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Abstract

In vitro models of human tissue have advanced during recent years through
the development of 3D cell culture models. However, they are not yet able to
fully emulate the complexity of the complete cellular microenvironment in
tissue. In vitro models can further benefit from microfluidic approaches that
allow more intricate control of the cellular microenvironment through
microfabrication and microfluidic flow. Microfluidic cell cultures that emulate
some aspects of organ function are called organs-on-chips (OOC). Most of the
OOC platforms utilize polydimethylsiloxane (PDMS) as a fabrication material,
due to its optical clarity, inherent biocompatibility (nontoxicity), gas
permeability and cost-effective fabrication. However, PDMS is not always the
most desirable material for OOC applications, due to its hydrophobic surface
(poor cell adhesion) and unspecific adsorption of small molecules (risk of false
positives/negatives). More studies are required to develop alternative
materials for OOC applications. The aim of this thesis work was to characterize
two emerging classes of polymer-based microfabrication materials for their
cell compatibility, namely a set of commercial acrylate resins commonly used
in prototyping 3D microdevices by stereolithography and custom off-
stoichiometric thiol-ene (OSTE) polymers used in rapid prototyping of planar
microdevices by replicamolding techniques.

In Publication I, four different commercial 3D printing materials were
evaluated for their biocompatibility by studying cell survival on the material
surface. Both growth curves and cell staining were used to assess cell
proliferation on the surfaces with an emphasis on long-term survival of the
cells. Autoclaving was found to be an important factor in making the 3D
printing materials bioinert and suitable for cell culture. Furthermore, a
microfluidic device using 3D design was developed to study cell adhesion
strength on the material surface without any extracellular matrix (ECM)
coating. Cell adhesion to the inert 3D printed surfaces under microfluidic flow
was shown to be in the range of 3 dyne/cm2.

In Publication II, long-term cell survival on differently microfabricated an
off-stoichiometric thiol-ene (OSTE) surfaces was studied by evaluating cell
proliferation and viability similar to those of the 3D printed materials.
Different fabrication and postprocessing methods were used to evaluate and
improve the biocompatibility of OSTEs. UV embossing was found to be the
most straightforward microfabrication method for making OSTE material
surfaces biocompatible and suitable for cell culture. A microfluidic device
using a 2D planar design was developed to study the cell adhesion strength on
the material surface without any ECM coating. OSTE material surface
supported relatively fast adhesion already after 1 h 20 incubation and had
comparable adhesion strength to the 3D printing materials (after a 4-hour
incubation).
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In Publication III, the previously reported oxygen scavenging property of
thiol-rich OSTE was utilized to develop a two-compartment OSTE-PDMS
hybrid device. The device incorporated a thin PDMS membrane between two
OSTE compartments that were cured using different microfabrication
methods to create a biocompatible cell culture compartment via UV embossing
and an oxygen scavenging compartment via UV casting. The gas permeable
PDMS membrane ensured unrestricted oxygen transfer between the two
compartments. The developed device allowed creation of an on-chip oxygen
gradient and precise spatiotemporal control of oxygen concentration in the cell
culture chamber by only utilizing flow rate regulation. Furthermore, the device
facilitated BALB-3T3 fibroblast and human induced pluripotent stem cell
derived cardiomyocyte (hiPSC-CM) cell cultures in an oxygen-controlled
environment.

Overall, this thesis demonstrated the need to study the biocompatibility of
new microfabrication materials in long term in order to ensure their suitability
for cell culture applications. When selecting fabrication materials for OOC
applications, more emphasis should be put on their careful characterization
prior to use. At best, clever combination of microfabrication materials and
methods can enable cell culturing under conditions not achievable for static
culture systems, such as the spatiotemporal oxygen control demonstrated in
Publication III.
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“Freedom is the oxygen without which science cannot breathe.”
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1 Introduction

The drug development process, from identifying the drug target to clinical
trials, is a long and expensive process. Before clinical studies, the safety and
efficacy of the drug candidate is confirmed in an in vitro setting and in test
animals in vivo. Many drug candidates fail when moving from preclinical to
clinical studies, because of poor in vitro-in vivo correlation that can cause
problems with drug safety or efficacy. Underlying toxicity can also cause
failure of the drug in clinical studies. These failures can be caused by the
differences in metabolism between humans and test animals or by the
shortcomings of current in vitro methods in capturing the complexity of
physiological tissues. [1] Traditional in vitro methods change the cell
metabolic profile and the metabolic phenotype of the cell, due to the lack of
complexity in the cell microenvironment. [2] The limited predictive value of
traditional cell cultures has led to interest in developing new in vitro methods
for pharmaceutical and biological research.

One promising approach uses microfluidics to culture cells under flow
conditions. In microfluidics the fluid flow is controlled at the micro- and
nanoscale, which allows precise control of the physicochemical and
biochemical microenvironment of the cells. [3] Development of precisely
controlled cell culture platforms allow cells to be cultured in conditions more
similar to the physiological conditions that are present in vivo. Furthermore,
the physical microenvironment can be controlled by microfabrication
methods that allow modification of the mechanistic microenvironment (e.g.,
elasticity of the culture surface and topographical cues) of the cells. These
platforms are referred to as organ-on-chip (OOC) or microphysiological
systems. Organ-on-chip devices have already shown great promise in better
representing and maintaining the cell drug metabolism phenotype on-chip
and further developments are arising continuously. [4] As OOC replicate the
biological complexity better than traditional models, they offer an opportunity
to establish improved in vitro disease models for target identification, hit/lead
identification, drug safety and efficacy screening.

A range of different polymers are commonly used in the fabrication of
OOC devices and new microfabrication materials are emerging at a fast pace.
One of the biggest challenges in the adaptation of these new microfabrication
materials for OOC applications is that these polymers lack systematic research
on their biocompatibility and toxicity characterization. The following chapter
reviews the current state of the art of in vitro cell culture, with an emphasis on
microfluidic approaches, microfabrication materials, and establishment of
oxygen control and biomechanical cues with the help of the microenvironment
controls.

A great part of OOC development for pharmaceutical studies has so far
focused on emulating liver functions on-chip, as the liver is the most important
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organ for drug safety studies (hepatic metabolism). [5] Other organs have also
been emulated on-chip such as heart, kidney and lung, as these are also highly
relevant for pharmaceutical research and drug efficacy screening. [6]
Furthermore, different biological barrier functions have been demonstrated
on-chip e.g., blood-brain barrier (BBB), gut and other epithelial and
endothelial barriers. [7,8,9] In biological barrier models fluidic shear is
important in generating physiologically relevant tissues model, where mass
transport across the barrier is an essential functional readout. Some effort has
been made to develop multi-organ chips that are referred to as body-on-chip.
These chips aim to emulate the organ-organ dynamics of the body, by
connecting organ microtissues through a microfluidic flow system. [10,11] This
thesis focuses on the concept of heart-on-chip. Typically, heart-on-chip
models can incorporate many different microenvironmental controls such as
microtopography, electrophysiological stimulation and microfluidic flow
controlled biochemical environment, to induce the correct morphology and
function of the modelled cardiac tissue.
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2 Review of the Literature

2.1 Preclinical Drug Research with Traditional Cell
Culture Models and Animal Models

In vitro cell cultures are used in the drug discovery and development phases
to understand drug candidates’ mechanism of action and human metabolism
in vitro, as well as in the preclinical phase alongside animal studies to study
the potential toxicity of drug candidates or their metabolites. [1] Traditional in
vitro cell culture methods can be classified as two-dimensional (2D)
monolayer models and three-dimensional (3D) scaffold-based and scaffold-
free models, which allow simple and cost-effective in vitro testing.

In preclinical studies, the drug candidate undergoes pharmacokinetic (PK)
and pharmacodynamic analyses (PD). In typical PK studies, the absorption,
distribution, metabolism, and excretion (ADME) of drugs are evaluated in
order to determine drug concentration and distribution between different
organs. [12] In PD studies, on the other hand, the biochemical and
physiological effects are analyzed by studying receptor binding, post receptor
effects, and chemical interactions. [13]

Cell cultures offer a way to study many aspects of cell biology outside the
body (in vitro), by isolating cells on a cell culture dish, often made from
polystyrene (PS). Studying cell biology, disease mechanisms and mechanisms
of action of drug candidates are possible using isolated cell cultures.  Many of
the cells used in research are immortalized cell lines that are a population of
cells derived from living organism. Immortalized cell lines have a mutation in
their genome that allow them to proliferate indefinitely and avoid senescence.
These cell lines offer a robust and cost-effective model with well-known
properties that do not cause significant biological variation between
experiments, making it easy to assess the adverse effects of candidate drugs.
[14] However, the immortalization process causes changes in the cell’s
phenotype [15] and epigenetics [16] and can thus cause differences in the
efficacy and toxicity effect of studied drugs compared to their action in vivo.
[2] The advancement of cell culture methods in recent years has led to the use
of primary cells, that better represent the in vivo phenotype and are more
sensitive to drug effects, but also more difficult to maintain as isolated
cultures. Primary cells are freshly isolated cells from the tissue and maintained
in vitro. Although primary cells are not modified before in vitro culture, they
have been shown to undergo transcriptional changes when maintained using
traditional cell culture methods. [17,18] These discrepancies can cause high
failure rates of drug candidates in the later stages of the drug research pipeline
which can be costly.
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2.1.1  Traditional 2D Cell Culture Models
Ever since R. Harrison was able to isolate and grow nerve cells for the first time
outside the body on a petri dish in 1907 [19], 2D cell culture models have been
established and used in biological research and in research to study drug
toxicity in vitro. In 2D cell cultures models, cells grow as a monolayer adhered
to a rigid plastic or glass surface in a cell culture medium. The cells adhere to
the surface via cell adhesion molecules (CAM) called integrins. These integrins
are transmembrane proteins that occur as dimers and act as receptors for layer
of proteins adsorbed onto the surface of the material. [20] The adsorbed
proteins are either excreted from the cell or proteins are included in the culture
medium or extra cellular like proteins from commercial protein scaffolds (e.g.
Matrigel®, GelTrex®) can be used to form the adsorbed protein layer. These
adsorbed proteins include laminin, collagen IV, fibronectin, heparin sulfate,
and entactin. [21] Mechanisms through which integrins interact with adsorbed
protein layer include dipole and induced dipole moments, hydrogen bond
forming, and electrostatic forces. [22] Polymers used as cell culture surfaces
are often modified to more functional and hydrophilic to adsorb proteins on
the surface, e.g., by plasma treatment methods that add or expose oxygen
groups. [23] Some materials, such as glass, cause the adsorbed proteins to
change their conformation and functionality [24]. This then affects the motifs
of the adsorbed proteins that further negatively affects their reactivity with
CAMs and the cell adhesion on the surface.
Growing cells as a monolayer allows simplistic model, where cells proliferate
well and have equal concentration nutrients available in the growth medium
resulting in homogeneous cell growth across the cell culture surface. Although
2D models can recapitulate some cell phenotypes, monolayer cell culture in
simple culture media on a rigid surface causes disturbances in cell
morphology, cell-cell interactions, cell-matrix interactions and the cellular
microenvironment that lead to significant differences in cells metabolic
phenotype compared to in vivo conditions. [25,26] For example, primary
hepatocytes that would be in pivotal role in pharmaceutical research lose their
metabolic activity due to the changes in enzyme expression level when
isolating the hepatocytes from complete tissue to a 2D cell culture platform.
[27] Such deviations can cause significant changes to drug candidates’
clearance and toxicity in the studied cell type. Some of these disturbances can
be minimized by optimizing the cell culture platform by e.g., promoting cell
adhesion by protein coating that emulates the in vivo extracellular matrix
(ECM). By coating the cell culture surface with proteins, the adhesion and cell-
matrix interaction better recapitulates the in vivo conditions. [28] However,
bringing all biological aspects (such as cellular microenvironment control)
into the traditional static 2D cell culture model is not possible as it provides
only a simplistic model of cells and tissues. Due to the shortcomings of 2D
monolayer cell models, many studies have focused on developing 3D models.
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2.1.2  3D Cell Culture Models
In contrast to 2D models in which cells adhere to the cell culture surface
(Figure 1A), in three-dimensional (3D) cell models, cells are grown on a
platform which does not support cell adhesion, causing cells to adhere to each
other, creating more extensive cell-cell interactions (Figures 1B-D). [29, 30]
Two types of 3D cell model exist, and a clear distinction should be made
between them. Organoids are 3D cell models formed with stem cells or
primary cells. These organoids self-assemble, when a cell suspension is placed
in ECM and exhibit distinct structures of the tissue they were isolated from.
[31] Spheroids are the other type of 3D cell model and can be made from a
wide variety of cell types such as tumor cell lines [32], hepatocytes [33] or
nerve cells [34]. These cell aggregates, contrary to organoids, can form 3D
structures simply by limiting the adhesion to a surface or by placing them in
matrix mimicking ECM. [29] 3D spheroid and organoid models have been
used for different applications in a variety of fields such as cancer research
[35], drug research [36] and stem cell research [37]. 3D models accurately
recapitulate the diffusion of gases [38] and nutrients [39] within physiological
tissues by creating a concentration gradient within the 3D cell culture. [40]

Figure 1. Schematic figure of different cell culture methods. A)
Traditional 2D cell culture B) 3D spheroids grown in ECM C) 3D spheroids
grown on a low attachment hydrophobic surface D) 3D spheroids grown
with the hanging drop method. © K. Piironen 2022

Several techniques have been implemented to establish 3D cell culture models.
In ECM-based techniques (Figure 1B), different scaffolds are used for 3D cell
growth, such as hydrogels [41], polymers [42] or nanocellulose [43], providing
a range of advantages. Cells cultured in these 3D cell models establish both
cell-cell and cell-matrix contacts, and for primary cells growing in 3D, ECM
like matrix can help to regenerate their in vivo phenotype. [28, 44] The
scaffolds also allow signaling molecules to diffuse between cell spheroids or
organoids and single cells. [45] Furthermore, single cell trapping into
microwell with matrix has been used to generate spheroid grown from single
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cell, to study tumor characteristics. [46] An alternative to ECM-based
techniques, consisting of cells cultured on a hydrophobic surface to which they
cannot adhere and therefore form cell-cell contacts, was one of the first
techniques used to culture cells in 3D (Figure 1C). [47] This technique is cost-
effective but does not function with every cell type. The hanging droplet
technique is another simple technique where no scaffold is required to grow
cells in 3D form (Figure 1D). This technique utilizes gravity to make cells self-
aggregate in the tip of a droplet. [48]

2.1.3  Limitations in Traditional Cell Cultures
3D cultures better emulate tissue-like cell growth and have been shown to
better reproduce physiological drug responses compared to cells grown in 2D.
[49] Although 3D models show great promise in the drug research field,
spheroid models still lack the complexity of tissue organization, and both 2D
and 3D models lack control of the cellular microenvironment. Both types of
traditional cell culture are usually done at ambient oxygen concentration.
However, ambient oxygen does not recapitulate the wide range of oxygen
concentrations in the physiological situation. [50] Each tissue and cell type
requires a specific range of oxygen to retain the physiological phenotype.
Furthermore, the static nature of traditional cell culture methods do not allow
application of shear forces on the cells, which have been shown to be an
important trigger for a multitude of biological processes.

