase in the hepatic production of collagen
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[38, 373], the buildup of which causes fibrosis and further drives the inflammatory process.
For this reason, the role of stellate cells in the study of NAFLD is of interest.

This is another avenue of possibility for further experiments with the LC-v3 device.
Previously, hepatic organoids [374] and spheroids [262] as well as organs-on-chips [7, 255,
375–377] have been used to study NAFLD in vitro. These studies have investigated the
activation of stellate cells, the increase in collagen, and the possibility of reversing this
with experimental NASH drugs [255, 262]; the role of adipocyte coculture in the onset of
NAFLD in vitro [375]; and more. While Pingitore et al. [262] used a combination of HepG2
and LX-2 cells, Gori et al. [7] and Wang et al. [376] used iPSC-derived hepatocytes or
hepatic organoids, and Du et al. [255] combined HepaRG with LX-2 and primary LSECs.

Of the microfluidic systems used by Slaughter et al. [375], Wang et al. [376], Du
[255] and Gori et al. [7], the latter is the one that most resembles the concept of the
LC-v3 device. Still, the structure and perfusion of the LC-v3 device is distinctive enough
from the straight channel device described by Gori et al. that the use of the LC-v3 for
NAFLD modelling can be considered novel. This is especially true in the case where the
iPSC-derived hepatocyte-like cells are differentiated on-chip, potentially in the presence of
co-seeded HSCs. For an initial study, LX-2 cells could be a suitable stand-in for primary
or iPSC-derived HSCs. As such, the use of the LC-v3 device for disease modeling is
an interesting possibility following the on-chip differentiation study. Lipid loading could
easily be carried out by supplementing the culture medium with free fatty acids once
the hepatocytes have reached maturity, and drugs similar to those used by Pingitore et al.
could be implemented to study their efficacy incombating the onset of NAFLD and fibrosis
on-chip. Ideally, by then, a different and more drug adsorption-resistant material for the
device would be implemented, as discussed above. Alternatively, the re-implementation
of PDMS-c could be considered, as long as the polymer is first immersed in isopropanol
for the requisite time to leach out the hepatotoxic substances, as discussed in Chapter 6
[173].

While a large portion of the focus for the future of the LC-v3 thus lies with the
ongoing experiments using iPSC-derived hepatocytes, a comparison with primary cell
cultures is still of importance. Primary hepatocytes offer heterogeneity through donor-
to-donor variations in both genetic and environmental/behavioral factors, and are highly
sensitive to their culture environments, as discussed in Chapter 2. As the LC-v3 supports
both adherent monolayer cultures, nonadherent cultures, and 3D cultures embedded in
ECM, it is likely able to provide a suitable environment for primary hepatocyte cultures.
Optimization may be required in order to find the optimal culture format.

Larger structures such as spheroids could also be cultured in the LC-v3 device, though
they would reside in the seeding ports rather than in the chambers and thus be subjected to
different levels of shear stress. Tissue slices, on the other hand, could be more challenging
to culture in the narrow confines of the seeding ports. For culture of such larger constructs,
as well as for larger spheroids or organoids, an alternative form of the LC-v3 has been
developed. This device (termed LC-v3x) is identical to the LC-v3 device with the exception
of the chambers, which are designed to allow seeding port punching using any diameter
up to 2 mm. Examples are shown in figure 7.1. The different design of the sinusoids
reduces the shear stress and perfusion compared to the LC-v3 device (data not shown),
but in return, removing parts of the sinusoid through punching does not compromise the
integrity of the barrier wall, thus allowing it to be used for larger spheroids or liver tissue
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would reflect poorly on the physiological relevance of the cells or the cell culture system
itself. In such a case, the culture protocol or the device itself would need to be reassessed.

