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1. Chapter 1 

Instructing cell differentiation in organ-on-chip 

devices through microarchitecture and 

supported lipid bilayers 

Abstract 

To realistically model a specific tissue or organ in vitro, it is key to create a cellular 

environment that is very close to the one found in vivo. When cells in a model are 

exposed to similar environmental triggers as they are in vivo, the cells can 

differentiate or mature into relevant cell types, and they can be triggered to organize 

themselves into a 3D network, reminiscent of an organ. Current literature states that 

an arrangement of cells that is similar to the in vivo organization results in more 

realistic cell responses in the in vitro models than when the cells are grown in a 2D 

cell culture. Physical and chemical cues can be incorporated to achieve cell culture 

models that mimic more closely the in vivo environment. The coating on, the 

stiffness of and the microstructure of the substrate on which the cells are deposited 

are instrumental to instruct cell differentiation of stem cells towards the desired cell 

types. Optimization of physical and chemical cues leads to better cellular network 

formation, which is the subject of the research described in this thesis. In this 

chapter, an overview is given of the possibilities of how microarchitecture and 

molecular coatings can be used to create a more realistic microenvironment in 3D 

cell culture models of tissues and organs.
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1.1. Introduction 

The development of complex multicellular organisms from a single fertilized cell is a 

highly organized process. This process is key in the phase of embryogenesis and 

continues to play a role throughout the entire lifespan of an organism, as even adults 

still have several stem cells available. Most notable are mesenchymal stem cells 

(MSCs) and hematopoietic stem cells in the bone marrow, satellite cells in skeletal 

muscle tissue, and neural stem cells (NSCs) in the brain. These stem cells are limited 

in the cell types they can differentiate into and their function is, as far as is known, 

to replenish the tissues when needed (for muscle, brain and bone) or to replenish 

blood cells. The differentiation of these stem cells into mature cell types is influenced 

by chemical and physical signals from their environment. This includes cell-cell 

contacts, the interaction of cells with their surrounding extracellular matrix (ECM), 

also known as cell-ECM interactions, and concentration gradients of soluble factors 

(chemotaxis).  

The differentiation of stem cells towards a specific cell type depends on an intricate 

combination of chemical and physical cues from the environment of stem cells. 

Several molecular cues are found to be major triggers for a cellular pathway, leading 

to the desired differentiation of stem cells to a specific cell type. When effective, the 

resulting culture resembles a tissue with cell-cell and cell-ECM interactions that 

occur in in vivo tissue. 

1.2. Why do we need in vivo-like models? 

Insight in how the human body organizes tissues and organs, down to a cellular level, 

is very valuable. It provides a chance to study the mechanisms of diseases and can 

help to find or optimize strategies for treatment and prevention of those diseases. 

For the study of tissues and organs in a laboratory and to be able to manipulate 

these, there is a need for in vitro modelling of the in vivo environment. In vitro 

modelling gives the opportunity to make changes to the chemical and physical cues 

to establish which ones can effectively instruct cell differentiation and which ones 

are instrumental in the course of a disease. Disease models are used to gain insight 

in disease mechanisms and can also be used for testing and validating 

pharmaceuticals.1 Research furthermore states that studies that used models based 

on human cells provide insights that are more in line with human in vivo results when 

compared with animal test models.2,3 In vitro models also allow for real time analysis, 

which is very complicated to achieve in animal models2,4 Therefore, it is generally 
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believed that in vitro models will contribute to the reduction in the use of animals in 

biomedical and pharmacological research. 

1.3. In vitro models of tissues and organs 

The functionality of organ and tissue models depends very much on the design of 

the environment in which the cells are placed. As cultured cells respond to their 

surroundings, the design and the material of the microenvironment have a major 

influence on the morphology of the cells and on the cell-cell interactions within the 

model.5 

1.3.1. Cells used in in vitro models 

It is possible to use commercially available cell lines for in vitro modelling of tissue 

and organs. These cell lines are usually derived from tumour tissue and will therefore 

grow without restriction, resulting in models that approach the behaviour of the 

modelled in vivo tissue. Tumour-derived cells often still have tissue-specific 

characteristic behaviour, such as the tumour cell line Caco-2, which is derived from 

the colon and still displays enterocytic differentiation.6,7 In advanced 3D in vitro 

modelling, these cell lines are now used mostly as disease models.8 

Cells that are versatile and derived from healthy tissue are induced pluripotent stem 

cells (iPSCs) (Figure 1.1)9. These are made by dedifferentiation of fibroblasts or other 

adult cells and resemble the embryonic blastocyst cells. These cells have been shown 

to be able to differentiate into many mature cell types when exposed to appropriate 

differentiation induction media and therefore they are often used in organ and tissue 

models. iPSCs are more representative of in vivo tissue than tumour-derived cell 

lines, because the differentiation of iPSCs resembles the differentiation of embryonic 

or adult stem cells. However, this differentiation is less stable, with variation from 

culture to culture and concerns about genetic instability.10–13 
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Figure 1.1 Adult stem cells: fibroblast cells taken from the human body can be reprogrammed to iPSCs 
and subsequently be induced to differentiate into multiple mature cell types14 and the mesenchymal 
stem cells which can differentiate in three different tissues.15 Reproduced with permission. 

 

Not all models with (healthy) mature cells need dedifferentiated adult cells as 

starting material. Some cell types are stable when harvested and cultured in vitro 

and will grow to fill the model to the desired extend. These primary cells are adult 

cells that are harvested from healthy or diseased tissue and used without the need 

for differentiation, such as epithelial, endothelial and stromal cells, and tumour cells. 

These cells are patient-derived and can therefore be used for personalised 

medicine.16 

Other adult cells that can be used are MSCs. These are available from the bone 

marrow and are destined for supporting tissue such as bone, cartilage and adipose 

tissue (Figure 1.1). These primary stem cells have the ability for self-renewal and 

their multipotency with adipogenic, osteogenic and chondrogenic cell fates makes 

them very suitable for models that use or study differentiation.17 Cartilage 

development has a role in regenerative medicine as this tissue does not regenerate 

in vivo The application with MSCs could be a solution to this. Most interestingly, 

adipose tissue and bone are opposites in stiffness and the differentiation of MSCs is 

informative on the influence of the microenvironment on cell fate. 
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1.3.2. 2D models 

Epithelial and endothelial cells have a 2D cell organization in vivo, where the cells 

form a monolayer on a basal membrane. Many organs that are relevant in the uptake 

of substances have an epithelial layer, separating one bodily compartment from 

another, or the outside world. This situation has been integrated in 2D in vitro 

models using a Transwell® culture plate where the epithelial cells are cultured on a 

permeable membrane and the substance of interest is added on top of the epithelial 

layer in the culture medium (Figure 1.2). The presence of the substance is then 

measured in the culture medium below the epithelial layer. Another use for the 

single cell layer model is to measure how signalling occurs across the cell layer as is 

done in blood-brain-barrier studies to find molecular cues that compromise the 

integrity of the barrier.18,19 
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Figure 1.2 Methods of culturing cells in models:20 A) 2D model with Transwell™ system used for studying 

the transport of nanoparticles across the blood-brain-barrier. The Transwell™ system separates two 

compartments by a porous membrane which allows culture of the barrier cells on one side.19 B) 

Aggregation of stem cells can lead to the cell differentiation and cell organization within an organoid. 