2.2 Microfluidics in Cell Culture

The disadvantages of 2D and 3D models, discussed in the earlier chapter, have
led to interest in development of models that closely mimic physiological
conditions which are not present in traditional, static cell cultures.  Organ-on-
chip (OOC) or microphysiological systems, arising from the microsystem
technologies, offers the possibility to control the cellular microenvironment by
working in the microscale. [51] In microscale, surface forces dominate over
body forces. [52] Microfluidics refers to precise control of fluid flow inside
micrometer sized channel and is often applied to supply fresh culture medium
to cells in OOCs. [52] The micrometer sized channels can also emulate the size,
dimensions and dynamic conditions present in the body in vivo, better than
static conditions and large media volumes. [53] In OOC applications fluid flow
facilitates dynamic culture conditions, e.g. feed of oxygen and nutrients to cells
and removal of metabolic waste from the cellular microenvironment, as
reviewed in [3]. Furthermore, fluid flow can be used to create spatiotemporal
concentration gradients within the channel. OOC systems offer diverse
opportunities to modify and precisely control the microphysiological
conditions.
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The OOC technique aims to emulate the function of organs and the
microarchitecture of tissues by utilizing microfabrication methods and to work
in the microscale to control the microenvironment. Surface structures and
mechanical stressors can be modified according to need, and biochemical
factors can be added via ECM and soluble factors incorporated into the fluid
flow. [54]

Originally, manufacturing of microfluidic devices adapted fabrication
techniques from microsystems technologies where the material of choice is
silicon. [55] However, silicon is non-transparent to visible and UV-light and
thus is not compatible with the most popular cell biological detection methods,
that include staining’s and require good transparency to visible and UV-light.
Furthermore, fabrication of silicon based microfluidic devices is costly and the
fabrication processes require specialized equipment. Thus, the development
of OOCs did not effectively began until more cell compatible materials were
introduced to rapid prototyping of microfluidic devices. In most OOC
applications, the microfluidic device is fabricated from poly(dimethyl
siloxane) (PDMS), which is a soft, gas permeable and optically clear polymer
[56] allowing imaging of the tissue/cells inside the device and enabling fast
and cost-efficient fabrication by soft lithography [57]. One of the simplest and
widely used OOC designs includes a coated glass slide as the cell culture
platform, bonded with a PDMS microchannel to provide the flow-through
[58]. In such a setting, PDMS enables unrestricted oxygen transfer between
the cell culture within the device and the ambient conditions. [59] Compared
with glass and silicon, PDMS offers ease of fabrication of even more complex
and elastic microstructures that have enabled, e.g., emulation of the breathing
lung motion [60], cardiac contraction [61], or gut peristalsis [62] on chip.

Detection is also an integral part of microfluidic OOC applications. Some
microfabrication materials facilitate integration of detectors for the study of
the cellular responses to microenvironment changes or drugs in situ within
one single microdevice. However, the inclusion of detector elements is not
always possible on PDMS-based OOC devices but requires combination of
different fabrication materials and techniques. The effects of microfabrication
materials on cells are further discussed in chapter 2.3.

2.2.1  Controlling the Local Cellular Environment in Organ-on-Chip
Devices

Different methods can be used to control the local microphysiological and
microenvironmental properties in microfluidic devices to enhance the success
of in vitro drug candidate testing. Microphysiological conditions in the body
are the result of physical, electrical, physicochemical and biochemical
stimulation. When one of these factors is missing in a cell culture system, this
causes a considerable shift in the cell phenotype and thus potentially changes
the bioactivity of a drug candidate in the studied cell or tissue type. [63,64]
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In physiological conditions oxygen and nutrients are delivered in the body
via blood flow. The cells lining the inner lumen experience mechanical stress
via fluid flow which causes shear stress (Figure 2A). [65] Shear stress has been
shown to affect the cell junctions [7], adhesion [66], differentiation [67] and
maturation [68] of different cell types. In physiological conditions, cells
adhere to ECM via specific receptor proteins called integrins, located in the
surface of the cell membrane. [69] Shear stress caused by fluid flow induces
the transcription and translation of integrins. [70] Similar to integrins, cell
junctions and junction proteins play a crucial role in building continuous and
communicating tissue which emulates the physiological conditions. Static cell
culture does not promote the transcription and translation of tight junction
proteins, which are crucial in establishing functioning epithelial and
endothelial barriers. Fluid flow-associated shear stress has been shown to be
a crucial element in generating these biological barriers. [8,9] In microfluidic
devices, the fluid flow is controlled precisely, and barrier formation and
disruption can be easily studied. Most often the barrier formation and function
is studied with transepithelial/endothelial electrical resistance (TEER). In
OOC devices, TEER can be studied directly on chip by integrating electrodes
using microfabrication methods. [71]
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Figure 2. Simplified schematic figure of mechanical, biochemical and
chemical processes effecting cells in blood vessels. B) Microenvironmental
controls that can be applied in organ-on-chip devices. ©K. Piironen 2022

Stretching of cells is another way to generate physical stimulation from the
surrounding environment. In many cell types such as cardiomyocytes, skeletal
and smooth muscle cells (Figure 2A) and alveolar epithelium, stretching is a
crucial cue for maturation and phenotype switches and can also affect the
survival of primary cells in cell culture systems. [72] A biomimetic microfluidic
chip combined with stretching mechanism was introduced by Huh et al. in
2010 [72] to facilitate more complex biomimetic structures on-chip to
generate lung-on-chip utilizing the soft qualities of PDMS to stretch alveolar
cells grown on a PDMS membrane between two channels. The stretching led
to a closer emulation of lung tissue on chip. [72] Similar approaches have been
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published since, in which cardiomyocytes were stretched in order to induce
maturation and promote phenotypic morphology of cardiomyocytes on chip,
and an application where primary intestinal epithelial cells were stretched
emulate the peristaltic movement of the intestine. [8,73,74]

Electrical signals play different roles in a variety of biological functions and
many of them are well known such as signal transmission by nerve and muscle
cells (Figure 2A). [75] On microfluidic device electric field stimulation was first
applied in OOC devices to model muscle [76] and nerve cells [77]. In general,
electrical stimulation activates intracellular signaling pathways that effect the
intracellular microenvironment. [78] These intracellular changes have effects
on cell migration, cell proliferation and cell differentiation. [79] In cell
migration electrical stimulation can be strong enough to even override
chemotactic gradients. [80] Moreover, electrical signals are important in the
regeneration of ruptured tissues. [81] There are similarities between the
signaling pathways triggered by mechanical and electrical stimulation, but the
characterization and the identification of the specific critical parameters that
produce desired biological effects by these simulations should be studied
more. [82] OOC devices provide an opportunity to better understand these
parameters and thus generate new therapeutic opportunities.

Cell morphology in tissue is determined by the proximity of other cells,
signaling molecules from other cells and focal adhesions to the ECM. In
traditional cell cultures, morphological restrictions cannot be included in the
platform. Manufacturing of microfluidic devices, on the other hand, allows the
fabrication of structures sizes down to the nanometer scale, allowing physical
restriction of the morphology of cells. Physical restriction of cells has been
shown to aid the differentiation and maturation of osteoblasts [83] and both
cardiomyocytes [84] and skeletal muscle cells [85]. Topographical guides
along with chemical attractant concentration gradients have been utilized to
direct neuronal axon growth. [86]

Chemical stimulation is specific to the cell type and thus should be modified
to fit the requirements of the organ that is emulated on-chip. Different cell
types require different concentrations of, for example, oxygen due to the
location of the cell in the tissue (i.e., the distance from a blood vessel). The
different chemical compositions in the microphysiological environment of
cells are crucial for cell survival and maintenance of phenotype. Neurons are
grown in chemically patterned environments with chemical attractants
(neurotransmitters). Patterning of neurotransmitters was used on ex vivo
samples to create artificial synapses to study how to overcome the current
limitations of electrical retinal prostheses. [87]

Biochemical induction (Figure 2A) is used together with chemical
induction in traditional 2D cell cultures to affect the phenotype of the cultured
cells. Biochemical induction mostly involves growth factors and transcription
factors used for differentiation. Most commonly these are used for the
differentiation of stem cells and induced pluripotent stem cells (iPSCs). iPSCs
are stem cells that have been reprogrammed from adult somatic cells. [88]
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iPSCs and other pluripotent stem cells have the capacity to differentiate into
any of the three germ layers and thus offer an endless source of different cell
types via biochemical induction. [88] Other cell types have also been
documented to be induced and stimulated by biochemical methods. [89,90]
Biochemical methods are often conducted by cell culture methods such as
supplementing the cell medium content with small molecules. [90] Generally,
the required microenvironmental stimuli cannot be as easily incorporated into
the traditional static cell culture methods discussed in Chapter 2.1. Thereby,
microfluidic cell culture platforms offer better, more complex biomimetic in
vitro models that can incorporate different stimuli in a single device as
demanded by the specific cell or tissue type (Figure 2B).

2.2.2  Oxygen Control in Microfluidic Cell Cultures
One often overlooked aspect in many cell cultures is the impact of oxygen

concentration, which affects a variety of cellular processes such as drug
metabolism. [91] The majority of cell culture applications, and thus drug
testing, are done at ambient oxygen concentration (20.9%), which is hyperoxic
condition for cells. Most cell cultures are done in an incubator in which the
humidity of air and carbon dioxide (CO2) concentration are controlled, but not
the oxygen concentration. This results in oxygen concentrations in the cell
culture incubator of approximately 18.6%. [92] Due to the liquid phase in the
cell culture flask, the oxygen diffusion differs according to the height of the
liquid pillar on top of the cells. [93] Also the confluency of cells in the culture
flask affects the availability of oxygen.

In physiological conditions, oxygen concentration depends on the organ, as
well as on the distance of individual cells from blood vessels. This leads to an
average oxygen concentration range of 3–9% in the body, but can be as high
as 12% (brain). [94] Most often oxygen concentrations below 3% are
considered hypoxic, but to determine normoxic and hypoxic conditions each
organ and tissue should be considered individually when designing a
cell-based in vitro assay.

Traditionally, oxygen control is achieved by using gas (hypoxia) chambers
that change the oxygen saturation in the cellular microenvironment [95,96].
These gas chambers can also be used for microfluidic approaches, if the OOCs
are fabricated out of gas-permeable materials, such as the PDMS. However,
their response time to descending and ascending oxygen level is typically slow
(several hours) and thus, mimicking the rapid temporal oxygen changes
similar to those associated with e.g. ischemic shock in vivo, where the blood
flow stops and causes local damage to the tissue, are difficult to establish in a
bulky chamber. However, the chambers can be miniaturized to achieve faster
response times (20-30 min) and maintain micrometer sized cell cultures.  [97]

In addition, different microdevice designs and microfabrication
approaches enable precise control and detection of the oxygen concentration
in the cell microenvironment.  [95,98] At easiest, oxygen environment can be
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controlled by simply switching the feed solution from oxygenated (100%
saturation) to oxygen depleted (0%) medium during microfluidic cell culture.
[99] Chemical oxygen scavengers are probably the most common way to
produce lower than ambient oxygen conditions inside a microfluidic cell
culture environment. These substances react either chemically or
enzymatically with oxygen, and thus remove oxygen from the environment
they are in. [100] However, uncontrolled feeding of oxygen scavengers directly
to cell cultures can cause adverse effects as the scavengers diffuse into the cells.
In microfluidic applications, the contact between the oxygen scavengers and
the cells can be prevented by applying an oxygen permeable membrane in
between the oxygen scavenging unit and the cell culture unit. [101,102,103]

Besides oxygen scavenging chemicals, off-stoichiometric thiol-ene (OSTE)
polymers have been shown to possess an inherent oxygen scavenging ability
[104]. The oxygen depletion rate on OSTE platforms has been shown to be
controllable by the bulk composition (degree of off-stoichiometry),
post-processing, surface-to-volume ratio, and the flow rate [104,105], which
suggests that their inherent oxygen scavenging ability is possibly interlinked
with the reactions between dissolved molecular oxygen and the thiol
monomers leaching from the bulk.