In order to make the culture system more physiologically relevant, the coculture of
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increasing the perfusability of the cell mass even further.
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possible. The preprint published by Harrison et al. [369] describes a method by which
human PSC organoids are induced into differentiating into liver bud-like structures ex-
hibiting both hepatocytes, endothelial cells, hepatic stellate cells and more. Still, it is
unclear whether this method would be directly translatable to a device culture. Once
the study by Harrison et al. has been formally published, the differentiation path they
describe may be considered as an alternative to the growth factor-dominated protocol
currently being used for the LC-v3 cultures.

On the topic of cocultures, stellate cells are of great interest to be cultured together
with hepatocytes on-chip because of their usefulness in disease modeling. Non-alcoholic
fatty liver disease (NAFLD) is the world’s most prevalent liver disease, affecting 10 to 24%
of the global population [370, 371]. While it is often difficult to detect in the early stages of
onset, NAFLD can develop into steatosis, non-alcoholic steatohepatitis (NASH), fibrosis,
cirrhosis and eventually liver cancer. Macroscopically, the disease onset typically happens
through accumulation of fat in hepatocytes resulting from an imbalance between fat uptake
and disposal, followed by inflammation caused by oxidative stress in the hepatic tissue.
However, on a cellular level, the disease onset is more complex than that, and depends
on both genetic and environmental factors. Dietary factors play a significant role, as do
genetic predispositions to comorbidities such as insulin resistance. While the topic of
NAFLD onset and development is too complex to treat extensively here, the interested
reader is recommended to read the excellent reviews on the matter by Moore [371] and
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Of note is the role of hepatic stellate cells (HSCs) in the scenario, as these cells are
involved in the initiation of fibrosis during NAFLD. Once triggered from their quiescent
state, the HSCs respond by triggering an increase in the hepatic production of collagen
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[38, 373], the buildup of which causes fibrosis and further drives the inflammatory process.
For this reason, the role of stellate cells in the study of NAFLD is of interest.

This is another avenue of possibility for further experiments with the LC-v3 device.
Previously, hepatic organoids [374] and spheroids [262] as well as organs-on-chips [7, 255,
375–377] have been used to study NAFLD in vitro. These studies have investigated the
activation of stellate cells, the increase in collagen, and the possibility of reversing this
with experimental NASH drugs [255, 262]; the role of adipocyte coculture in the onset of
NAFLD in vitro [375]; and more. While Pingitore et al. [262] used a combination of HepG2
and LX-2 cells, Gori et al. [7] and Wang et al. [376] used iPSC-derived hepatocytes or
hepatic organoids, and Du et al. [255] combined HepaRG with LX-2 and primary LSECs.

Of the microfluidic systems used by Slaughter et al. [375], Wang et al. [376], Du
[255] and Gori et al. [7], the latter is the one that most resembles the concept of the
LC-v3 device. Still, the structure and perfusion of the LC-v3 device is distinctive enough
from the straight channel device described by Gori et al. that the use of the LC-v3 for
NAFLD modelling can be considered novel. This is especially true in the case where the
iPSC-derived hepatocyte-like cells are differentiated on-chip, potentially in the presence of
co-seeded HSCs. For an initial study, LX-2 cells could be a suitable stand-in for primary
or iPSC-derived HSCs. As such, the use of the LC-v3 device for disease modeling is
an interesting possibility following the on-chip differentiation study. Lipid loading could
easily be carried out by supplementing the culture medium with free fatty acids once
the hepatocytes have reached maturity, and drugs similar to those used by Pingitore et al.
could be implemented to study their efficacy incombating the onset of NAFLD and fibrosis
on-chip. Ideally, by then, a different and more drug adsorption-resistant material for the
device would be implemented, as discussed above. Alternatively, the re-implementation
of PDMS-c could be considered, as long as the polymer is first immersed in isopropanol
for the requisite time to leach out the hepatotoxic substances, as discussed in Chapter 6
[173].