This self-organized rudimentary organ is then used as a model21 C) organoids, in which multiple cell types 

are combined in a microfluidic device. In this examples two cell types are suspended in hydrogel (cancer 

cell and osteo-cell) and one cell type in the flow channel (endothelial cell).22 Reproduced with permission. 

 

1.3.3. 3D Spheroids 

To achieve a more in vivo-like 3D organization of cultured cells, it is possible to pack 

cells together in a hanging drop or on a low-attachment plate and let the cells clump 

together.23 This forms a spheroid with a maximum size. As the aggregate becomes 

larger, the innermost cells become necrotic due to lack of diffusion of nutrients, 

oxygen and waste products. Spheroids are useful in studies where the difference in 
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nutrient concentration is a factor, such as in tumour formation, and in studies using 

liver spheroids to assess liver toxicity or to mimic hepatic metabolism to reflect in 

vivo phenotype and functionality.2,4,24 

Spheroids are simplistic in their construction: they are only comprised of cells and 

culture medium. Once formed, they can grow either in suspension in non-adhering 

culture flasks, they can be suspended in a hydrogel or the spheroids can be placed in 

well plates to adhere and further develop, in which the spheroid has the function to 

trigger differentiation. 23,25 

1.3.4. Organoids 

Organs, such as the intestine, always consist of more than one cell type In the small 

intestine we find enterocytes that have the absorption of nutrients to the 

bloodstream as primary function, goblet cells that provide a protective mucus layer 

and crypt cells (Paneth cells) which replenish both the enterocytes and the goblet 

cells in the epithelial layer of the intestine. To model this cell specialization and 

organization, an organoid has been made of either minced tissue sections or stem 

cells and combined with molecular cues to induce specific differentiation26 The cells 

or tissue sections are suspended in hydrogels to obtain a 3D structure, often after 

they are formed into spheroids (Figure 1.2). The cells are then influenced by each 

other by the formation of cell-cell contacts to achieve the desired organization and 

form a rudimentary version of the organ.21 

In an organoid, the hydrogel provides the necessary chemical cues, as well as serving 

as support system to keep the spheroids intact and not spread out on a surface. 

Frequently used hydrogels are Matrigel and collagen type I. Matrigel is an ill-

defined derivative of mouse sarcoma cells and its composition varies greatly from 

batch to batch. It provides growth factors as molecular cues, as it is derived from a 

tumour. A major feature of the tissue models is to establish an in vivo-like cell 

organization. This can be, for example, the combination of multiple cell types, such 

as the lung model in which endothelial cells were combined with alveolar 

pneumocytes type I to mimic the air-blood barrier. Or it can be to provide a third 

dimension to the cell culture. This can be done by suspending the cells in hydrogels 

such as collagen or Matrigel. These hydrogels do allow for cell invasion, as often 

used in research to metastases but they do not allow for deposition of the tissue 

ECM by the cells.  
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1.3.5. Bioprinting 

Instead of relying on cell-cell contact formation to organize different cell types, it is 
possible to 3D-print different cell types at predetermined locations in the culture and 
achieve a tissue model inside the hydrogel. The hydrogel functions as binder to 
prevent the cells from diffusing away into the culture medium and to provide a 
starting point for cellular organization. It is also possible to deposit biomolecules to 
specifically adhere cells on certain locations on substates or hydrogels (Figure 1.3). 
The layering of different cell types has been achieved27 using bioprinting, however 
the spatial control to place different cell types adjacent to each other is still 
somewhat limited.28  

 
 

 

Figure 1.3 Bioprinting: A) schematic depiction of the printed layers of cardiomyocytes and endothelial 

cells, both suspended in hydrogel, to mimic the highly organised and vascularised myocardium; and B) 

an example of PCL supporting material printed together with a cell-laden hydrogel.29 Reproduced with 

permission. 

 

1.3.6. Organ-on-Chip Devices 

An organ-on-chip (OoC) is a microfluidic device where cells are cultured in one or 

several microchannels (Figure 1.2C). In a microfluidic device it is relatively 

straightforward to include active flow to influence cell self-organization or even 

differentiation.30–34 The goal is to mimic the functionality of an organ or tissue and 

the microfluidic device can be designed at will to, for example, introduce a chemical 

gradient using multiple channels or to deliver chemicals by adding extra channels at 

the sides of the cell-containing channels.35 Multiple channels can also be used to 
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separate two cell types or media separated by a membrane. The two layers of cells 

on opposite sides of the membrane is suited for modelling natural barriers of 

interest, such as the blood-brain barrier18,34 or the alveolar blood-air barrier36 as they 

are combined with flow and, in the case of the alveolar blood barrier, mechanical 

movement (Figure 1.4).  

 

 

Figure 1.4 Lung-on-Chip where two cell types are cultured on sides of a membrane within fluidic 

channels, in order to mimic the epithelial barrier of the alveoli.37 Reproduced with permission. 

 

There are several relevant chemical and mechanical microenvironments that can be 

incorporated in such OoC device models. These include chemical gradients, barriers, 

mechanical strain, flow, 3D architecture and electrical stimulation.38  

1.4. Mimicking the tissue microenvironment in 

vitro 

In tissue modelling, one of the aims is to replace the differentiation induction 

medium by a suitable substrate that can instruct the cells to differentiate into the 

desired cell type. Such substrates would incorporate specific requirements such as 

substrate stiffness and substrate-attached ligands that more closely mimic cell-cell 

and/or cell-ECM interactions (Figure 1.5). In addition, the microstructure needs to 
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provide support for cellular network formation.26 The design of the 

microarchitecture combined with the chemical surface provide the cells with the 

physical and chemical cues they need to develop, differentiate or function as 

required. These properties of the model are key to in vitro modelling of in vivo 

microenvironment and they are the subject of many studies. The cues are different 

for different tissues and finding the essential cues and then implement these in the 

models remains a challenge. Not all techniques for adding chemical cues are 

compatible with the techniques for physical cues, and the number of possible 

techniques is extensive. The aim in this research is to find not only suitable cues to 

implement in the model, but also to find a technique that can be controlled 

reproducibly and can be varied in composition to make it widely applicable in in vitro 

models. 

 

 

Figure 1.5 Structured cell microenvironment in order to induce the natural morphology of cells. 

Cardiomyocytes are cultured around two posts to trigger the pulling force of the muscle cells, stained for 

α-actinin (red), cardiac troponin T (green) and nucleus (blue).39 Neurons cultured in a structure which 

separates the neurons combined with channels to stimulate the formation of long axons to connect the 

neurons (insert).40 Reproduced with permission 

 

1.4.1. Modelling the architecture of the microenvironment 

Models can be made for structured or non-structured tissues. For example, the liver 

has a specific structure of blood vessels and bile ducts, but metabolic liver cells 
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themselves are all the same throughout the liver and will perform the same action 

regardless of neighbouring cells. On the other hand, the brain is a highly structured 

tissue, with many supporting cells and cellular organization to perform its functions. 
18 

1.4.2. Modelling the cell-cell interactions 

Cells communicate with each other and thereby influence each other.41 In the 

models, cells are organized to facilitate formation of cell-cell interactions. Cells can 

be seeded on a more complex matrix, however, the addition of a 3D matrix does not 

necessarily result in a 3D cell culture, as the cells can form a single layer on the 

matrix. Organoids force cells together to form a network and trigger cell-cell 

interactions. It is this cell-cell interaction that can be mimicked and enforced by 

molecular cues in hydrogels.  