2.3 Manufacturing Materials for Organ-on-Chip Platforms

The interdisciplinary nature of OOC techniques require different qualities
from the fabrication material than the traditional micro total analysis (μTAS)
platforms which were initially developed with a view on chemical separations
and manipulation and handling single microfluidic device [106] μTAS devices
often require compatibility with wide variety of chemicals and solvents, but
OOC platforms require most importantly good biocompatibility. In OOC
applications the fabrication material has to be chemically stable and not leach
chemicals from the bulk of the material. Leaching of photo-initiators or other
chemical components used in the fabrication can cause adverse effects on the
cells and impact their survival, proliferation and other basic functions. [106]
Other critical aspect of the biocompatibility is the surface properties of the
material and whether it supports cell adhesion (2D cultures). Some
biocompatible materials are completely inert, causing no biological response,
such as increased cell adhesion, in cells cultured on them. However,
fabrication materials can be also bioactive, and a material that is both
biocompatible and bioactive could, in the future, be the most desirable type of
material. Fabrication materials can have bioactivity that is beneficial for cell
culture applications, such as surfaces that promote cell adhesion or generation
of tissue cultured in the device. [107] Furthermore, for the 3D cell cultures the
material can be required to support spontaneous aggregation via non-adhesive
surface. Material requirements should be always the primary point of
consideration when designing an OOC device.
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When designing a microfluidic device for cell culture, the possible adverse
effects of the fabrication material should be well characterized and eliminated
to minimize material induced toxicity. [108,109] If the fabrication materials
are poorly characterized for their adverse effect, they might translate to
misinterpretations of the biological response, affecting drug candidate testing.

The properties of the material surface are critical when considering the
ability of cells to adhere to the surface. To promote cell adhesion, the surface
of the material must be moderately hydrophilic. [110] The hydrophilicity of the
surface allows adsorbance of proteins to the surface, both from the culture
medium and extracellular proteins that cells secrete. [110] Furthermore, cells
adhere to these adsorbed proteins via integrin proteins. Inherently
hydrophobic fabrication materials typically require long coating times with
ECM to facilitate cell adhesion, because proteins adsorb poorly on untreated,
very hydrophilic surfaces such as glass.

For visualization of tissues, cells and cell components, bright field
microscopy and staining methods are commonly used. Staining enables
observation of the metabolic status and phenotype of the cells. Therefore, OOC
fabrication materials have to be optically clear and preferably transparent
down to the UV range.

2.3.1  Overview of Selected Fabrication Materials Commonly Used in
Organ-on-Chip Applications

The most predominant fabrication material for organ-on-chip applications
is polydimethylsiloxane (PDMS), due to its ease of fabrication, inherent
biocompatibility and gas permeability, low cost, optical clarity and
transparency to UV-Vis light. [111] However, PDMS has some limitations such
as non-specific absorption and adsorption of small molecules. PDMS is
hydrophobic in its nature and not suitable for cell adhesion in its native form,
therefore protein coating is required to make the PDMS surface compatible
with cells. The oxygen permeability of PDMS [112] has been considered a
beneficial property for OOC devices. However, the ability to control oxygen
concentration within a microfluidic OOC device is crucial when considering
the emulation of the microenvironment of organs, which limits the use of
PDMS in such applications.

Among other microfabrication polymers, thermoplastics such as
poly(methyl methacrylate) (PMMA) [113] and polystyrene (PS) [114] have
gained interest as alternatives to PDMS. PS is often used in traditional
commercial cell culture platforms and other commercial devices for cell
culture applications. The surfaces of these materials can be easily modified to
be cell compatible [115], and both have good optical clarity and low UV
absorbance [113,116]. Although PS is used in traditional cell culture platforms,
it does not support cell adhesion in its native, hydrophobic state. The surface
has to be modified by plasma treatment to add oxygen groups to the backbone
of PS, making it more hydrophilic. [117] The hydrophilic surface allows the
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adsorption of positively charged proteins and adhesion of cells to the surface.
However, a major hindrance to the adaptation of thermoplastics for
fabrication of OOC devices is their complicated fabrication protocols.
Fabrication of these devices requires injection molding or hot embossing, for
which expensive machinery is required, and the bonding protocols are also
complex. [114,118]

Ceramics are another class of microfabrication materials which have
gained interest in especially the micro-electro-mechanical systems (MEMS)
field. In MEMS applications ceramics offer optimal characteristics, such as
heat resistance, high wear resistance, low density, and favorable mechanical
and chemical properties at elevated temperature. [119] MEMS has been
spreading to the biological field, where microfabrication and mechanical parts
are made suitable for biological applications. Bio-MEMS overlaps greatly with
OOC technology and is often categorized under the same umbrella. Ceramics
have been investigated for OOC applications due to the developments in bio-
MEMS. Many ceramics have been shown to have good inherent
biocompatibility and support cell adhesion as such or are suitable for surface
modification by ECM. Organically-modified ceramic materials (commercially
sold under, e.g., the Ormocer brand) have been used successfully for cell-based
microfluidic assays. [120] The fabrication methods of choice for ceramics
range from lithography to etching, micro-injection, electrophoretic deposition
and extrusion [121]. The choice of method is highly dependent on the end
application, but none of these techniques readily lends itself to rapid
prototyping of OOCs in the way that PDMS does.

A low-cost alternative polymer that has been investigated as an alternative
to PDMS for rapid prototyping of microfluidic devices is the class of off-
stoichiometric thiol-enes (OSTE). [122] OSTE materials are a UV-curable mix
of thiol and allyl monomers, providing a method to fabricate devices with
tunable surface chemistry even without photoinitiators that are often highly
toxic to cells. [123,124] OSTE devices can be rapidly fabricated (i.e. by replica
molding) and have easy bonding protocols. The surfaces of OSTE polymers
have free thiol groups that allow easy surface modification. This property of
OSTE has been widely used for enzyme immobilization and other
biofunctionalization. [125,126,127] OSTE materials have shown great promise
for different microfluidic applications, but the information of their
biocompatibility is disputable and there have not been extensive studies on
this topic yet. [128] However, it has also been shown that OSTE polymers can
leach monomers from the bulk of the material and, as these monomers are
toxic for cells, the biocompatibility of OSTEs can be compromised.

Besides traditional polymer microfabrication techniques, rapidly growing
3D printing methodologies are providing cheap and accessible manufacturing
that is feasible, depending on the method, for fabrication of structures down
to the micrometer scale. However, some 3D printing techniques (e.g., fused
deposition modeling) have limitations in the structure sizes that are
achievable, limiting their use for microfluidic device fabrication. [129] 3D
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printing is additive manufacturing, where the printed substance is added in a
layer-by-layer manner, which allows the design and implementation of
complex 3D structures. [130] A wide variety of materials can be used in 3D
printing, from metals (e.g., titanium and aluminium) to liquid polymer resins
(such as methacrylates) as reviewed in [131].

Stereolithographic (SLA) printing is one of the most cost-effective tabletop
3D printing methods that allows printing of structures as small as hundreds of
micrometers and utilizes commercial-grade methacrylates. [132] The SLA
method prints from liquid resin that contains the monomers, a photoinitiator
and other components often not disclosed by the resin manufacturer. The
biocompatibility of these 3D printing materials is not well-known and they are
poorly studied. [133] More studies are required to determine their
compatibility for microfluidic cell culture devices. Advanced multimaterial 3D
printing platforms allow integration of multiple materials during the printing
process. A multimaterial 3D printing process was utilized to integrate sensors
into the microarchitecture of a chip to enable readouts from cardiac tissue
grown on a microtopographically-modified cell culture surface on-chip. [134]

2.3.2  Materials Impacts on Cells

In the majority of published OOC applications, cells are characterized inside
the device by cell staining after short culture times. [128,134] Generally,
material-cell interactions can be studied based on multiple different
endpoints, the most common of which is the immediate general cytotoxicity,
based on e.g., MTT or LDH assays, and mechanistic cytotoxicity, e.g.
apoptosis, necrosis, and ROS formation.

MTT (3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyl-2H-tetrazolium
bromide) is a colorimetric assay in which NAD(P)H-dependent cellular
oxidoreductase enzymes reduce the tetrazolium dye to insoluble formazan.
The higher the cell oxidoreductase activity, the deeper the formazan color. If
the cell has suffered from toxic effects, less formazan is produced. [135]
Another commonly used cytotoxicity assay is LDH (lactate dehydrogenase), in
which released lactate is reduced to pyruvate and NADH is produced. The
NADH can be coupled with either detectable luciferin or a colorimetric
reaction. [135] While these methods both measure immediate toxic effects (of
drugs or material artifacts) on cells, neither of them is well suited for revealing
the impacts of long-term toxic exposure on cells.

Severe toxicity leads to cell death, which occurs through two mechanisms
either via necrosis or apoptosis. Necrosis is a process where cells undergo
premature cell death that is unregulated. Necrosis is a fast process, where cells
first swell and then burst and disintegrate through loss of osmotic pressure
inside the cells. [136] In contrast to unregulated necrosis, cells can undergo a
controlled cell death, i.e., apoptosis. Apoptosis comprises of a series of
molecular steps that can be monitored via different molecular markers. [137]
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The material-induced toxic impacts on cells can be measured through necrosis
and apoptosis combination staining.  These staining’s monitor the cellular
status from pre-apoptotic (low/early signs of toxicity) to necrotic (severe
toxicity) state.

In OOC applications, the long-term adverse effects of fabrication
materials should also be considered, to ensure that cellular responses to test
compounds are not affected, and to avoid material artefacts leading to false
positive or negative results. Long-term testing can be performed by measuring
a cumulative growth curve. [138] When cells are grown on the native surface
of materials, they are continuously exposed to toxicants leaching from the bulk
of the material and the toxicant is accumulated in the proliferating cells. The
toxicity is reflected in how quickly the cells go into senescence. This kind of
long-term exposure of the cells to the surface of the material is thus a better
indicator of the material’s compatibility with OOC applications. Although this
approach is a better way to study the effects of the toxicants, it is rarely used
as it is lengthy and laborious. Furthermore, the biocompatibility of the
material can be dependent on the cell type. For example, some cells produce
their own ECM and adhere easier to the surface than other cell types, or
different cell types possess different level of tolerance towards toxic
compounds. In general, some fibroblast cell lines have been considered to be
suitable for generic toxicity studies. [139] The specific needs of the cell type
should be considered, and the material should be tested with each cell type to
be used specifically.

Genotoxicity describes the toxic property of chemical agents that lead to
mutations in the cell’s genome. To test genotoxicity, many different tests are
available e.g., chromosomal aberration test, micronucleus test, comet assay,
and sister chromatid exchange test. Genotoxicity is often tested for drugs,
nanomaterials, cosmetics, industrial compounds, and food additives.
Genotoxicity testing often produces false positives, because they cause
physiological changes within the cells or damage to non-DNA molecules, and
the underlying mechanism should be well understood when using genotoxicity
as a measure of material toxicity. [140,141]

Sometimes, especially in case of polymer materials, it is the uncrosslinked
monomers and/or other manufacturing additives that leach from the bulk
polymer and cause toxicity. Overcoming the adverse impacts of these material
artefacts typically necessitate additional postprocessing methods, such as
rinsing/incubation with a suitable solvent [128] or treatment by UV or heat
[142].

2.4 Heart-on-Chip

Microfluidic in vitro cultures of cardiomyocytes, i.e., heart-on-chips are a type
of an OOC model that has received substantial attention in the scientific
literature and in the OOC research community. Cardiovascular diseases are
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the leading cause of death globally [143], which necessitates the development
of better in vitro platforms to improve modeling of heart disease
pathophysiology and speed up related drug screening and drug development.
Additionally, underlying cardiotoxicity of drug candidates is a major cause for
drug withdrawals from the market. [144] In particular, cardiotoxicity
associated with drug metabolites is often missed in preclinical studies if the
metabolic profile differs between laboratory animals and humans. [145] A
heart-on-chip aims to reproduce myocardial function on chip in a
microenvironment that can be precisely controlled. The emulation of heart
function facilitates testing the cardiotoxicity of drugs. Furthermore,
liver-on-chip models can be combined with heart-on-chip to study the possible
cardiotoxicity of drug metabolites.

To modify the surface of cardiomyocyte OOC devices, plasma treatment is
the most common approach. [146,147,148] For example, oxygen plasma was
used to pattern hydrogel on different polymer surfaces and promote
cardiomyocyte adhesion to specific areas. [146] Furthermore, plasma
treatment of the surface has been shown to enhance the adsorption of
extracellular proteins and thus promote better adhesion of cardiomyocytes.
[147] In addition, microfluidic actuation and microfabricated structures can
be exploited to improve the maturity of the cardiomyocyte cultures on chip.