While a large portion of the focus for the future of the LC-v3 thus lies with the
ongoing experiments using iPSC-derived hepatocytes, a comparison with primary cell
cultures is still of importance. Primary hepatocytes offer heterogeneity through donor-
to-donor variations in both genetic and environmental/behavioral factors, and are highly
sensitive to their culture environments, as discussed in Chapter 2. As the LC-v3 supports
both adherent monolayer cultures, nonadherent cultures, and 3D cultures embedded in
ECM, it is likely able to provide a suitable environment for primary hepatocyte cultures.
Optimization may be required in order to find the optimal culture format.

Larger structures such as spheroids could also be cultured in the LC-v3 device, though
they would reside in the seeding ports rather than in the chambers and thus be subjected to
different levels of shear stress. Tissue slices, on the other hand, could be more challenging
to culture in the narrow confines of the seeding ports. For culture of such larger constructs,
as well as for larger spheroids or organoids, an alternative form of the LC-v3 has been
developed. This device (termed LC-v3x) is identical to the LC-v3 device with the exception
of the chambers, which are designed to allow seeding port punching using any diameter
up to 2 mm. Examples are shown in figure 7.1. The different design of the sinusoids
reduces the shear stress and perfusion compared to the LC-v3 device (data not shown),
but in return, removing parts of the sinusoid through punching does not compromise the
integrity of the barrier wall, thus allowing it to be used for larger spheroids or liver tissue
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slices for perifusion culture.

Figure 7.1: Three chambers of the LC-v3x device. The left panel shows a chamber without inlet,
highlighting the slightly different design of the sinusoids. Rather than a supported single-wall
barrier as in the LC-v3, the sinusoid here consists of 5 µm wide diffusion channels, just like the
outer barrier wall. As such, cells are not prone to leak out of the chamber even if the sinusoid
mimetics are cut off by the puncher, unlike the case of the base LC-v3 device. This allows the use
of the same 1 mm diameter punches as the LC-v3 (middle panel) as well as inlets punched with a
2 mm diameter puncher (right panel). The 2 mm seeding port allows easier handling of spheroids
as well as the possibility of culturing larger liver tissue slices under perifusion conditions in the
device, making it a potential complement to the LC-v3 device. Aside from the variations in the
chamber described here, the LC-v3x device is identical to the LC-v3.

7.2 Conclusion

In conclusion, the LC-v3 device has shown great promise in terms of what has been
achieved during the preliminary testing and optimization phases. Building on the strengths
and mending the shortcomings of previous iterations such as the VLSLL and LC-v2 devices
as well as precursors such as the device pioneered by Lee et al. [247], the device fulfils
many of the criteria that a liver-on-a-chip model should. That being said, many avenues
of further research are possible for the LC-v3 device, as has been detailed above. The
question eventually becomes at what point the model system can be considered to be
validated as a model for the liver. Harkening back to Chapter 1, it can be argued that
already by integrating physiological cues such as shear stress and perfusion, the device
has already surpassed conventional culture formats such as petri dishes. On the other
hand, it may be argued that a device is not entirely validated until it can outperform any
competing format in every commonly used metric. There will likely remain benefits to
spheroid or organoid cultures that are harder to attain in 3D mass cultures and vice versa,
making it difficult to really draw a line for when a system can be considered sufficient.

It is perhaps better to consider the situation from a perspective of utility. The LC-v3
device has proven to support both cell line culture and stem cell differentiation, and is
likely also able to support culture of spheroids, organoids and tissue slices. It is known to
allow perfusion of the former cultures, and thereby perifusion of the latter. This allows
the device to be utilized for all of the different experiments described above, and its
practical relevance can then be assessed. All the same, from an analytical perspective, the
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device provides numerous advantages that conventional cell culture platforms — and even
a number of contemporary livers-on-chips — do not. From that viewpoint, the potential
utility of the device is clear. In its form and capacity as has been described in this thesis,
the LC-v3 device is able to serve as a physiology-mimicking culture system to model the
human liver in a more in vivo-like manner than what is offered by traditional, static 2D
culture.