1.4.3. Extracellular matrix 

The choice of the substrate material that forms the main structure of the model are 

key to achieve a cellular network. Substrate stiffness and type of ligands in the 

substrate coating largely influence cell morphology and cell differentiation. 

The substrate material for the model is effectively the substrate material on which 

the ECM-cell interaction occur and mimic the in vivo types of interactions. This 

substrate material can be varied in stiffness, topology and in biocompatibility and 

cell-specific ligands. An option is to use decellularised tissue as the substrate material 

to seed the cells onto.42,43 This procedure requires a tissue section for each model to 

decellurise, while during the removal of cells molecular cues are often lost. Also, this 

type of model does not help in the study for gaining more detailed insight in the role 

some cues play in modelling tissue or organs.43 

Another option is the use of resorbable substrate materials. These types of materials 

will function as a support and, when functionalised, chemical influence on the cells 

for a limited amount of time after which they are resorbed by the cells. These 

materials can be used in implants where they are meant to guide or speed up the 

healing process.44,45  

Not resorbable, but completely bioinert is polydimethylsiloxane (PDMS). PDMS is 

widely used in the microfluidics and OoCs as it can be shaped in many possible ways, 

creating the desired channels and microarchitecture for the model. There is also 

some variability possible in the stiffness of PDMS, as it is made by combining an 
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elastomer with a curing agent. The lower the concentration of curing agent, the 

softer the PDMS will become because of lack of crosslinks.46 

To make different microarchitectures, materials can be woven or spun into a web, 

they can be cast with salt that, upon dissolving, leave a porous material behind, they 

can be cast in a mold or milled to produce a microarchitecture (Figure 1.6). Each of 

these methods has its own influence on the cells that are cultured on it. The porosity 

of woven materials and the organization of the deposited materials can have an 

enormous impact on the morphology of the cells.5  

 

Figure 1.6 Several methods are possible to create a mesh to serve as ECM.47 Reproduced with 
permission. 

 

As many models would prefer to model more complex tissues such as skin and 

intestine by using the self-organization of stem cells, to initiate and guide 

differentiation of the stem cells in the desired direction is a decisive step to achieve. 

While cell-cell and cell-ECM interactions in vivo are often too complex and 

sometimes even unknown to reconstitute in vitro, studies often focus on finding the 

regulating receptors and ligands and other key cues that induce the desired 

differentiation. These molecular ligands can be attached to the solid structure 

directly48 and often click chemistry is used in the form of the biologically compatible 
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poly ethylene glycol (PEG) system (Figure 1.7). The microgel contains PEGylated 

ligand molecules49 or the hydrogel contains locations on which the different 

PEGylated ligands can bind and unbind under the influence of UV-light.26 

 

Figure 1.7 Binding molecular cues to the PEG containing cell environment to mimic cell-ECM interaction 

and hereby influence the cell fate.26 Reproduced with permission. 

 

Other techniques of introducing the chemical cues to the surface include direct 

covalent binding of the molecules to the surface, or by coating the surface with a 

hydrogel. 

1.5. Supported lipid bilayers as cell-instructive 

coating 

Cell-instructive coatings can be made of surface absorbed fibronectin. Although this 

is a very effective method to induce cell adhesion, it lacks the possibility to tune the 

adhesion ligand density, mobility and the type of ligands.50 A type of coating is 

supported lipid bilayer (SLB) coating that can be tailored relatively easily by the 

choice of the lipid molecules that are the component of these SLBs.51 An SLB is a lipid 

bilayer (or phospholipid bilayer) consisting of a thin polar membrane made of two 

layers of lipid molecules. These membranes are flat sheets that form a continuous 

substrate coating. SLBs are made of lipids with a hydrophilic phosphate head and a 

hydrophobic tail consisting of two fatty acid chains. Phospholipids with certain head 

groups can alter the surface chemistry of a bilayer and can, for example, serve as 

signals as well as anchors for other molecules in the membranes of cells.52 The lipids 
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can also affect SLB properties, for instance by determining the phase of the bilayer. 

The bilayer can adopt a solid gel phase state at lower temperatures but undergo 

phase transition to a fluid state at higher temperatures, and the chemical properties 

of the lipids' tails influence at which temperature this occurs. The packing of lipids 

within the bilayer also affects its mechanical properties, that can be of influence how 

cells interact with the substrate.51 

1.6. Aim and Scope of the Thesis  

Models of tissues or organs are highly informative for studies in cell biology, 

toxicology and biomedical research, provided they are a realistic mimic of in vivo 

tissues. In this thesis, the interactions between hMSCs and the fabricated 

microenvironment is studied. Microarchitecture in OoC devices is combined with a 

functional coating of the device substrate to instruct the stem cells’ morphology and 

differentiation. 

In chapter 2, several designs will be made for the microarchitecture in microfluidic 

devices and used for studying their effect on hMSC morphology and whether these 

OoC devices support a 3D hMSC network. 

The influence on hMSC morphology of the type of lipids in supported lipid bilayers 

that are applied to PDMS films is shown in chapter 3. The stiffness of the PDMS 

substrate is varied and these PDMS films will be covered with different types of SLBs 

that vary in ligand mobility and density. 

In chapter 4 we combine the microfabricated OoC device including an optimized 

design for hMSC network formation with a cell-instructive supported lipid bilayer 

coating. The supported lipids bilayer will be functionalised with cell-adhesive and 

cell-differentiation ligands as cell-instructive cues. 

In chapter 5, human pluripotent stem cell-derived cardiomyocytes will be cultured 

in our microfluidic OoC device for several days. Changes in the formation of beating 

clusters of cardiomyocytes as well as the survival of this high metabolizing cell type 

in a confined space of the microfluidic device is studied. 
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2. Chapter 2 

Biomimetic trabecular niche promotes hMSC 

differentiation in a Bone-on-chip microdevice 

Abstract 

This chapter reports a microfluidic device with a biomimetic microarchitecture 

consisting of an array of pillars for culture and differentiation of hMSCs. The PDMS 

surface of the microfluidic device was coated with cell-adhesive protein fibronectin 

to optimise cell culture. Where other studies rely on hydrogels or topography to 

culture their cells in 3D, in our device a microarchitecture of pillars was used to 

promote the formation of a (near) 3D network of hMSCs with enough locations for 

adhesion and the possibility to grow in more directions than would be possible in a 

2D culture. Successful differentiation into osteoblasts was demonstrated by ALP and 

osteocalcin expression and the presence of calcium deposits in the microdevices. The 

microarchitecture of the device can be the base for surface chemistry using ligands 

to direct hMSC in differentiation substituting the use of osteogenic medium. 
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2.1. Introduction 