2.4.1  Maturity of Cardiomyocyte Cultures
When developing in vitro models of the human heart, the current trend is

to use human induced pluripotent stem cells (hiPSC), because primary
cardiomyocytes isolated from tissue are hard to maintain in in vitro cell
cultures. [149] iPSCs are stem cells that have been derived from skin or blood
cells by reprogramming and thus can be differentiated to any cell type,
including cardiomyocytes [88,150,151]. The differentiation is traditionally
done via chemical stimulation of molecular pathways that lead to expression
of cardiomyocyte-specific markers [149,152] (Figure 3). This biochemical
differentiation leads to fully differentiated cardiomyocytes [153,154].
However, the chemically differentiated cardiomyocytes are often not
completely mature. One of the most important markers for fully matured
cardiomyocytes is their distinct morphology, where the cells elongate and
increase their area and volume, leading to an anisotropic rod morphology
[155]. Furthermore, fully matured cardiomyocytes are hypertrophic and
exhibit binucleation [156]. Maturation can be measured by studying the
localization of connexin-43 (CX43) and N-cadherin, because in mature
cardiomyocytes these proteins are localized to cell-cell junctions [157]. In
static cultures, immature cardiomyocytes are non-elongated (more round and
polygonal in morphology) [158], exhibit spontaneous beating [159], and have
lower beating frequency (whole cell Ca2+ signals are slower) [160] than mature
cardiomyocytes, and therefore, the traditional in vitro models have limited
suitability for studying the cardiac drug effects. With the help of microfluidics,
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the maturity of cardiomyocyte cultures can be further improved by applying
different physical cues to the cells, such as mechanical stimuli [161], electrical
stimuli [162] and topography [163,164] (Figure 3).

Figure 3. A) Topographical stimulation of cardiomyocytes on a
fibronectin-coated microgrooved PDMS scaffold. Blue stain marks cell nuclei
and red sarcomeric -actin.  Reproduced from Ref [163] with permission from
Elsevier B) Other possible stimulation methods for maturation of
cardiomyocytes. Reproduced from Ref [156] with permission from Lippincott
Williams & Wilkins.

A somewhat straightforward solution to stem cell derived cardiomyocyte
maturation is topographical stimulation of the cardiomyocytes and
mechanical stimuli by flowing fluid through a microfluidic device. By applying
microgrooves to the bottom of the culture dish, the cardiomyocytes can be
aligned during cell seeding and their directional growth can be induced with
help of microfluidic flow, which is likely to help the cells mature [163,164]
(Figure 3A). Studies have shown that this kind of topographical stimulus
increases morphological maturation and the localization of CX43 [162].

Another major feature of the heart and myocytes is their contractile nature.
Microfabrication techniques offer an opportunity to reproduce these aspects
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of the complex biological tissue on chip. The first application that used
electrical stimulation (see Figure 3B) to achieve cardiomyocyte anisotropy
utilized dielectrophoresis and electro-orientation to successfully orient the
cardiomyocytes according to the electric field, forming tissue-like structures.
[165] A microelectrode array was developed to examine contractile function
and arrhythmias in cardiac tissue by monitoring the extracellular action
potentials. [166] These microarrays incorporated nanowires fabricated on the
cell culture surface to use a non-invasive approach. Microelectrode arrays have
been developed for many different commercial applications enabling their
wider use in the cardiomyocyte research. Furthermore, electrical field
stimulus has been used on heart-on-chip applications to increase the
physiological function of hiPSC derived cardiomyocytes (hiPSC-CM). [80] A
similar approach has been used for single-cell applications.

Engineering the cellular mechanical environment in the micrometer size
allows introducing mechanical stressors, such as stretching (Figure 3B),
together with other microenvironmental controls. The effects of topographical
restrictions, such as the use of micropillars, together with stretching
mechanisms have been studied on chip . For example, a microsized pillar array
was sufficient to inhibit the overproliferation of cardiac fibroblasts and
support cardiomyocyte culture, thus allowing drug-free primary cardiac cell
culture. [167] Cyclic stretching was introduced in a PDMS chip that exploited
the elasticity of the material to mechanically stretch cardiomyocytes within a
microfluidic device. The cyclic stretching induced synchronous beating of
cardiomyocytes and higher contractile capabilities. [168] An interesting
approach was taken to create a pneumatic microfluidic platform to study the
effects of mechanical stress on cardiac hypertrophy. The chip contained a
micropillar array to facilitate the growth of structurally organized cardiac
tissue. Microwells were fabricated below the micropillar array to deflect the
pillars and cause mechanical stimulation by stretching to the cardiomyocytes.
[169,170]

By modifying the stiffness of the substrate, on which cardiomyocytes are
cultured, the cardiomyocytes can be aided to keep their differentiated state
(Figure 3B). Multiple approaches have been taken to modify the stiffness of
the surface cells are adhered to. Corbin et al. (2019) tuned stiffness of PDMS
by addition of magnetic beads to the PDMS bulk [171] Other methods to alter
the stiffness of the cell culture surface has been studied by light, [171] changing
temperature, [173,174] changing pH, [175] or addition of biomolecules [176].

2.4.2  Oxygen Control on Heart-on-Chips
Fully matured and physiologically relevant human cardiomyocytes enable not
only cardiotoxicity testing of drug candidates, but also, with the incorporation
of oxygen control, facilitate modeling of myocardial infarction. Myocardial
infarction modeling in OOC platforms has allowed detailed study of the
molecular-level analyses of gene expression, fibrotic responses, contractile
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function, and lactate secretion. [177] Such detailed characterization of the
effects of hypoxia on cardiac tissue paves the way for studies of regenerative
cardiac therapy, where irreversibly damaged cardiac tissue is repaired with
stem cell therapy or with drugs that stimulate endogenous repair mechanisms.
Microfabrication methods have also enabled the study of intracellular and
extracellular effects of hypoxia by measuring electrophysiological responses
on chip. [178] As the result, the majority of heart-on-chip devices developed
so far have focused on the integration of oxygen sensors, action potential
recording and detection of contractility [179], whereas development of on-chip
oxygen control systems and their integration with microfluidic cardiomyocyte
cultures has received substantially less attention in the scientific literature.
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3 Aims of the Study

The aim of this study was to introduce new microfabrication materials for the
manufacture of organ-on-chip devices, with a focus on emerging
stereolithographic 3D printing of acrylates (commercial resins) and rapid
prototyping of off-stoichiometric thiol-enes (OSTE) bylow-cost UV curing
techniques (custom formulations). The biocompatibility of these materials
was examined by measuring long-term cell survival and cell proliferation.
Another aim of the study was to examine the feasibility of the previously
reported material-induced oxygen scavenging of thiol-rich OSTE polymers for
on-chip oxygen control in microfluidic cell cultures, with a view to recreating
normoxic and hypoxic conditions on demand for heart-on-chip applications.

The specific aims of the study were:

To identify and develop suitable postprocessing methods of 3D printed
OOC devices (Publication I), and fabrication methods and
postprocessing of OSTE surfaces (Publication II) to ensure and improve
their cell compatibility.
To examine cell adhesion on 3D printed (Publication I) and OSTE
(Publication II) materials under microfluidic flow.
To develop an OSTE-based prototype device for controlling the oxygen
concentration in an organ-on-chip device by exploiting the oxygen
scavenging property of thiol-rich OSTEs and examine its technical
feasibility for cardiomyocyte culture (Publication III).
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4 Materials and Methods

This section outlines the chemicals, materials, instruments and protocols used
in the study. More detailed description is provided in the original publications
(I-III).

4.1 Chemicals

Chemicals and other materials used in the study are listed in Tables 2 and 3.
Cells used in the study are listed in Table 3. Commercial instruments used in
the study are listed in Table 5, with notes indicating their specific use.

Table 1. Main microfabrication materials and solvents used (in
alphabetical order).

Material/resin Manufacturer/
Supplier

Note Publication

Clear Formlabs,
Somerville, MA

3D printing resin I

Dental SG Formlabs,
Somerville, MA

3D printing resin I

Dental LT Formlabs,
Somerville, MA

3D printing resin I

High Temp Formlabs,
Somerville, MA

3D printing resin I

Isopropanol 99.9%, Sigma-Aldrich,
Steinheim,
Germany

Solvent I-III

Sylgard 184 elastomer Dow Chemical
Company,
Midland, MI

Polydimethylsiloxane
(prepolymer)

I-III

SU-8 100 photoresist Kayaku
Advanced
Materials, Inc.,
Westborough,
MA

Photoresist
(prepolymer)

II-III

SU-8 developer,
PGMEA

Sigma-Aldrich,
Steinheim,
Germany

Solvent (developer) II-III

1,3,5-Triallyl-1,3,5-
triazine-
2,4,6(1H,3H,5H)-trione

Sigma-Aldrich,
Saint Louis, MO

Triallyl (monomer) II-III
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Pentaerythriol
tetrakis(3-
mercaptopropionate)

Sigma-Aldrich,
Saint Louis, MO

Tetrathiol
(monomer)

II-III

Table 2. Chemicals and commercial products used for cell assays (in
alphabetical order).

Reagent Manufacturer/Supplier Note Publication
ActinGreen, 488
ReadyProbes
Reagent

Invitrogen, ThermoFisher
Scientific, Eugene, OR

Cell stain III

AnnexinV Alexa
Fluor™ 488

ReadyProbes, Invitrogen,
ThermoFisher Scientific

Cell stain I-II

Calcein AM Invitrogen, ThermoFisher
Scientific, Eugene, OR

Live cell
stain

I-III

Dulbecco's
modified Eagle's
medium

Sigma Aldrich, Saint Louis,
MO

Medium I-III

eBioscience BrdU
staining kit for Flow
Cytometry FITC

Invitrogen, ThermoFisher
Scientific, Eugene, OR

kit I-II

Essential 8 medium Gibco, ThermoFisher
Scientific, Eugene, OR

Medium I, III

Fetal bovine serum Gibco, ThermoFisher
Scientific, Eugene, OR

Medium
supplement

I-III

FIX & PERM Cell
Permeabilization Kit

Invitrogen, ThermoFisher
Scientific, Eugene, OR

kit I, III

GelTrex LDEV-Free
Reduced Growth
Factor Basement
Membrane Matrix

Gibco, ThermoFisher
Scientific

Protein
matrix

I,III

Hoechst 33342,
NucBlue

ReadyProbes Reagent,
Invitrogen, ThermoFisher
Scientific

Live cell
stain

I-III

Matrigel Corning, New York, NY Protein
matrix

I, III

New Born Calf
Serum

Gibco, ThermoFisher
Scientific, Eugene, OR

Medium
supplement

I-III

Non-essential
amino acids

Gibco, ThermoFisher
Scientific, Eugene, OR

Medium
supplement

I

OxyBURST™ Green
H2DCFDA, SE

Invitrogen, ThermoFisher
Scientific, Eugene, OR

Live cell
stain

II

Penicillin and 100
g mL 1

streptomycin

Gibco, ThermoFisher
Scientific, Eugene, OR

Medium
supplement

I-III
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Propidium Iodide Invitrogen, ThermoFisher
Scientific, Eugene, OR

Live cell
stain

I-III

Rho-associated,
coiled-coil
containing protein
kinase inhibitor (Y-
27632)

Stemcell Technologies Medium
supplement

I, III

trypsin–
ethylenediamine
tetraacetic acid

BD Difco, Bedford, MA Cells
detachment

I-III

Trypan Blue Invitrogen, ThermoFisher
Scientific

Dead cell
stain

I-III

Versene Life Technologies, Eugene,
OR

Cell
detachment

I, III

4.2 Cells

Table 3. Cell types used in the study.

Cell Supplier Cell type Publication
BALB-3T3, clone
A31

European Collection
of Authenticated
Cell Cultures
86110401, Salisbury,
UK

Mouse
embryonic
fibroblast

I-III

iPS(IMR90)-4 WiCell, Madison, WI Stem cell I, III
hiPSC-CM WiCell, Madison, WI Human

cardiomyocyte
I

Huh7 donated by Dr.
Moshe Finel,
University of
Helsinki, Finland

Human
hepatocyte

I
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4.3 Instrumentation

Table 4. Instrumentation used in the study

Product Manufacturer/supplier Note Publication
Form2
stereolithography
printer

Formlabs, Somerville,
MA

Cell culture dish
and chip

fabrication

I

miniFactory 3
extrusion printer

miniFactory, Seinäjoki,
Finland

Chip holder
fabrication

II-III

HS6610 steam
sterilizer

Getinge, AB,
Gothenburg, Sweden

Sterilization of
3D prints

I

Collimated UV
light, model
LS30/5

OAI, Milpitas, CA SU-8
photolithography

II-III

Dymax EC5000 UV
exposure lamp

Dynamax Corporation,
Torrington, CT, USA

Thiol-ene UV
curing

II-III

Plasmalab 80+ Oxford instruments,
Bristol, UK

Oxygen plasma
treatment

III

BD Accuri C6 plus
FACS

BD biosciences, Bedford,
MA

Cytometry
analysis of

fluorescence
stained cells

I-III

Surface tension
meter

KSV Instruments Ltd.,
Helsinki, Finland

Water contact
angle

measurement

I

Axio Vert.A1
microscope

Zeiss, Oberkochen,
Germany

Fluorescence
and bright field

microscopy

I-III

Axiocam 705 color
camera

Zeiss, Oberkochen,
Germany

Micrographs I-III

Piccolo2 oxygen
meter

Pyro Science, Aachen,
Germany

Oxygen
concentration
measurements

III

VarioskanTM LUX
multimode
microplate reader

ThermoFisher Scientific,
Vantaa, Finland

Fluorescence
spectroscopy

I

11 Elite Syringe
pump

Harvard Apparatus,
Holliston, MA

Flow actuation I-III

Hemocytometer Brand GMBH, Frankfurt,
Germany

Cell counter I-III
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4.4 Microfabrication of Cell Culture Platforms

The chips were made either by 3D printing (4.4.1) or using an OSTE
microfabrication process (4.4.2.). The microfabricated structures were
characterized with scanning electron microscope (SEM).