Once the device has been further validated and tested, it may well serve as a compo-
nent of a multi-organ model system or Body-on-a-Chip. Even as it is, the device could
theoretically support culture of different organotypic cells in different chambers, enabling
a combined culture of, for example, hepatic and pancreatic cells. As these organs have a
clear metabolic connection in both health and disease [378], the pairing of liver and pan-
creatic cells seem a suitable place to start, allowing the disease modeling to be extended
to a multi-organ system.

The future utility of the LC-v3 device in such BOAC modeling, as well as in drug
development and personal medicine, has yet to be demonstrated. Still, the utility that the
device has demonstrated makes it a suitable candidate for such utilizations. As such, while
the device in itself may not represent a solution to the challenges facing drug discovery,
disease modeling and personalized medicine, it does represent a step towards it, allowing
future research to build upon what has been achieved here. In light of that, the device —
and thereby the work presented in this thesis — has achieved its purpose.
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of further research are possible for the LC-v3 device, as has been detailed above. The
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validated as a model for the liver. Harkening back to Chapter 1, it can be argued that
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has already surpassed conventional culture formats such as petri dishes. On the other
hand, it may be argued that a device is not entirely validated until it can outperform any
competing format in every commonly used metric. There will likely remain benefits to
spheroid or organoid cultures that are harder to attain in 3D mass cultures and vice versa,
making it difficult to really draw a line for when a system can be considered sufficient.

It is perhaps better to consider the situation from a perspective of utility. The LC-v3
device has proven to support both cell line culture and stem cell differentiation, and is
likely also able to support culture of spheroids, organoids and tissue slices. It is known to
allow perfusion of the former cultures, and thereby perifusion of the latter. This allows
the device to be utilized for all of the different experiments described above, and its
practical relevance can then be assessed. All the same, from an analytical perspective, the
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device provides numerous advantages that conventional cell culture platforms — and even
a number of contemporary livers-on-chips — do not. From that viewpoint, the potential
utility of the device is clear. In its form and capacity as has been described in this thesis,
the LC-v3 device is able to serve as a physiology-mimicking culture system to model the
human liver in a more in vivo-like manner than what is offered by traditional, static 2D
culture.

Once the device has been further validated and tested, it may well serve as a compo-
nent of a multi-organ model system or Body-on-a-Chip. Even as it is, the device could
theoretically support culture of different organotypic cells in different chambers, enabling
a combined culture of, for example, hepatic and pancreatic cells. As these organs have a
clear metabolic connection in both health and disease [378], the pairing of liver and pan-
creatic cells seem a suitable place to start, allowing the disease modeling to be extended
to a multi-organ system.

The future utility of the LC-v3 device in such BOAC modeling, as well as in drug
development and personal medicine, has yet to be demonstrated. Still, the utility that the
device has demonstrated makes it a suitable candidate for such utilizations. As such, while
the device in itself may not represent a solution to the challenges facing drug discovery,
disease modeling and personalized medicine, it does represent a step towards it, allowing
future research to build upon what has been achieved here. In light of that, the device —
and thereby the work presented in this thesis — has achieved its purpose.
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A. Braeuning, R. A. Budinsky, B. Burkhardt, N. R. Cameron, G. Ca-
mussi, C.-S. Cho, Y.-J. Choi, J. Craig Rowlands, U. Dahmen, G. Damm,
O. Dirsch, M. T. Donato, J. Dong, S. Dooley, D. Drasdo, R. Eakins, K. S.
Ferreira, V. Fonsato, J. Fraczek, R. Gebhardt, A. Gibson, M. Glane-
mann, C. E. P. Goldring, M. J. Gmez-Lechn, G. M. M. Groothuis, L. Gus-
tavsson, C. Guyot, D. Hallifax, S. Hammad, A. Hayward, D. Häussinger,
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