Bone that is cultured in vitro has many potential uses. In vitro cultured bone is of 

interest for biomedical research to better understand cancer metastasis1 and to 

study the toxicity response of bone to heavy metals2. While to understand cancer 

metastasis a bone model is required that allows for infiltrating bone by cancerous 

cells, toxicity response studies require a bone model that allows for extracellular 

matrix (ECM) deposition, bone formation and remodelling. Bone models can also be 

used in regenerative medicine to promote wound healing or to serve as implant 

attachments.3–6 This use of in vitro grown bone for biomedical research calls for bone 

models that allow the infiltration of native cells and that have the capacity to take a 

load, as bone will not form properly without a minimum of stress.7–9 

Any microarchitecture or environment that is used for constructing in vitro bone 

models needs to be biologically compatible to prevent cytotoxicity or immune 

response inhibiting the remineralization of the inserted artificial bone tissue. For this 

reason most models for bone metastasis use collagen I-based hydrogels loaded with 

a small number of osteoblasts or bone-like cells to observe cell-cell interactions.1 

However, in toxicological bone models the environment of the cells is investigated 

and this must therefore be deposited by the osteoblasts. In the case of heavy metal 

poisoning bone stores the heavy metals, as during the remodelling of bone 

osteoblasts continuously deposit new ECM consisting of hydroxyapatite and collagen 

I and incorporate the heavy metals from the bloodstream. 10–15 To realistically model 

this ECM deposition, an in vitro bone model is needed that does not contain a 

hydrogel, as osteoblasts will not deposit ECM if their environment already meets 

their requirements.16,17 The best way to achieve a model in which cells deposit ECM 

during the assay is by modelling bone from scratch using human mesenchymal stem 

cells (hMSCs). hMSCs can be differentiated into osteoblasts at which point these cells 

deposit bone hydroxyapatite and collagen I1,4,18–20 preferably in a (near) 3D culture 

environment to represent tissue formation and remodelling more realistically than 

in 2D culture environments.21 hMSCs that are cultured in 3D environments show 

morphologies that are closer to that what is observed in vivo, i.e. hMSCs that express 

fewer focal adhesions than hMSCs that are cultured in 2D environments.22–25 

Several types of (near) 3D environments have been recently described in 

literature.1,26–29 For example, introduction of surface topography in cell culture 

materials has a major impact on cell attachment and cell differentiation when 
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producing bone tissue in vitro.27 Other research described the use of woven and 

porous microarchitectures to fabricate a biomimetic bone environment for hMSCs.28 

Whereas most organ-on-a-chip systems use a Matrigel® or hydrogels to provide 

structure to the cell culture to obtain a 3D (or near 3D) approximation of in vivo,1,29,30 

only a relatively low concentration of cells is present in these hydrogel matrices, 

which prevents the formation of densely connected tissues. This inhibits the cells to 

create their own ECM as they would in vivo.31 Hydrogels that are suitable to 

differentiate hMSC into bone need additional signalling to activate differentiation.25 

There are some reports of the use of cell spheroids to mimic bone in vitro.31 Such 

spheroids are embedded in a hydrogel, usually to combine the hMSCs or osteoblasts 

with another cell type.31,32 Bersini et al. used a hydrogel of collagen I to suspend 

osteo-cells to study the interaction with infiltrating cancer cells.1 As natural bone is 

composed of 30% collagen I, this model is an accurate approximation of bone for this 

type of metastasis studies.33 Hydrogels that have been made of collagen I or gelatin34 

in combination with hydroxyapatite-mimetic microarchitectures such as ceramics or 

hydroxyapatite in a gel were also explored.18,34,35 Ceramic or polymer-based porous 

structures are usually coated with collagen I or gelatine to induce cell 

adherence.28,34,35 Hydroxyapatite is the major component of human bone, however, 

as the choice of the material to fabricate a (near) 3D environment for bone it restricts 

the hMSCs in their ability to form bone.31 Other studies have used a hydroxyapatite 

source to make a woven microarchitecture consisting of calcium in cellulose or used 

complete bone chips in fibrin.6,12,36 The hMSC culture in a hydroxyapatite containing 

microarchitecture is successful in promoting cell viability and adherence and the cells 

express differentiation markers such as osteocalcin. Depending on the design of the 

microarchitecture, these microarchitectures do not allow for cell-cell contact and the 

deposition of calcium and collagen I is only present in small amounts, if at all.6,12,36  

In this chapter, a bone-on-chip model is constructed. The device allows for 3D cell 

culture, while still maintaining the void space for hMSCs to deposit their own ECM 

during differentiation. These hMSCs can have cell-cell and cell-ECM interactions. 

Microfluidic devices are suitable for providing such an environment because they 

offer high levels of control over the geometries at micrometre and millimetre length 

scales. Earlier microdevices were used to control pressure to induce mechanical 

stress needed for osteogenesis8 or to control flow over 2D culture.37,38 

Our design of the microfluidic device is optimised for long-term cell culture and to 

differentiate hMSCs towards osteoblasts that deposit an ECM containing calcium. 
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2.2. Results & Discussion 

The geometry of the polydimethylsiloxane (PDMS) microfluidic device was designed 

based on the typical structure of the long bones in the human body. These bones 

have a lattice-like structure which surrounds the bone marrow. Trabecular bone, also 

referred to as cancellous bone, has a high porosity (ca. 75%) with pore sizes up to 

hundreds of microns.33 The cells of the bone reside in the pores lining the lamellae 

from where the cells deposit the ECM. In order to mimic this porosity, an array of 28 

pillars with a diameter of 250 µm extending from top to bottom of the channel were 

fabricated in the main 6 cm2 cell culture area (Figure 2.1A & B). The 28 pillars within 

the chamber were either arranged in a square or hexagonal pattern (Figure 2.1D). 

The scanning electron microscopy (SEM) images in Figure 2.2 show pillars with 

smooth sides, which are suitable for coating with lipid bilayers, and tops, which are 

suitable to bind the pillar array to a PDMS covered microscopy slide to seal the 

device. 
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Figure 2.1 Design and characterization of the microfluidic device. A) Overall view of the device when 

filled with a red dye; B) top and side view (brightfield microscopy) of the device; C) Fluorescence 

microscopy image showing cells that adhere in a fibronectin-coated device, cells visualised after staining 

for actin (green) and DAPI (blue). Pillar spacing of 250 µm (left) and 20 µm (right). White arrows indicate 

examples of stretched cells and yellow arrows indicate examples of flattened cells. Scale bars represent 

200 µm; D) Fluid dynamics modelled in devices with a squared (left) and hexagonal (right) pillar pattern. 

Flow velocity is indicated by colour and shear stress is indicated by the thickness of the lines. As the top 

flow velocity (indicated by red) is only reached at the inlet and outlet of the device, this is not visible in 

this representation of the fluid dynamics. 
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Figure 2.2 Recorded SEM images of an open PDMS device with hexagonal pillar patterns. Scale bars 

represent 100 µm. 

 

In order to form an integral, three-dimensional tissue, hMSCs need to be able to 

reach and adhere to multiple pillars, while still having enough space between the 

pillars for culturing cells. To optimise the spacing of the pillars, hMSCs were seeded 

in microfluidic devices with pillar distances ranging from 250 to 20 µm, mimicking a 

porosity between ca. 85% and 35%. The number of cells between the pillars was 

highest when the distance between the pillars was 50-100 µm (Figure 2.1C). With 

this interpillar distance of 50-100 µm, 130 cells on average were present per image 

(9 ⋅ 105 µm2). These hMSCs were elongated, stretching in several directions between 

the pillars with multiple cell-cell contacts. When the distance was smaller (<50 µm), 

the number of cells was lower (95 nuclei per image) and only single cells were visible 

between the pillars and there was no cell-cell contact. In areas where the distance 

between the pillars was larger (>100 µm), the number of cells was even further 

reduced (45 nuclei per image) and these cells were found flattened on the bottom 

of the chamber and had no interaction with the pillars. Therefore, we conclude that 

optimal cell culturing conditions were achieved in chambers with an interpillar 

distance of 50-100 µm. 