4.4.1  3D Printing
Four different commercial 3D printing resins from Formlabs were included in
the study: Clear, High Temp, Dental SG, and Dental LT Clear. Two of the
materials were autoclavable (Dental SG and High Temp), two were
biocompatible according to ISO 10993 standard (Dental SG and Dental LT
Clear), and one was neither autoclavable nor biocompatible (Clear). The 3D
printing was performed by stereolithography (detailed printing parameters
can be found in Publication I). For this study, two different designs of 3D
printed platforms were manufactured, including round dishes (diameter 35
mm, height 10 mm) for cell proliferation experiments under static conditions
(Fig. 4A) and 34 mm-long tapered microchannels featuring linearly decreasing
width (from 500 to 300 m) and height (from 1050 to 150 m) for cell
adhesion experiments under through-flow conditions (Fig. 4B). The 3D
printed microchannels were sealed with a PDMS lid. The PDMS lid was made
from Sylgard 184 elastomer, mixed with the curing agent in a ratio of 10 : 1 and
partially cured (ca. 50 min at 55 °C) to achieve a crosslinked PDMS layer with
a sticky surface to facilitate tight sealing of the relatively rough 3D printed
surface. To ensure that no oligomers leached out of the PDMS cover layer,
further curing was performed at 70 °C for 24 h after bonding, while
simultaneously applying an external weight on top of the bonded chip. Before
cell seeding, the 3D printed platforms were sterilized by rinsing with 70% (v/v)
ethanol for 30 min. Alternatively, the 3D printed platforms made of High
Temp and Dental SG were sterilized by autoclaving (saturated water steam,
121 °C, 2 bar, 15 min) using an HS6610 steam sterilizer. Clear and Dental LT
Clear materials were visibly cracked after autoclaving.
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Figure 4. Photographs and illustrations of 3D printed A) cell culture dish B)
microfluidic device. Schematic illustration and photograph of the microfluidic
set up. Reproduced from K. Piironen et al. 2020 with permission from the
Royal Society of Chemistry

4.4.2  OSTE Microfabrication
The OSTE microfabrication technique consisted of master fabrication, PDMS
mold preparation and OSTE UV replica molding or UV embossing. For this
study, two different designs of OSTE platform were manufactured: a round
surface (diameter 35 mm) for cell proliferation experiments under static
conditions (similar to Fig. 3A) and 30 mm-long tapered microchannels
featuring linearly decreasing width (from 4000 to 200 m, constant height of
200 m) for cell adhesion experiments under through-flow conditions and
bonded with PDMS similar to 3D printed channels (4.4.1). In addition, the
same overall OSTE microfabrication protocol was used to establish a
two-compartment microfluidic device for cell culture under controlled oxygen
levels (Chapter 4.4.2.4).

4.4.2.1 Fabrication of SU-8 Masters and PDMS Molds
The microfabrication masters were made by spin coating (1200 rpm, 30 s) of
SU-8 100 on a single side polished silicon wafer (Siegert Wafer GmbH,
Aachen, Germany) to yield a ca. 200 μm-thick layer. The SU-8 layer was
prebaked at 65 °C for 25 min and then at 95 °C for 90 min, exposed through a
plastic photomask (Micro Lithography Services Ltd, Chelmsford, UK) for 80 s
using a collimated UV light, and post-exposure baked at 65 °C for 12 min and
then at 95 °C for 40 minutes. Finally, the masters were developed in SU-8
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developer for 20 min, rinsed with isopropanol and dried with nitrogen gas.
The PDMS molds were prepared from PDMS which was mixed with the curing
agent in a ratio of 10:1 (w/w). The prepolymer was poured onto the SU-8
masters and cured at 70 °C for 3 h.

4.4.2.2 UV Casting of OSTE Platforms
In the UV casting process, the tetrathiol and triallyl monomers were mixed in
the desired stoichiometric ratio, poured on the PDMS mold, and cured for 5
min under UV (Dymax EC5000, Dymax Corporation, nominal intensity 225
mW/cm2) (Fig 5A). The cell compatibility of both resulting surfaces were
examined separately, i.e., the UV casted surface facing the PDMS mold and the
UV exposed surface facing the UV source during the curing step. The surface
was sterilized by rinsing with 70% ethanol for 15 minutes before cell seeding.

Figure 5. Schematic figure of the two different fabrication methods used
for OSTE A) UV casting B) UV embossing. © K. Piironen, 2022.

4.4.2.3 UV Embossing of OSTE Platforms
In the UV embossing process, the tetrathiol and triallyl monomers were mixed
in the desired stoichiometric ratio and poured on the PDMS support plate,
after which the PDMS mold was stamped onto the OSTE prepolymer followed
by curing of the OSTE layer for 5 min under UV (Dymax EC500) (Fig 5B). The
cell compatibility of both resulting surfaces were examined separately, i.e., the
UV casted surface facing down toward the PDMS support and the UV
embossed surface facing up toward the UV source during the curing step. The
surface was sterilized by rinsing with 70% ethanol for 15 minutes before cell
seeding.
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4.4.2.4 Fabrication of Two-Compartment OSTE Platforms
Two channels were designed for the hybrid device, one packed with
micropillars and one without pillars (empty channel). The upper channel
functioned as the biocompatible cell culture compartment and the lower
pillared channel as the oxygen scavenging compartment, with a thin PDMS
membrane in between allowing free flow of oxygen. Both channels had the
same outer dimension (30 × 4 × 0.2 mm), but the pillar channel had an array
of 14,580 micropillars (Ø 50 m with 100 μm interpillar distance) with a
surface area to volume ratio 30 mm 1 (691 mm2/23 mm3). The empty
(pillar-free) channel had a surface area to volume ratio of 5.5 mm-1

(132 mm2/24 mm3). The microfabrication process consisted of five steps: (i)
UV photolithography of the SU-8 masters for the top and bottom OSTE parts
similar to that described in 4.4.2.1, (ii) soft lithography of the PDMS mold for
the top and bottom OSTE parts, with the help of the SU-8 masters similar to
that described in 4.4.2.1, (iii) UV embossing or UV casting of the top and
bottom OSTE parts, respectively, (iv) fabrication of the PDMS membrane, and
(v) bonding of the hybrid device (Figure 6).
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Figure 6. A) Schematic figure of the fabrication protocol of two-
compartment PDMS-OSTE hybrid microfluidic device. B) Photograph of the
PDMS-OSTE hybrid device. C) Schematic illustration of the different layers
in the hybrid two-compartment device. ©K. Piironen, 2022.

To fabricate the PDMS membrane, a silicon wafer was spin coated with 1%
fluoropolymer (in Cytotonix) and baked at 180 °C for 15 min. Next, PDMS
prepolymer (10:1) was spincoated (12 s at 500 rpm, then for 1 min at 2500
rpm) on the fluoropolymer-coated silicon wafer and baked for 15 min at
150 °C, resulting in a ~20 μm-thick PDMS membrane (Figure 6). To
permanently bond the PDMS membrane between the two thiol-ene layers, the
PDMS membrane and lower layer were treated for 5 minutes with oxygen
plasma and then bonded together. The 5 min plasma treatment was repeated
for the PDMS/lower layer and the upper layer. The device was laminated
together by heating the chips for 5 mins at 80 °C (Figure 6A).  The device was
sterilized by flushing with 70% ethanol for 15 minutes before cell seeding.
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4.5 Cell Cultures

Four different cell types were used in this study. BALB/c mouse embryonic
fibroblasts (3T3) were used because this cell line is recommended for toxicity
testing by the European Reference Laboratory (Publications I-III). [139] The
Huh7 cell line was used to represent human hepatoma cells (Publication I).
Human induced pluripotent stem cell (hiPSC) IMR-90 line was used because
they have been shown to be sensitive to toxicity (Publication I & III). [180] The
cell compatibility of the oxygen control chip (4.4.2.4) was additionally
examined with IMR90-derived cardiomyocytes (Publication III). The cells
were cultured in a humidified atmosphere (37 °C, 5% CO2).

4.5.1  BALB-3T3
The BALB-3T3 cell line was maintained in Dulbecco's modified Eagle's
medium (DMEM) supplemented with 5% fetal bovine serum (FBS), 5% new
born calf serum (NBCS), 100 units/mL penicillin and 100 g mL 1

streptomycin (P/S). For passaging, BALB-3T3 cells were detached with 0.05%
trypsin-ethylenediamine tetraacetic acid (trypsin–EDTA) and re-plated at
1 : 10 of the original density.

4.5.2  Huh7
The Huh7 cell line was maintained in DMEM, 10% FBS, 1% non-essential
amino acids, and P/S. For passaging, Huh7 cells were detached with 0.05%
trypsin-EDTA and re-plated at 1 : 10 of the original density.

4.5.3  hiPSC
The hiPSCs (iPS(IMR90)-4) were maintained in Essential 8 medium (E8) in a
humidified atmosphere (37 °C, 5% CO2) on dishes coated with thin layer of
1 : 50 Matrigel in knockout DMEM as described previously. [181] For
passaging, hiPSCs were detached using Versene and re-plated at 1 : 15 in E8,
which was supplemented with 10 M Rho-associated, coiled-coil containing
protein kinase inhibitor (Y-27632) for the first 24 h after seeding.

4.5.4  hiPSC-derived Cardiomyocytes (hiPSC-CM)
hiPSC-CM were differentiated from iPS(IMR90)-4 cells. iPSCs were
maintained in E8 medium on commercial tissue culture polystyrene plates
coated with Matrigel (1:50). To derive cardiomyocytes from hiPSCs, the
differentiation protocol described by Burridge et al. (2014) was used. [181]
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After differentiation, cardiomyocytes were maintained in RPMI 1640
supplemented with B-27.

4.6 Cell Seeding and Growth on Microfabricated
Surfaces

Cell growth on the different microfabrication materials and differently
postprocessed surfaces was examined in the short-term (3D prints,
Publication I) and long-term (3D prints and OSTE polymers, Publications I &
II) using BALB-3T3 cells.

Short-term To test the daily growth rate, BALB-3T3 (100,000 cells per 3D
printed dish, seeding density 0.1×106 cells/cm2) were seeded in triplicate and
the total cell number per dish was calculated every 24 h for 6 days. To count
the cells, a 10 μL aliquot of the enzymatically detached cell suspension was
stained with Trypan Blue and counted with hemocytometer.

Long-term To assess long-term cell growth, BALB-3T3 (50,000 cells per 3D
printed dish, seeding density 0.05×106 cells/cm2) were seeded in triplicate. As
the doubling time of BALB-3T3 fibroblasts is ca. 21 h, the cells reach
confluence in a few days. Therefore, the cells were passaged and transferred
onto a new culture dish of the same type every 7 days to ensure that space did
not become the rate-limiting step. When passaging the cells, the total cell
number was counted and the cumulative population doubling level (cPDL)
was estimated using equation (1):= . (1)

where n is the population doubling number, F is the number of cells at the end
of one passage and I is the number of cells that were seeded at the beginning
of one passage. [182]

4.7 Histochemical Cell Staining

Cell proliferation rate was examined on 3D printed materials for BALB-3T3,
hiPSC and Huh7 in Publication I and on OSTE for BALB-3T3 in Publication II
using bromodeoxyuridine (BrdU) staining. Cell morphology was assessed for
hiPSC-CM (Publication III).

Cell proliferation rate was quantified with BrdU staining, using the
eBioscience BrdU staining kit for Flow Cytometry FITC. BALB-3T3, hiPSC and
Huh7 (50,000 cells per 3D printed dish, seeding density 0.05×106 cells/cm2)
were seeded in triplicate. The BrdU staining was performed according to the
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manufacturer’s instructions by incubating BrdU with the cells for 4 h to allow
BrdU incorporation into DNA. The cells were analyzed using BD Accuri C6
plus flow cytometry (300,000 events/sample) and FlowJo software.

Cell morphology was examined by culturing the hiPSC-CM (100,000 cells
per 3D printed dish, seeding density 0.1×106 cells/cm2) on differently
prepared OSTE surfaces for 24 h before fixing them with FIX & PERM Cell
Permeabilization Kit and staining with ActinGreen at room temperature for
30 min. Before imaging with Axio Vert.A1 microscope, the cells were washed
twice with PBS. Nuclei were counterstained with Hoechst.

4.8 Live Cell Staining

Cell viability was assessed with two separate live cell staining protocols, one
using a combination of three stains for viability, and one to assess apoptosis.
Viability staining was used in Publications I-III and apoptosis staining was
used in Publications I and II.

Cell viability was examined by culturing BALB-3T3 fibroblasts on different
3D printed devices (Publication I) or differently prepared OSTE surfaces
(Publication II) for 24 h by seeding 100,000 cells per dish (seeding density
0.1×106 cells/cm2). In Publication III cell viability was studied by culturing
BALB-3T3 or hiPSC-CM in the PDMS-OSTE hybrid device (2×106 cells/mL).
Staining (37 °C, 30 min) was done with calcein-AM (2 μM working solution),
PI and Hoechst 33342. Before imaging with Axio Vert.A1 microscope, the
samples were washed three times with 1xPBS.

Material-induced apoptosis. To assess whether the microfabrication
materials induced apoptosis, cells cultured on the different 3D printed
surfaces (BALB-3T3, Huh7 and hiPSC) or OSTE surfaces (BALB-3T3) were
detached and stained with annexin V Alexa Fluor™ 488 and PI at 37 C for
30 min, and then washed twice with PBS and analyzed by flow cytometry
(>300,000 cells/sample). The annexin V stains an apoptosis marker on the
cell membrane, whereas PI can only enter cells with compromised membrane
integrity, in late stages of apoptosis. On this basis, PI+/annexin V+ (double
positive) cells were concluded to be late apoptotic, PI-/annexin V+ cells early
apoptotic, and PI+/annexin V- cells necrotic, whereas total annexin V+
(regardless of PI staining) corresponded to the total apoptotic cell population.