In vivo hMSCs and osteoblasts reside in an environment with almost no fluid flow, 

while our microfluidic models required daily perfusion of culture medium to 

maintain a sufficient concentration of nutrients. In order to provide a cell culture 

environment for the hMSC that had a fluid flow near 0 m/s, but still allows for 

medium refreshment, the different pillar geometries (square and hexagonal) were 

explored. Interestingly, despite the fact that there were no differences between 

these designs in terms of overall cell culture surface area or distance between the 
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pillars (in this case 50 µm), the patterns of cultured cells showed distinct differences. 

In the microfluidic device with pillars arranged in a hexagonal pattern, the cells were 

evenly spread throughout the chamber, whereas the hMSCs cultured in the devices 

with pillars arranged in a square pattern were only present in the interpillar space 

parallel to the flow direction and not perpendicular to the flow direction. The pillars 

arranged in the square pattern allowed for a stronger flow that hindered the hMSC 

in supporting a cell culture with cells occupying the whole of the available surface 

evenly as was seen in the hexagonal pattern (Figure 2.3). This explanation was also 

confirmed by computational modelling of fluid dynamics in the devices, which 

demonstrated that when an input flow velocity of 2.0 µm/s was set, the maximum 

flow velocity between the hexagonally arranged pillars was 0 m/s, while flow 

velocities between pillars arranged in a square pattern reached a maximum flow of 

0.3 µm/s. Further computational modelling of the devices demonstrated that the 

flow velocity decreased when going from the inlet channel to the wider chamber 

where the pillars were arranged. Typical shear rates between the hexagonally 

arranged pillars of 7∙10-4 s-1 (shear stress of 6∙10-4 mPa when assuming a medium 

viscosity of 0.8 mPa∙s) were estimated (Figure 2.1D). These values are ca. 105 times 

below the value of what hMSC can typically withstand in culture.39–42 Constant shear 

stress is reported to improve the hMSC differentiation towards osteoblasts.41 It has 

been found that hMSCs can withstand 0.2-0.24 Pa of shear stress without 

deforming.39,42 This can be 2.5 Pa if the flow velocity is gradually increased.40,41 

However, when the cells are grown in a static environment and only subjected to 

shear stress when medium is changed, this stress needs to be quite low otherwise 

the cells will detach from the surface and show a decreased viability.40,43,44 Our model 

currently incorporates intermittent flow when refreshing medium, but in the future 

this can also be used to systematically study the effect of flow and resulting shear 

stress on the hMSC differentiation process. All further experiments were performed 

with microfluidic devices with pillars hexagonally arranged, 50 µm apart to ensure 

the lowest flow velocity and shear rate in culture. 
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Figure 2.3 Flow profiles in microfluidic devices, with pillar spacing of 50 µm. A) In the device with a 

squared pillar pattern there is uninterrupted flow profile through the pattern, with a change in direction 

of the flow behind the pillars, while in B) a hexagonal pillar pattern the flow is interrupted by the pillars, 

no longer allowing it to go in a straight direction. Arrow size indicates flow velocity. 

 

Next, we compared the clustering of cells in hMSC cell culture on flat PDMS, 

represented by a PDMS covered microscope slide, to that in the PDMS microfluidic 

device in more detail. hMSC culture for 72 h on flat, O2-plasma-treated PDMS slides 

led to the formation of cell clusters, as indicated by the intense signals when stained 

for actin, vinculin and DAPI (Figure 2.4A). As (plasma-treated) PDMS is not known as 

a cell adherent material,45 serum proteins in the medium most likely deposited onto 

the material, yielding a cell culture surface on which cells could adhere only 

moderately well. Other cells then adhere to the first cells and create clusters of cells 

on several locations on the PDMS. In contrast, when the same culturing conditions 

were applied to the microfluidic device (O2-plasma treated PDMS, identical cell 

concentration), no clusters of hMSCs were observed, but hMSCs formed a compact 

network between the pillars (Figure 2.4B). We attribute the observed differences to 

the structural support offered by the PDMS pillars to the hMSCs resulting in a cellular 

network that extended into the regions beyond the last row of pillars (Figure 2.4C). 

Inspection of cells in the device using confocal fluorescence microscopy revealed 

that the hMSCs could migrate up the sides of the pillars to form a three-dimensional 

culture (Figure 2.4B & C). The hMSCs were found to be stretched between several 

pillars of the device, which mimics the behaviour of the hMSCs in their natural niche. 

When fibronectin was cast onto the PDMS device surface, hMSCs grew higher up the 

sides of the pillars compared to when hMSCs were grown in bare PDMS devices. The 

(near) 3D culture was denser when fibronectin was used on the PDMS (Figure 2.4B). 

Adding fibronectin to flat, plasma-treated PDMS slides before cell seeding resulted 

in a monolayer of higher cell density without any cell clustering (Figure 2.4A). 
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Figure 2.4 Fluorescence microscopy image showing hMSC culture in microfluidic devices for 3 days. 

Fixated cells visualised after staining for actin (red), vinculin (green) and DAPI (blue). A) Non-

functionalised and fibronectin-coated PDMS slides; B) and C) hMSC culture in the microfluidic device 

with either non-functionalised or fibronectin-coated PDMS. 

 

PDMS, even when plasma-treated to become hydrophilic, is not an ideal surface for 

cell adhesion.45 Our results corroborate these findings as the hMSCs clustered 

together on several locations on flat, hydrophilic PDMS. These clusters then provided 

the culture with adhesive points that offer some structural support, allowing the 

entire area to be covered by cells. In contrast, the results presented in this chapter, 

show that hMSCs adhere to the hydrophilic PDMS pillars in the microfluidic device, 

forming a network without the use of a surface coating or the formation of clusters. 

The pillars provide enough structure for the hMSCs to spread out in the entire space 

and form a tight network, which is pivotal during differentiation.25,46 

Cultured hMSCs are capable of differentiation in the microfluidic device when proper 

cell-cell contacts are formed between hMSCs. To demonstrate this, cell 

differentiation of hMSCs into osteoblasts was monitored during 18 days. The 

progress of differentiation was analysed on 5 different time points, these time points 

were divided in three phases: early phase (day 0-4), middle phase (day 5-9) and late 
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phase (day 10-18). The differentiation assay was normalised for the number of cells 

present and for the maximal area the cells can occupy. The results of this analysis 

are plotted in the graphs in Figure 2.5 and the corresponding confocal microscopy 

images are shown in Figure 2.6. Stem cell markers STRO-1 and CD90 decreased 

rapidly after the early phase and did not reappear during the middle or late phase of 

the differentiation. Differentiation marker osterix increased during the early phase, 

then decreased during the middle phase and kept further decreasing during the late 

phase. RUNX2 was present during all phases with a clear peak in the middle phase of 

differentiation. Mineralization marker ALP was not present in the early phase, 

peaked in the middle phase and decreased again in the late phase of differentiation. 

Bone induction marker osteocalcin was only present during the late phase of 

differentiation. Also, calcium deposits were visualised on day 18, while they were 

absent on day 3 using Alizarin Red staining (Figure 2.6). 
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Figure 2.5 Differentiation of hMSCs cultured in microfluidic device. Expression of several differentiation 
markers during an 18-day differentiation assay of hMSCs to osteoblast in the microfluidic device, 
normalised for Actin controls. 
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Figure 2.6 Differentiation of hMSCs cultured in microfluidic device. Fluorescence image of osterix 

expression on day 3 and of osteocalcin expression on day 18; Alizarin Red stain for calcium deposits on 

day 3 and on day 18. Scale bars represent 200 µm. 

 

The differentiation markers that were used give a good overview of the process of 

osteogenesis, i.e. the differentiation of hMSCs to osteoblasts and the formation of 

calcium deposits.47–51 Expression of stem cell markers STRO-1 and CD90 reduce as 

soon as differentiation is initiated.52–54 The early markers RUNX2 and osterix are 

observed after several days of exposure to differentiation medium, followed by ALP 

and osteocalcin.48–50,55 After these osteogenic markers are expressed, calcium 

deposits are confirmed using Alizarin Red.50,56–58 In a 3D cell culture, the markers 

indicate not only cell differentiation, but also that the differentiation is more 

prominent when compared to 2D cell cultures.59,60 Our study showed a decline of the 

stem cell markers after the start of differentiation, indicating that the hMSCs are 

indeed differentiating in the device. The up-regulation and subsequent down-

regulation of early markers and up-regulation of the late markers confirm that 

osteogenic differentiation is ongoing. This in combination with the positive Alizarin 

Red staining supports that it is bone material cultured from the hMSCs start culture. 

2.3. Conclusion 

In conclusion, we have successfully designed and engineered a microfluidic PDMS 

device in which the seeded hMSCs achieve a (near) 3D cell network that allows for 

differentiation and deposition of calcium as part of their ECM. The observed hMSC 

cellular network was assisted by the presence of the microfabricated pillar array 
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device and the PDMS functionalization with cell-adhesive fibronectin. The 

homogeneous cell network with calcium deposits is reminiscent of trabecular bone, 

which consists of an open lattice-like structure. The microfluidic device design and 

chemistry provide the cells with sufficient adhesion locations and leads to a lower 

flow velocity. In the future, the surface chemistry could be tailor-made by ligands to 

direct hMSC in differentiation substituting the use of osteogenic medium.  
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2.5. Experimental section 

2.5.1. Microfluidic device fabrication 

A microfluidic device was designed using CleWin 4 (WieWeb Software, Hengelo, the 

Netherlands) and was constructed using soft lithography. First, a negative mold was 

constructed using photolithography with a negative photoresist. In short, after 

cleaning silicon wafers using the UV/Ozone ProCleaner™ Plus (10 min, BioForce 

Nanosciences Inc., Ames, IA, USA), SU-8 100 photoresist was spin-coated onto them 

(10 sec at 500 rpm, then 30 sec at 1000 rpm) and then the wafers were placed in an 

oven for 30 min at 65 °C, followed by 90 min at 95 °C. Then, a mask was placed over 

the SU-8 coated wafer and exposed to UV-light (power density 12 mW/cm2) for 

approximately 30 seconds, after which the wafer was placed on a hot plate (95 °C) 

for 20 min. Then, the wafer was rinsed with acetone and isopropanol, dry spun and 

cured on a hot plate (135 °C) for 1 h. 

Polydimethylsiloxane (PDMS) was prepared by mixing Sylgard 184 elastomer with its 

curing agent (Dow Corning Corp, Midland MI, USA) at a 1:10 ratio. This mixture was 

degassed and subsequently cast on the negative mold wafer to create the 

microfluidic channels and chamber. PDMS was poured onto a microscopy slide until 

an even coating of PDMS was reached and cured at 60 °C for 5 h. Then, the PDMS 

was peeled off the negative mold wafer, cut into blocks and the inlet and outlet were 

punched using a 1 mm gauge puncher. The microfluidic devices were bonded to the 

PDMS covered microscopy slides using O2-plasma activation (40 mA DC current and 

200 mTorr vacuum pressure for 60 sec) using the Plasma etcher SPI Plasma-Prep II 

(SPI Supplies, West Chester PA, USA). Then, the devices were covered in MilliQ water 

to fill the channels and to preserve hydrophilicity. The devices that served as a 

positive control were coated with fibronectin from bovine plasma (Sigma-Aldrich) as 

indicated by the manufacturer. 

2.5.2. Computational modelling 

Flow dynamics in the microfluidic devices (hexagonal and squared pillar patterns) 

were simulated using COMSOL (Multiphysics, COMSOL Inc, Burlington MA, USA). For 

a flow of 2 µm/s at the inlet of the device, flow velocity, flow direction and shear 

stress were selected as output variables in the simulation. 
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2.5.3. In vitro culture 

Human mesenchymal stem cells (hMSC; Lonza, Basel, Switzerland) were cultured in 

complete medium consisting of α-MEM medium (Gibco) supplemented with 10% 

FBS (Lonza), 100 U/ml penicillin (Gibco) and 100 µg/ml streptomycin (Gibco) and 

incubated at 37 °C and 5% CO2 up to one week before use in the assays. hMSCs (106 

cells/ml) were cultured in microfluidic devices up to 3 days at 37 °C and 5% CO2 with 

enough culture medium on top of the device. Cell differentiation was induced on day 

3 of culture. Complete medium was replaced by osteogenic differentiation medium 

which consisted of α-MEM medium (Gibco) supplemented with 10% FBS, 100 U/ml 

penicillin, 100 µg/ml streptomycin, 0.2 mM ascorbic acid (Sigma-Aldrich), 100 nM 

dexamethasone (Sigma-Aldrich) and 10 mM β-glycerophosphate (Sigma-Aldrich). 

Cells were cultured up to 18 days in differentiation medium, with medium being 

refreshed daily. 

2.5.4. Immunofluorescence 

hMSCs were stained for actin (Phalloidin Alexa Fluor 568; 1:200; Thermo Fisher 

Scientific), vinculin (anti-hVIN-1-FITC, 1:200; Sigma-Aldrich) and the nucleus (DAPI, 

1:1000). Stem cell markers STRO-1 (anti-STRO1-Phycoerythrin, 1:50; Abcam) and 

CD90 (anti-CD90-APC, 1:100; Thermo Fisher Scientific); early differentiation markers 

RUNX2 (anti-RUNX1 / AML1 + RUNX3 + RUNX2-Alexa Fluor 647, 1:50; Abcam) and 

osterix (Anti-SP7, 1:50; Sigma-Aldrich) conjugated with R-PE (Abcam); mineralization 

marker ALP (anti-Alkaline Phosphatase-Phycoerythrin, 1:100; Abcam); and bone 

induction marker osteocalcin (anti-BGLAP, 1:50; Sigma-Aldrich) conjugated with APC 

(Abcam) were visualised. Calcium deposits were stained with Alizarin Red (2% w/v in 

MilliQ) for 5 min and imaged with a confocal microscope (Nikon A1) on day 18. 