4.9 Cell Adhesion Measurements

The cell adhesion strength under microfluidic flow was evaluated with
BALB-3T3 fibroblasts on a 3D printed material (Dental SG, Publication I) and
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on a UV-embossed OSTE surface (25 mol-% excess of thiols, Publication II)
using tapered microchannels. Linearly increasing shear stress was achieved by
applying a constant flow rate through the tapered microchannel. The BALB-
3T3 fibroblasts were seeded into the channel (3D printed and OSTE shear
gradient channels 2 x 106 cells/mL) and allowed to adhere for 4 h (3D printed
channels) or 80 minutes (OSTE channels). After the experiment, the cells were
stained with PI, calcein-AM (2 μg/mL), and Hoechst 33342 in the 3D printed
channel and with Hoechst 33342 in the OSTE channel to assess the impact of
shear stress on cell adhesion and viability. The fluorophore intensity in live
cells (Publication I) or cell nuclei (Publication II) was quantified from
micrographs taken with Axio Vert.A1 microscope every 1000 μm along the
channel.

4.10 Cell Culture Under Controlled Oxygen
Concentration in Two-Compartment OSTE Devices

The floor of the cell culture compartment (PDMS membrane) was coated with
0.2 mg/mL GelTrex for 1 h. Then cells were seeded in the coated upper channel
(2.5 x 106cells/mL, seeding density 0.021×106 cells/cm2). Seeding was done in
static conditions in the cell culture channel for 1.5 h (BALB-3T3) or 4 h (hiPSC-
CM), while ensuring hyperoxic environment by applying 10 μl/min flow rate
in the lower channel and thereby triggering oxygen diffusion from bottom to
top. During cell culturing, the oxygen concentration was kept at the desired
level in the cell compartment by controlling the flow rate in the oxygen
depletion unit, as described in the Results section. After culture, the cells were
stained with calcein-AM, Hoechst and PI for 30 min prior to imaging with Axio
Vert.A1 microscope.

4.11 Wettability

To assess the hydrophobicity of 3D printing material surfaces, a sessile drop
water contact angle (WCA) measurement was used. The WCA was measured
with an optical contact angle meter by placing three droplets of water (MilliQ)
on the surface and the data was analyzed using Attension Theta software
(Version 4.1.0).

4.12 Oxygen Measurement

Oxygen concentration inside the OSTE chip was studied with oxygen sensitive
fluorescent OXNANO nanoparticles loaded into the upper channel (Figure 7).
Before use, the particles were hydrated and diluted to 1 mg/ml concentration
in MilliQ water. The fluorescence signal from the particles was measured with
a Piccolo2 oxygen meter. The meter was calibrated with two-point calibration,
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at 0% (obtained by using glucose oxidase 0.1 mg mL 1 and glucose 10 mg mL 1)
and 100% oxygen in deionized water (corresponding to atmospheric oxygen
concentration ~18.6% in liquid phase at 37 °C [87]). Calibration and all
measurements were performed at 37 °C.

Figure 7. Schematic figure of the oxygen diffusion and measurement in
the oxygen depletion device. ©K. Piironen 2022
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5 RESULTS AND DISCUSSION

5.1 Cell Growth and Proliferation Rate as Indicators of
Polymer Biocompatibility

Elimination of material induced toxicity is the most important criteria for
introduction of a new fabrication material for microfluidic cell culture assays.
However, many materials have not been systematically studied in terms of
their material-cell interactions and toxicity associated with long-term
exposure. Here two different classes of fabrication polymers were studied,
including commercial 3D printing resins that are suited for stereolithography,
and custom formulations of OSTE polymers that are applicable for rapid
prototyping by different replica molding techniques. Both materials yield gas
impermeable microfluidic devices.

5.1.1  Biocompatibility of 3D Printing Resins
3D printing offers interesting new approaches to fast prototyping of
microfluidic devices. The four materials selected for this study were different
from their qualities as explained in 4.4.1 and required different post-printing
approaches to ensure their biocompatibility (Publication I). The material
biocompatibility was examined using long-term cell cultures, which are
necessary for OOC models. Firstly, the materials were tested without any
postprocessing. None of the materials supported cell growth without post-
printing steps (Figure 8A). When autoclaved, Dental SG and High Temp
supported long-term cell growth for up to 56 days (Figure 8B). Dental LT and
Clear showed visible breaking upon heating and thus were not autoclavable.
Dental SG and High Temp were further examined by quantifying the cell
proliferation with BrdU on weeks 4 and 8. The BrdU quantification supported
the conclusion derived from cPDL growth curves, that the cell growth rate was
unaffected by the two autoclavable 3D printing materials (Figure 8C). Further
examination of the materials’ effects on the survival of cells on the surfaces
was done by studying the apoptosis rate. Neither Dental SG nor High Temp
increased the size of early or late apoptotic cell populations compared to the
control during 7 weeks (Figures 8D and E). Autoclaving as a post-printing step
was thus concluded to be crucial to make the 3D printing materials
biocompatible.
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Figure 8. A) Total BALB-3T3 cell count over six days of cultivation on
control (plastic cell culture dish) and non-autoclaved (NA) 3D printed dishes.
Dental LT and Clear are not autoclavable at all, Dental SG and High Temp
were autoclaved for all other experiments. B) The cumulative population
doubling (cPDL) of BALB-3T3 cells over 56 days of cultivation on control,
autoclaved Dental SG and autoclaved High Temp. C) Quantification of the
proliferation rate based on BrdU staining after 4 and 8 weeks of 3T3 culture
on control, autoclaved Dental SG and autoclaved High Temp dishes. D) The
number of early apoptotic (annexin V single positive) and E) late apoptotic
(annexin V/PI double positive) BALB-3T3 cells cultured on control,
autoclaved Dental SG and autoclaved High temp for 3, 5, 6 and 7 weeks. All
results are presented as mean ± SD from three biological replicates. The
statistical analysis was performed with ANOVA followed by t-tests with
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Bonferroni’s correction (*p < 0.05, ns = not significant). Reproduced from
Publication I with permission from the Royal Society of Chemistry.

In addition to BALB-3T3 mouse fibroblasts, two human cell types were used
to evaluate the overall biocompatibility and confirm the suitability of Dental
SG for OOC applications. The two selected cell types were the human
hepatoma cell line Huh7 and hiPSCs derived from IRM-90, both chosen for
their suitability for drug research applications. hiPSCs have been shown to be
a sensitive cell type for toxicity studies and can reveal material toxicities with
a low threshold. [180]
The Huh7 cell line showed no difference in either BrdU incorporation or
apoptosis staining when compared to the control (Figure 9A—C). hiPSCs
showed a modest decrease in the number of proliferating cells compared to the
control (Figure 9D), but no difference in the number of early apoptotic cells.
However, the size of the late apoptotic cell population was even lower on the
Dental SG surface than on the PS control surface (Figure 9F). The measured
apparent water contact angle of Dental SG is higher (99.5 ± 1.1°) than that
reported for the control polystyrene dish (~80°). Cell proliferation is impacted
by the adhesion strength of the cells to the surface, hence the difference in the
hydrophilicities of the Dental SG and control surfaces could explain the
difference observed in the BrdU quantification. The commercial polystyrene
cell culture dishes are modified to be slightly hydrophilic and thus adsorb more
of the ECM coating proteins on the surface, providing good adhesion
properties for hiPSC.
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Figure 9. A) Quantification of the proliferation rate of Huh7 cells based on
BrdU staining, and the number of B) early apoptotic (annexin V single
positive) and C) late apoptotic (annexin V/PI double positive) Huh7 cells
cultured on autoclaved Dental SG for one week. D) Quantification of the
proliferation rate of hiPSCs based on BrdU staining and the number of E)
early apoptotic and F) late apoptotic hiPSCs cultured on Dental SG for one
week. All results are presented as mean ± SD from three technical repeats for
each cell type, and compared to control i.e., cells grown on polystyrene cell
culture dishes. The statistical analysis was performed with Student's t-test
(*p < 0.05, ns = not significant). Reproduced from Publication I with
permission from the Royal Society of Chemistry

5.1.2  Biocompatibility of OSTE Surfaces
Many polymers are toxic to cells due to leaching of monomers or
photoinitiators from the bulk. [116] Thiol-enes can be polymerized without
photoinitiators to avoid their toxic effects, which was the approach used in this
study. Here we systematically studied how the OSTE composition
(stoichiometric, +25 mol-% or +50 mol-% excess of thiol monomer), the
fabrication method (UV casting vs. UV embossing) and the post-processing
method (overnight heat treatment) affects cell survival on OSTE surfaces.

On UV casted thiol-rich OSTE surfaces, long-term (56 days) cell survival
was achieved only on the UV exposed and UV embossed surfaces (Figure 10A
and B). BALB-3T3 fibroblasts did not survive on the non-treated UV casted
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surfaces (neither stoichiometric nor off-stoichiometric) (Figure 10 C, D & E),
suggesting that the uncrosslinked monomers leaching from the bulk of the
material could cause rapid cell death. In the earlier studies, heat-treatment has
been reported to decrease the leaching of excess thiol monomers [120] and
improve cell survival [118], therefore heating at two temperatures (110 °C and
130 °C) was studied. Overnight heat treatment improved the long-term cell
survival on 25 mol % excess UV casted surfaces and supported cell growth up
to 56 days (Figure 10F). However, increasing the excess of thiols (from 25 to
50 mol %) decreased cell survival, and impaired proliferation after 21 days of
cultivation even on the heat-treated UV casted surfaces (Figure 10G).

Figure 10. cPDL curves of BALB-3T3 cells on differently microfabricated
OSTE surfaces. The proliferation rate of BALB-3T3 cells grown on: A) UV
exposed; B) 25 mol-% excess thiol, UV embossed surface; C) 25 mol-% excess
thiol,  UV casted; D) 50 mol % excess thiol surface, UV casted; E)
stoichiometric surface, UV casted F) 25 mol-% excess thiol surface, UV casted,
overnight 110 °C heat-treated and 25 mol-% excess thiol surface, UV casted,
overnight 130 °C heat-treated; E) 50 mol-% excess thiol surface, UV casted,
overnight 110 °C heat-treated. All curves represent three technical replicates.

Apoptosis caused by free thiol monomers
In order to study if the decrease in cell growth was due to apoptosis or necrosis
caused by the monomers leaching from the bulk, free thiol and allyl monomers
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were dissolved in dimethyl sulfoxide (DMSO) and added to the culture
medium (final DMSO concentration 1% v/v) of conventionally cultured cells
(on control Petri dishes). After 24h exposure, the cells were stained with
annexin V and PI. Necrosis was evident in BALB-3T3 fibroblasts treated with
0.01% (p<0.001) and 0.00001% (p<0.05) thiol (Figure 11 A-C). High doses
(0.01 and 0.001%) also induced apoptosis when compared to the solvent
control (Figure 11 A & C). In contrast, the allyl monomers did not induce
apoptosis at any tested concentration (Figure 11D & F), although a slight
increase in necrosis was detected with the lowest concentration (0.00001%) of
allyl monomer (Figure 11E), although this result could be due to an
experimental artefact. These results suggest that the thiol monomers, but not
allyl monomers, leaching from the bulk of OSTE, are the likely cause of the
adverse effects on the cells cultured on UV casted OSTE surfaces.

Figure 11. BALB-3T3 fibroblasts treated for 24 hours with dissolved thiol
and allyl monomers in medium (1% v/v DMSO). The effects of thiol (A-C) and
allyl (D-F) monomers on A&D) annexin V single positive stained, B&E) PI
single positive stained and C&F) annexin V and PI double positive stained
cells. For controls complete medium and solvent (1% DMSO, v/v) were used.
*p<0.05, **p<0.01, ***p<0.001, ns=not significant. Error bars represent
standard error of the mean from three technical replicates.