2.5.5. Image analysis 

The expression of the markers was quantified in ImageJ by the calculation of the 

percentage of the area where the fluorescent label of the marker was detected in 

10x images divided by the number of cells. As the pillars in the device also take up a 

certain percentage of the area of the image, a maximum possible signal was set using 

the actin expression of the positive control. This maximum was set to 100% 

fluorescent area, as the abundant expression of actin fibres covered 100% of the 

available area in the microfluidic device. 
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3. Chapter 3 

Adhesion of human mesenchymal stem 

cells on polydimethylsiloxane films coated 

with supported lipid bilayers 

Abstract 

Human mesenchymal stem cells (hMSCs) in culture critically respond to 

variations in stiffness of culture substrates. hMSCs differentiate into adipose 

tissue when cultured on soft substrates, whereas on hard substrates, hMSCs  

differentiate into bone. Here we demonstrate that when cell-adhesive 

supported lipid bilayers (SLB) were employed to coat polydimethylsiloxane 

substrates of different stiffnesses, the mobility of the ligands in the cell-

adhesive SLB are instructive to the morphology of the cultured hMSCs. Altering 

the mobility of the cell-adhesive ligands in the SLB alters the hMSC morphology, 

ignoring the stiffness of the substrate underneath the SLB.  
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3.1. Introduction 

Human mesenchymal stem cells (hMSCs) can be obtained from adult donors and 

have the capability to differentiate into multiple cell lineages. They are therefore 

used extensively as a cell source in regenerative medicine and tissue engineering 

applications.1,2 In vivo, hMSCs form bone, adipose tissue and cartilage, among 

others. Understanding the signals that drive the differentiation of hMSCs to a specific 

cell type is essential for their current and future clinical application.1–3 It is known 

that the differentiation of cells is mostly driven by the surrounding cells and 

extracellular matrix (ECM) through chemical signalling. Cell-cell and cell-ECM 

interactions are crucial in deciding cell fate. To recreate this multifactorial induction 

in vitro is extremely challenging. Some have tried this by using decellularized tissue,4–

6 others have tried to mimic the ECM with only a small amount of signalling 

molecules.5,7,8 One of the major parameters that influences differentiation appears 

to be cell morphology.9,10 The morphology of cells is influenced by the stiffness of 

the surrounding tissue, which determines the amount of force the adhering cell can 

exert on the binding ligands through its receptors and on the surrounding matrix.9,10 

In vivo, the stiffness of the surface, the cell shape and the amount of force the 

adhering cells can exert, are inherently linked. In a stiffer ECM (Young’s modulus of 

approx. 20 GPa for bone11), the ligands will move less when cells exert force onto 

them via the receptors and, as a consequence, the cytoskeleton of these cells 

becomes more developed and the shape of the cells becomes more stretched. When 

the ECM is flexible, such as in adipose tissue (Young’s modulus of approx. 1 kPa12), 

the adhering receptor-ligand complexes move around to put no stress on the 

adhering cells and the cell retains its round shape.2,4,5,7,13–15 It is challenging to 

independently study how ECM mechanical properties, ECM ligands and cell force 

generation contribute to hMSCs differentiation. SLBs have been used as a cell-

instructive coating and they consist of phospholipids that can be in various 

viscoelastic states depending on the type of lipid used (Figure 3.1). SLBs made of 1,2-

dioleoyl-sn-glycero-3-phosphocholine (DOPC) lipids, with a melting transition 

temperature of -17 °C, are fluidic in which the inserted cell-adhesive ligands are 

laterally mobile. In contrast, SLBs made of 1,2-dipalmitoyl-sn-glycero-3-

phosphocholine (DPPC) lipids, with a melting transition temperature of +41 °C, are a 

gel-state SLB in which cell-adhesive ligands are immobile.  
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Figure 3.1 A) Coating of plasma-treated PDMS with a supported lipid bilayer (SLB). SLB onto the PDMS 
substrate functionalised with RGD. B) Molecular structure of the phospholipids 1,2-dioleoyl-sn-glycero-
3-phosphocholine (DOPC), 1,2-dipalmitoyl-sn-glycero-3-phosphocholine (DPPC) and bipalmitic acid-
bound Arg-Gly-Asp (RGD). 
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We have previously demonstrated that when hMSC were cultured on fluidic SLBs 

functionalized with integrin-binding Arg-Gly-Asp (RGD) peptides, the hMSC would 

pull on the RGD ligands with high lateral mobility resulting in differentiation towards 

adipocytes.16 In contrast, when hMSC were cultured on the gel-state SLBs, the RGD 

ligands were less mobile and the hMSC showed more differentiation towards an 

osteogenic lineage.16 In these experiments the SLBs were applied on glass and they 

demonstrate that force generation by the hMSC is a dominant stimulus in deciding 

cell differentiation, independent of ECM ligand density.16,17 Others have found 

opposite effects for myoblasts and hepatocytes, which spread more with enhanced 

nuclear YAP on SLBs with immobile ligands.18,19 All these studies were carried out 

with functionalized SLBs on stiff glass substrates. However, no systematic studies 

have been carried out with SLBs on substrates with varying degrees of stiffness, 

including those of low stiffness. Therefore, it is currently unknown to what extent 

SLBs can successfully mask the stiffness of underlying substrates.  

<sup>16,20–22</sup><sup>16,20–22</sup><sup>16,20–22</sup>(Evans et al., 

2013; Koçer & Jonkheijm, 2017; Lautscham et al., 2014; Svedhem et al., 2003)In this 

chapter, we have studied the cell morphology of hMSCs on polydimethylsiloxane 

(PDMS) substrates. We selected PDMS because it is the substrate material that is 

often used in organ-on-chip (OoC) devices and because it can be produced over a 

wide range of biologically relevant stiffnesses. We covered the substrates with SLBs 

with varying mobility and density of the cell adhesive ligands. In addition, we varied 

the PDMS stiffness and studied whether the response of hMSCs in terms of cell-

adhesion and spreading when these different types of PDMS were coated with the 

varying types of SLB. 

3.2. Results & Discussion 

Different PDMS substrates were prepared in which the stiffness was varied by 

changing the ratio of curing agent and elastomer. The ratios used were 1:10, which 

is the standard substrate in OoC devices, 1:33, 1:40 and 1:60. A ratio greater than 

1:60 was not useable as the resulting PDMS remained in a liquid state. The stiffness 

of the PDMS substrates was measured by determining the Young’s modulus of the 

PDMS substrate using atomic force microscopy (AFM) working in the PeakForce 

Quantitative Nanomechanical Mapping mode (PF-QNM). PDMS Young’s modulus 

maps with representative cross-section analysis and moduli value distributions are 

shown in Figure 3.2. The average values of the Young’s moduli were estimated to be 

1.87 ± 0.02 MPa for 1:10 PDMS, 0.62 ± 0.01 MPa for 1:33 PDMS, 0.39 ± 0.01 MPa for 
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1:40 PDMS and 0.19 ± 0.01 MPa for the 1:60 PDMS. Accurate moduli values and a 

low standard deviation of the means were obtained due to employing calibrated  

AFM cantilevers with large spherical tips made of high density carbon. The modulus 

value of 1.87 MPa for 1:10 PDMS corresponds with earlier findings of a Young’s 

modulus for 1:10 PDMS ranging from 1-3 MPa23 and is more elastic than glass, which 

has a Young’s modulus of 50 GPa.9 Increasing the fraction of elastomer in the PDMS 

mix (1:33, 1:40 and 1:60 PDMS) resulted in an observed decrease of the Young's 

modulus. This was also found in earlier studies, in which the curing time and 

thickness of the PDMS was similar.24–26 

 

 

Figure 3.2 AFM analysis of the Young's Modulus of polydimethylsiloxane (PDMS). Mixtures of 1:10, 1:33, 

1:40 and 1:60 weight ratio (w/w curing agent to prepolymer) were investigated. The top images display 

AFM height maps of the PDMS samples, showing the effect on topography of the decrease in the amount 

of crosslinks from the 1:10 PDMS to the 1:60 PDMS. The graphs in the middle show the Young’s modulus 

obtained along a single scanned line in the image (indicated by a white line in the height images). The 

graphs in the bottom row show the distribution of Young’s moduli indicating little variation in the 

measured Young’s modulus along the cross-section. 