5.1.3  Discussion of Biocompatibility Data

The static long-term testing of the polymers’ both 3D printing materials and
OSTEs, biocompatibility provide information of the survival of cells directly
on the material surface without any intermediate layer disturbing or
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restricting the impacts of the chemical toxicants leaching from bulk of the
material. However, the static methods do not take into account of the cell
adhesion strength and its impact on cell survival on the material’s surface. The
cell adhesion was therefore additionally studied in the section 5.2, as low
adhesion can cause detachment from the surface and possibly cell death.
The mechanistic basis of the toxic impacts of 3D printing materials on cells are
difficult to study because they are commercial, proprietary products. However,
the specific compounds leaching from the bulk materials, could be further
studied and identified with, e.g., high performance liquid chromatography
mass spectrometry (HPLC-MS) method. To remove the possible different
chemical toxicants from the material bulk by solvent incubation is not feasible
as the 3D printing materials are not compatible with other solvents that
isopropanol, and prolonged washing in isopropanol can cause changes in the
mechanistic properties of the material. The possible chemical toxicants
leaching from the Formlabs 3D printing materials and other commonly used
3D printing materials was studied by Venzac et al. (2021) by several different
methods such as raman spectroscopy, mass spectrometry and nuclear
magnetic resonance (NMR) analysis. [183] They identified the leaching
compounds to be phosphine oxide-based photo-initiators and small amount
of methacrylate monomers. [183] Especially, the photo-initiators are known
to be toxic to cells. [104] In the same study, it was shown that the amount of
leaching chemical compounds can be reduced by heating the polymer to 120
°C. [183] These findings by Venzac et al. (2021) could explain the toxicity of
non-autoclaved materials in this study and emphasize the importance of
postpocessing, such as heating, for removing the chemical toxicants from the
bulk.
In case of OSTE polymers, UV curing without photoinitiators may lead to
incomplete crosslinking, and thus leaching, of the monomers even in
stoichiometric compositions. The crosslinking is typically lower on the surface
furthest from the UV light source and thus, the surfaces against the PDMS
mold (during the UV casting) tend to have lower degree of crosslinking than
the surfaces pointing toward the UV source. However, this does not affect the
mechanical properties of the surfaces. Thiol-enes have been shown to leach
monomers from the bulk of the OSTE material [119], but the degree of leaching
is dependent on composition and fabrication method. An earlier study by
Ejserholm et al. (2015) showed that thiol-enes may cause toxicity, but the
effect could be avoided by overnight heat treatment of the polymer. [119]
Results of this study further supported the hypothesis that toxicity is related
to the leaching thiol monomers (the presence of which has been previously
confirmed by titration with the Elman’s reagent [127]). In contrast to the UV
casted surfaces, the UV embossed surfaces supported cell survival and
proliferation. Thus, it can be concluded that UV embossing enables replication
of cell-compatible OSTE microstructures, which could ensure their utility in
cell-based applications.
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5.2 Cell Adhesion on Polymer Surfaces

As described in chapter 2.3, the surface of the fabrication material should be
moderately hydrophilic to facilitate cell adhesion to the surface. [147] Cell
adhesion to the materials selected for this study has not been examined so far
and the tolerated shear forces of cells adhered to these surfaces are not known.
Our WCA measurements showed that the surface of autoclaved Dental SG is
moderately hydrophobic (99.5±1.1°), which may decrease the cell adhesion
strength on these surfaces. In contrast, the OSTE surfaces are moderately
hydrophilic (75–80° depending on the exposure [184]) but the thiol groups are
uncharged, which slows protein adsorption compared to the commercial
PS-based tissue culture platforms that are negatively charged and therefore
enhance the adsorption of positively-charged proteins which facilitate cell
adhesion. [185] To measure the cell adhesion strength under flow conditions,
specific shear force gradient test devices were designed to be able to determine
the threshold shear values for cell adhesion on the most cell compatible
materials, Dental SG (Publication I) and the UV-embossed OSTE surfaces
(Publication II).

5.2.1  Cell Adhesion on 3D Printing Materials

To study the adhesion strength of BALB-3T3 fibroblasts to the Dental SG 3D
printing material, we designed a microfluidic device that was tilted and
tapered (height 1050  150 m, width 500  300 m), causing a shear force
gradient within one channel, the scale of which could be controlled by simply
changing the flow rate. The lid of the shear force device was made from PDMS
to ensure oxygen availability in the channel during the cell adhesion time and
to provide an optically clear layer for later microscopic analyses of the cells
inside the device. The dimensions of the channel were designed to the smallest
possible printable features achievable with the Form II printer. The adhesion
strength was tested with two different flow rates to achieve a fine and a coarse
gradient of shear forces. At 150 μL/min, the resulting shear force gradient was
0.22–22 dyne/cm2 (calculated value) and at 600 μL/min, 1–89 dyne/cm2

(calculated value). For the bonding to withstand the back pressure created by
the high flow rates, the device was enclosed in a custom-made 3D printed
holder (Figure 12). When using the coarse gradient (600 L/min), the shear
stress resulted in detachment of the BALB-3T3 cells with a threshold at ca. 
7–8 dyne/cm2 (Figure 12A and B). By lowering the flow rate to 150 L min 1,
the resulting finer shear force gradient (0.22–22 dyne/cm2) enabled a more
detailed study of cell adhesion in the critical range and suggested loss of
adhesion at lower shear force values, with threshold at ca.  3 dyne/cm2

(Figure 12C and D).
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Figure 12  Microfluidic setup for creating the on-chip shear force gradient.
Fluorescence images of 3T3 cells seeded (2 × 106 cells/mL, 4 h) in a 3D printed
Dental SG channel and stained with Hoechst (all nuclei), calcein-AM (live
cells), and PI (dead cells) after application of a constant flow rate of (A) 150

L min 1 or (C) 600 L min 1 for 15 min. Scale bars are 100 m. The
fluorescence intensity graphs (B and D) below the fluorescent images
represent the impact of shear force on the number of live cells (based on
calcein-AM staining) along the channel. Reproduced from Publication I with
permission from the Royal Society of Chemistry.
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5.2.2  Cell Adhesion on OSTE Polymers
To confirm the biocompatibility of OSTE surfaces, the cell (BALB-3T3)
morphology was used as an indicator of cell health. Actin staining was used to
observe the morphology of the cells on differently prepared OSTE surfaces in
comparison to control (PS), including UV exposed, UV embossed and UV cast
surfaces (Figure 13A). The staining supported the growth curve results that the
UV exposed and UV embossed surfaces facilitate cell adhesion on the surfaces,
and that the cells did not adhere nor survive on UV casted surface (Figure 13A).
To further assess cell adhesion to UV-embossed thiol-rich OSTE, a similarly
tapering shear force gradient channel (width 4000–200 μm, height 200 μm
and length 30 mm) was designed. The scale of the shear force within the
channel was varied between experiments by changing flow rates, in this case
300 μL/min (1.35–27 dyne/cm2) to achieve a coarse gradient and 100 μL/min
(0.45–9 dyne/cm2) for a finer gradient. At 300 μL/min flow rate (coarse
gradient), the BALB-3T3 cells detached from the OSTE surface at shear forces
~7 dyne/cm2 (Figure 13B). This value correlates with our previous study of cell
adhesion strength to untreated 3D printed polymer surfaces (Publication I).
At 100 μL/min, however, the cells detached at around 2 dyne/cm2

(Figure 13C), which is lower than reported in the literature for other materials
[186,187] and commercial platforms.
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Figure 13. A) Bright field, actin 488 and Hoechst micrographs of 3T3
fibroblasts grown on control, OSTE UV exposed, OSTE UV embossed amd
OSTE UV cast surfaces. Scale bar 50 μm B) Total number of BALB-3T3
fibroblasts in the shear force gradient channel at a flow rate of 300 μL/min.
Error bars represent standard error of the mean from three biological
replicates. C) Total number of BALB-3T3 fibroblasts in the shear force
gradient channel at a flow rate of 100 L/min. Error bars represent standard
error of the mean from three biological replicates.

5.2.3  Discussion of Cell Adhesion Data
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Traditional (non-microfluidic) approaches for measuring the cell attachment
forces through detachment include cytodetachment methods (uses atomic
force microscopy) [188], micropipette aspiration technique [189], single cell
force spectroscopy (SCFS) [190], biomembrane force probe [191] and optical
tweezers [192]. These listed methods measure only single cells and do not take
into account the additional cell-cell adhesion forces, same as microfluidic
approaches that measure the total adhesion forces. Furthermore, exposing
some types of cells to continuous shear stress for longer time can increase their
adhesion strength on the material surface through increased focal adhesion
sites. [193] Overall, whether the addition of fluidic flow benefits the cell culture
or not, depends highly on the cell type, as some cell types do not benefit of
shear forces such as neuronal cells and cardiomyocytes do not benefit from
shear forces, but endothelial and epithelial cells benefit highly of shear forces.
The values measured in this study are at the low end of the shear force
(threshold) values reported for microfluidic devices in the literature (varying
between 4–300 dyne/cm2). [186,187] An explanation for the relatively weak
adhesion of BALB-3T3 to the Dental SG surface could be the moderate
hydrophobicity of Dental SG after autoclaving (99.5±1.1°), which is somewhat
high compared to reported WCAs of many other OOC fabrication materials.
[194] The moderate hydrophobicity could cause weak adsorption of
extracellular proteins to the surface and cause thus the weak cell adhesion,
which could then further lead to hampered cell spreading or migration, both
of which could lead to the negative impact on proliferation observed. [195] The
extent of the protein adsorption to the surface could be studies with X-ray
photoelectron spectroscopy.
 These results show that the adhesion strength of cells to the untreated OSTE
polymer surface is weak compared to the 3D printing material result
(Publication I), although the incubation time for cell adhesion was relatively
short (80 mins). This short incubation time was due to the gas impermeability
of OSTE. A longer incubation time without flow would lead to the cells
consuming oxygen from the channel, causing hypoxia. Given the relatively
short incubation period, it could be concluded that the OSTE surfaces
facilitated fast enough cell adhesion with a view to seeding in oxygen-restricted
environment. It is possible that a longer incubation time in an oxygenated
environment would promote stronger cell adhesion, but in this study, the focus
was on setting up cell cultures in gas-impermeable microdevices. Moreover,
OSTE polymers offer an opportunity to modify the surface by adjusting the
bulk composition, and thereby the free thiol (or allyl) groups on the surface,
which could further enhance cell adhesion by enabling versatile surface
modifications. Further studies to investigate the effects of surface modification
on cell adhesion on OSTE were however beyond the scope of this study.
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5.3 Oxygen Control in Two-compartment OSTE Devices

To study the feasibility of using material-facilitated oxygen scavenging
associated with thiol-rich OSTE polymers to control the oxygen concentration
on chip, a stacked two-compartment thiol-ene microfluidic device was
designed to allow intricate control of the oxygen concentration in the cellular
microenvironment in the cell culture channel (Figure 6). The OSTE-PDMS
hybrid microfluidic chip has a PDMS membrane separating the cell culture
channel from the oxygen control channel. Separate fluid control in the two
channels enables versatile flow control, and the PDMS membrane facilitates
free diffusion of oxygen between the two channels. A micropillar array (total
of 14,580 pillars, Ø 50 μm) was adapted from earlier work to increase the
surface area and thus increase the amount of leaching thiols and the oxygen
scavenging rate in the bottom channel.  The cell culture channel was UV
embossed to make it cell compatible whereas the oxygen scavenging channel
was UV casted to ensure maximum oxygen scavenging properties. [112] The
important role of PDMS is to prevent the migration of toxic monomers from
the oxygen scavenging unit to the cell culture channel, but simultaneously
allowing free diffusion of oxygen across the membrane during cell seeding and
culture.

5.3.1  Establishing Oxygen Control on-chip

The oxygen partial pressure in the cell compartment of the OSTE-PDMS chip
was first quantified without cells to determine the oxygen depletion rate from
the outlet end of the channel (Figures 14A and B). First the cell seeding
conditions were studied. During cell seeding, no fluid flow can be introduced
to the culture compartment; thus, the oxygen must be controlled by feeding
fresh solution to the lower compartment for a period of time necessary for cell
attachment (which varies depending on the cell type). With flow rates

5 μL/min, the oxygen saturation was maintained at 100% for 50 min and
kept stable (Figure 14D). At lower flow rates, the oxygen saturation started to
decrease (Figure 14D). After optimization of the cell seeding conditions, the
oxygen depletion rate in the upper compartment was examined at different
flow rates (in the oxygen depletion unit) to determine the rate required for
normoxic conditions for cell culture (Table 5). When changing the oxygen
concentration in the cell culture microenvironment, the rate at which the
concentration change happens should be considered. When oxygen
concentration changes too drastically over a short time period, cells can suffer
from ischemia-like effects. Completely stationary conditions were compared
to conditions in which a low flow rate was introduced only to the upper channel
(1.25 μL/min) and then to conditions in which a low flow rate was introduced
to both the upper and lower channels (upper channel 1.25 μL/min and lower
channel 125 nL/min). Interestingly, the fastest oxygen depletion rate was
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observed with low flow rates in both channels and the slowest in completely
stationary conditions (Figure 14 E).

Figure 14. A) Schematic representation of the oxygen partial pressure
measurement in the OSTE device at 37 °C. B) Schematic representation of the
experimental setup in the device. C) Photograph of the setup. D) Oxygen
saturation in the upper channel when flow rate in the upper channel was
0 μL/min and the flow rate varied in the lower channel. E) Oxygen saturation
in the upper channel when the flow rate varied in both channels. In every
experiment the channel was reoxygenated using a 20 μL/min flow rate.
Three technical replicates. The table shows oxygen depletion rates with
different flow rates in the upper channel when flow rates were varied, and
the reoxygenation rates when a 20 μL/min flow rate was applied to the lower
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channel. n=3 F) Normoxic conditions were maintained for 24 h by 1.25
μL/min flow rate in the upper channel and 125 L/min in the lower channel.
n=3 G) Recreation of ischemic shock on chip. Flow stopped at 60 min
(indicated with red line) and reintroduced at 120 min (indicated with green
line). Error bars represent standard error of the mean from three technical
replicates.

In the cell microenvironment in vivo, the normoxic range is 4–9% oxygen,
which is therefore the desirable oxygen concentration for the in vitro cell
assays. Lowering the oxygen concertation further can cause ischemic shock to
cells. The oxygen depletion and stability of the oxygen concentration inside the
upper channel of the OSTE chip was studied for 24 h. After 2 h, the oxygen
concentration had stabilized with flow rates of 1.25 μL/min in the upper
channel and 125 nL/min in the lower channel and stayed stable for at least 24
h (Figure 14F). After 24 h, the culture channel was reoxygenated by applying
a high flow rate of 20 μL/min below the PDMS membrane (Figure 14F).

Next, an oxygen gradient mimicking myocardial infraction was produced.
In this case, the same flow rates as in the previous experiment (upper channel
1.25 μL/min, lower channel 125 nL/min) were used to reach normoxic
conditions. After 60 min, the flow was stopped in both channels for another
60 min to further lower the oxygen concentration (mimicking myocardial
infarction) and then restored to the same level as in the beginning of the
experiment to reach the normoxic range. After stabilizing to the normoxic
range, the cell culture channel was reoxygenated back to hyperoxic conditions
using a 20 μL/min flow rate. When the flow was stopped after stabilizing to
the normoxic range, the oxygen saturation dropped during the stationary
conditions to 15% (equivalent to 3.15% in ambient air) (Figure 14G). After
reintroducing the flow, it took 120 minutes to return to the normoxic range,
and the reoxygenation at a 20 μL/min flow rate took 20 min (Figure 14G).
These results show that precise control of oxygen saturation is possible within
the two-compartment OSTE-PDMS hybrid device, by simply controlling the
fluid flow rates appropriately.

5.3.2  BALB-3T3 Culture Under Controlled Oxygen Level
Publication II showed that the UV embossed OSTE surface is biocompatible
and supports long-term cell proliferation, thus facilitating the fabrication of a
gas-impermeable channel on top of the cell culture. In the hybrid OSTE-PDMS
chip design, the cells are grown on PDMS, which is hydrophobic and known to
have unstable surface properties, which often impair cell adhesion. Thus, the
PDMS surface required protein coating to support cell attachment and growth.
In this study, the PDMS surface was coated with the commercial ECM
formulation GelTrex, and the coating procedure was first optimized with
respect to both GelTrex concentration (0.1–0.2 mg/mL) and cell seeding time
(30 min vs. 1h) using BALB-3T3 fibroblasts. The 30 min cell seeding time was
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inadequate to support cell attachment and growth at all tested GelTrex
concentrations (Figure 15A). However, with 1 hour seeding time, the cell
attachment was good at all concentrations tested (Figure 15A). To ensure the
best possible support for both cell attachment and growth, the highest
concentration of 0.2 mg/mL GelTrex and 1 hour seeding time was used in later
assays (Figure 15A).



67

Figure 15. A) Impact of GelTrex (commercial extracellular matrix) coating
on BALB-3T3 fibroblast adhesion to the PDMS membrane. B) Schematic
representation of the chip set up. C) Live/dead cell staining with calcein-AM
(live cells), Hoechst (nuclei) and PI (dead cells) after 24 h incubation of BALB-
3T3 fibroblasts in the upper compartment of the two-compartment OSTE
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device with flow rate of 1.25 μL/min in the upper compartment and 125
nl/min in the lower compartment. The micrographs were taken along the
channel.

When the coating of PDMS was optimized, cell survival inside the
two-compartment device was studied using BALB-3T3 fibroblasts. The cells
were seeded in the upper compartment and the device was placed in an
incubator (Figure B).  The flow rate used (upper channel 1.25 μL/min, lower
channel 125 nL/min) provided an oxygen concentration close to the outlet that
was in the range of normoxic for the cells (Table 6), that should be beneficial
to the cells when compared with the traditional hyperoxic culture
environment. The impact of the oxygen concentration on the cell viability was
studied with live/dead cell stain after 24 h of culturing the cells under an
oxygen gradient yielding normoxic conditions at the chip outlet (Table 5). The
staining shows that the BALB-3T3 fibroblasts survive in the upper
compartment in the normoxic concentration range (Figure 15).

Table 5. Flow rates used in the two-compartment PDMS-OSTE hybrid
device to achieve normoxia or hyperoxia.

Experiment Cell seeding Cell attachment Normoxic
Compartment Upper Lower Upper Lower Upper Lower
BALB-3T3
normoxia

0 μl/min
30 min

10 μl/min
30 min

- - 1.25 μl/min
24 h

125 nl/min
24 h

hiPSC-CM
hyperoxia

0 μl/min
4 h

10 μl/min
4 h

1.25 μl/min
24 h

10 μl/min
24 h

- -

hiPSC-CM
normoxia

0 μl/min
4 h

10 μl/min
4 h

1.25 μl/min
24 h

10 μl/min
24 h

1.25 μl/min
24 h

125 nl/min
24 h

5.3.3  Cardiomyocyte Culturing Under Controlled Oxygen Level
Traditionally, the effect of oxygen concentration on cardiomyocyte function is
studied by using gas-controlled hypoxia chambers that are characterized by
slow response time to the changing oxygen concentration in the cellular
microenvironment. Due to the small dimensions of microfabricated devices,
they allow faster control of the oxygen concentration in the microenvironment.
The OSTE-PDMS hybrid device developed in this study allows not only
maintenance of a normoxic environment, but also fast control of the oxygen
concentration within the device. To ensure the survival of hiPSC-CM on the
GelTrex coated PDMS membrane, their viability was first compared between
the coated PDMS membrane and a commercial Petri dish (control) with
non-coated PDMS membrane as the negative control. The attached hiPSC-CM
survived on the coated PDMS membrane similarly to the coated control Petri
dish (Figure 16A). As expected, the hiPSC-CM could not adhere to the
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non-coated PDMS membrane, but rather adhered to each other forming
spheroid like structures (Figure 16A).

Figure 16. A) CM-hiPSC survival on PDMS membrane studied with
live/dead cells staining after 24 h. B) Cell survival after 24 h of hyperoxic
culture in the OSTE device. C) Survival of CM-hiPSC after 48 h in the device
with first the 24 h at 1.25 μL/min flow rate in the upper channel and 10
μL/min in the lower channel, and the second 24 h with the upper channel flow
rate maintained and the lower channel rate reduced to 125 nL/min.

The hiPSC-CM survival inside the two-compartment OSTE device was studied
in hyperoxic conditions with flow rates of 1.25 μL/min in the upper channel
and 10 μL/min in the lower channel, ensuring sufficient supply of oxygen to
the upper cell culture compartment through the PDMS, for 24 h. Live/dead
staining showed that hiPSC-CM adhere and survive in the upper compartment
even in hyperoxic conditions (Figure 16B). The experiment was then repeated,
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decreasing the oxygen concentration to the normoxic range after cell seeding
and an initial 24 h of culture in hyperoxic conditions (Table 5). The hiPSC-CM
remained attached and survived inside the device under an oxygen gradient
yielding normoxic conditions at the chip outlet (Figure 16C).

5.3.4  Benefits and Limitations of the Assay Design Used for On-Chip
Oxygen Control

Some efforts to control oxygen in microfluidic devices for OOC applications
using PDMS microchannels, either by placing them inside hypoxia chambers
[96] or with the help of oxygen scavenging chemicals [102]. The set default in
these chambers is the slow exchange of gasses and lack of spatial control over
oxygen concentration. [96] In the OSTE-PDMS channel presented in this
study, the microfluidic flow control allow faster control of oxygen levels in the
cell culture unit compared to the bulky hypoxia chambers, where gasses are
slower exchanged in the big volume chamber. Similar approach of membrane
separated channel was used by Barmaki et al (2020) using oxygen scavengers
added to the fluid. [102] Similar to this study, the work by Barmaki et al.
(2020) showed fast oxygen depletion from the cell culture unit but required
the flushing out of the oxgen scavenger. [102]

In this study, only the oxygen depletion rate without cells was measured,
whereas the oxygen consumption by the cells was estimated on the basis of
previous literature. Thus, further studies to determine the exact oxygen
concentration in the channel when cells are present. This rate should be
determined for the cell type to be used, as different cell types have different
the oxygen consumption rates. For example, the oxygen consumption rate of
BALB-3T3 is 45.7±9.7 pmol s-1 per 106 cells [196] and of hiPSC-CM  0.71±0.38
pmol h-1 per cell-1 [197]. These earlier studies can be used as the starting point
to determine the overall rate of oxygen depletion in the OSTE-PDMS channel
when cells are present.

Last but not least, introducing on-chip oxygen control on cardiomyocyte
cultures inevitable requires application of through-flow, which creates shear
stress to the cell culture. Similar shear forces are not present in the heart in
vivo and may impact the cardiomyocytes’ phenotype, especially in long-term
assays. In the chip design used in this study, the shear force in the cell culture
unit, with the flow rate of 1.25 μL/min is ca. 0.11 dyne/cm2 (when medium
with FBS has viscosity of 0.00072 Pa.s), and thus, it likely  has negligible effect
on the cardiomyocytes. The low flow rate in the cell culture unit, however,
provides the needed nutrients for the cardiomyocytes and is therefore critical
to improving cell wellbeing. Nevertheless, the long-term impact of the shear
stress on cardiomyocyte phenotype should be studied.
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6  Summary and Conclusions

Preclinical drug research requires new in vitro methods to improve the
in vitro-in vivo correlation of traditional cell culture methods that have been
shown to be inadequate with respect to recapitulating biological complexity.
Organ-on-chip applications are promising methods to complement
conventional in vitro cell cultures. However, the materials used for fabrication
of these devices are often not thoroughly studied for their cell compatibility.
The adverse effects of fabrication materials should be known when designing
devices and assay setups and selecting the material for each OOC device.
Common way to study biocompatibility of fabrication materials is to stain cells
grown in the devices for short time e.g., 24h, which shows that cells survive in
the device but does not tell whether cell proliferation is impaired. In this thesis
materials were characterized in-depth and long-term biocompatibility was
addressed with cell proliferation to study the cumulative toxic effects of trace
level contaminant on the materials biocompatibility. When considering the
material biocompatibility for microfluidic applications, cell adhesion plays a
crucial role. Fluid flow applies shear stress to cells, which has been shown to
be beneficial for multiple mammalian cell types. The shear stress causes
detachment of cells from the material surface if the material does not support
strong enough cell adhesion.
In Publication I, the biocompatibility of four different commercially available
3D printing materials were studied.  Although one of the 3D printing materials
(Dental LT) adheres to ISO 10993 standard for medical devices, it was not
biocompatible (inert) according to the results obtained from cell proliferation
studies. The ISO 10993 standard allows indirect cell culture (i.e., a layer of agar
on the material surface) and the required culture time is only 24 h. Dental LT
failed to support long-term cell growth directly on the untreated material. It
should be considered that ISO 10993 certified materials might not be optimal
for fabrication of OOC applications, which require cell culture on the material
surface without an additional insulating layer. Only autoclaving, which heats
the material to high temperature at high pressure, was an adequate
post-processing step to make the material biologically inert and suitable for
cell culturing on the bare (noncoated) surface of Dental SG and HighTemp.
This result was confirmed for three cell types. In addition, Dental SG was
characterized for its cell adhesion strength under microfluidic flow using
BALB-3T3 cells. Overall, the adhesion strength was low on the base Dental SG
surface, which may be due to the autoclaving process that makes the surface
inert and hydrophobic and thereby possibly reduces the adsorption of
extracellular proteins. The postprocessing approaches may therefore need
further development if the end application requires high shear stresses.

In addition to 3D printed materials, custom OSTE compositions show great
promise as fabrication material for microfluidic applications and their
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biocompatibility was therefore addressed in Publication II. However, when
applying thiol and allyl monomers in off-stoichiometric ratios, it is inevitable
that uncrosslinked monomers remain in the bulk. This systematic study found
that these monomers evidently leach from the bulk to the cell cultures and
cause adverse effects in cells, which were mostly associated with the thiol (but
not the allyl) monomers. The rate of monomer leaching can however be
controlled by choosing a suitable microfabrication method for the end
application. Previous studies have hypothesized that the concentration of
uncrosslinked monomers is lower next to the surface that was closest to the
UV source, compared to the opposite surface against the mold (in a UV casting
protocol). The findings of this thesis support this hypothesis and confirm that
the more quantitatively crosslinked surface is also more biocompatible and
better supports the cell cultures, due to the low degree of leaching monomers
from the bulk. Regarding cell adhesion on OSTE surfaces, it was hypothesized
that the free thiol groups on thiol-rich OSTE could potentially promote
adsorption of extracellular proteins to the surface and thereby improve cell
adhesion. Our studies demonstrated that the OSTE surface supports relatively
fast (80 min) cell adhesion to the surface (qualitative observation), but
contrary to expectations, the cell adhesion strength was not particularly high
compared with, e.g., the 3D printed surfaces. Longer seeding times may
promote more extracellular protein adsorption to the surface and thus
improve the cell adhesion strength.

In Publication III, the results of Publication II were applied to fabricate a
novel two-compartment OSTE-PDMS hybrid device, in which the oxygen
saturation level could be controlled by integrating an oxygen depletion unit on
chip. This facilitated control of oxygen concentration by simply adjusting the
flow rate. Both BALB-3T3 and hiPSC-CMs survived inside the device under an
oxygen concentration gradient yielding normoxic conditions at the chip outlet.
These results show promise for the device to be used as an in vitro model of
myocardial infraction, but also for studying the effect of oxygen concentration
on cardiomyocyte maturation.

In conclusion, Publications I and II show that studies on the
biocompatibility of fabrication materials are necessary and provide important
information when considering the design of a new microfluidic cell culture
device. Material selection in OOC field has focused on the use of
gas-permeable PDMS as the main fabrication material, but alternative
materials are necessary, especially for achieving sub-atmospheric oxygen
concentrations on chip without the need for hypoxia chambers. In this regard,
the OSTE polymers offer unique properties for oxygen control (as
demonstrated in Publication III) that can be combined with other
microenvironmental cues, such as tunable stiffness/rigidity. 3D printing
materials, on the other hand, enable fabrication of more complex 3D
structures than the traditional planar fabrication methods.
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