 

As a next step, we hydrophilized the PDMS substrates and applied SLBs to these 

PDMS substrates and glass using the vesicle fusion method. Making use of a dye-

labelled lipid in the SLBs, we performed fluorescence recovery after photobleaching 

(FRAP) experiments to determine the lateral mobility of the lipids in the SLBs of DOPC 

and DPPC on different PDMS substrates and glass. The intensity of the radial profile 
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showed that the bleached area had a Gaussian profile, which allows to use the 

equation of Kang et al.27 to determine the lateral mobility of lipids in the SLBs. 

As expected, different lateral diffusion rates were derived for the different types of 

SLBs (Table 3.1) when coated on glass substrates. For DOPC fluidic SLBs, we derived 

a lipid diffusion rate on standard (1:10) PDMS in the same range as was found for 

DOPC SLBs on glass. In contrast, an SLB consisting of immobile DPPC lipids showed 

no fluorescence recovery in FRAP, indicating a gel-state SLB. Interestingly, we found 

that the lateral mobility of SLBs seemed to be unaffected by the underlying PDMS 

substrate, with similar values found for the SLB derived from DOPC lipids when 

formed on glass, on 1:10 PDMS or on 1:60 PDMS, all measured at 37 °C (Table 3.1). 

The results indicated that the DOPC lipids in the SLB are free to move around on each 

of these substrates so there is no apparent drag of the underlying water layer on 

PDMS compared to glass.  

 

Table 3.1 Diffusion rates on glass, PDMS (1:10 and 1:60) of 1,2-dioleoyl-sn-glycero-3-phosphocholine 
(DOPC), and 1,2-dipalmitoyl-sn-glycero-3-phosphocholine (DPPC) SLBs estimated from FRAP recovery 
profiles measured at 37 °C. 

Diffusion rate 

 DOPC DPPC  

Glass 1.0 µm2s-1 0.0 µm2s-1  

PDMS 1:10 0.82 µm2s-1 0.0 µm2s-1  

PDMS 1:60 0.89 µm2s-1   

 

Subsequently, we cultured hMSCs for 18 hrs in serum-free α-MEM medium on the 

different PDMS substrates (1:10, 1:33, 1:40 and 1:60) and evaluated the cell 

morphology (Figure 3.3). Bipalmitic acid-RGD was mixed in with the DOPC or DPPC 

lipids before extrusion of the vesicles in a 1% or 5% (mol%) RGD. All SLBs were 

applied to the PDMS substrate as above, resulting in SLBs with RGD ligands, that have 

different mobilities. The resulting culture on the fluidic and gel-state SLBs was 

influenced by the presence of RGD. When the RGD ligands were absent, hMSC 

adhesion was low and the cells remained in a rounded morphology, confirming that 

the SLB is essentially a non-fouling surface. The morphology of the cultured hMSCs 

differed between the different PDMS substrates, the ligand mobility and ligand 

concentration. hMSCs cultured on 1:60 PDMS were not adhering well and the few 
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cells on the substrate showed a rounded morphology regardless of the type of SLB 

and the concentration of the cell-adhesive ligand (Figure 3.3). Furthermore, little to 

no difference in morphology (small and round) was observed between the 1:10, 1:33 

and the 1:40 PDMS when coated with DOPC fluidic SLBs with cell adhesive ligands 

inserted, while when DPPC gel-state SLBs were used on the different PDMS 

substrates, a more stretched morphology with longer filopodia were observed 

(Figure 3.3).  

Increasing the concentration of RGD ligands on the SLBs, led to an increase in the 

number of cells that adhered to the surface coating. This observation suggests that 

RGD-ligand mobility and ligand density are the most important factors for hMSC 

adhesion and spreading. Cell adhesion and spreading was highest at low RGD-ligand 

mobility and high RGD ligand density. In culture, hMSCs exert a pull on the RGD-

ligands and when the cells encounter sufficient resistance, the hMSCs elongate and 

form stress fibres and focal adhesions as we observed in actin and vinculin stains 

(Figure 3.3). The mobile ligands in the DOPC SLB presumably provided hardly any 

resistance as soon as the cells applied force. The cells therefore remained round with 

no focal adhesions (Figure 3.3). In contrast, the DPPC gel-state SLB provided the cells 

with resistance when force was applied which presumably explains the more 

stretched morphology of the hMSCs. Increasing the concentration of RGD-ligands 

from 1% to 5% concentration caused the cells to become more numerous (Figure 

3.3). 
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Figure 3.3 Analysis of number of hMSC cells (A) and the cell area (B) when cultured  on PDMS with ratios 

ranging from 1:10 to 1:60, each coated with an SLB with either DOPC and DPPC and functionalised with 

no RGD, 1% or 5% RGD ligands.  *=no data available. C) Examples of fluorescence microscopy images of 

hMSC culture on PDMS coated with different SLBs (indicated by black arrows), stained for actin (red), 

vinculin (green) and nuclei (blue), showing differences in morphology. Scale bars represents 100 µm.  

 

The influence of the stiffness of the surface on hMSCs has been previously 

investigated and it was shown that the morphology of hMSCs was different when 

cultured on stiffer (50-60 kPa) and softer (8-10 kPa) hydrogels.2 The hMSCs had a 

more stretched morphology with long filopodia in the stiffer hydrogel, indicating that 

there could be more pulling forces applied.2 Others also connected the stiffness of 

the surroundings to the development of the cytoskeleton and the cell morphology.13–

15 The mobility of ligands in the SLB appears to have more influence on hMSC 

morphology than the PDMS stiffness underneath the SLB. While on DOPC fluidic SLBs 

hMSC appear round, on DPPC gel-state SLBs elongated hMSCs were observed. The 

RGD ligand density seemed to have a minor influence. The 1% RGD concentration 

already ensured more cells were present than on bare SLBs. 5% RGD did improve the 

cell adhesion compared to 1% RGD showing the influence of RGD concentration.  

3.3. Conclusions 

We observed that hMSCs adhere and spread to the same extent on PDMS of varying 

stiffness when these PDMS substrates were coated with SLBs in which cell adhesive 

RGD-ligands were present. Whereas on fluidic SLBs with RGD ligands small and round 

hMSCs were observed, on gel-state SLBs with the same ligands spread hMSCs were 

observed. The ability to coat different materials with a cell-instructive layer that 

introduces similar cell responses is very promising in future developments of organ-

on-chip devices and regenerative medicine. 
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3.5. Experimental section 

3.5.1. Surface preparation 

For all experiments, polydimethylsiloxane (PDMS) surfaces were prepared by mixing 

elastomer with its curing agent (Sylgard 184 elastomer kit, Dow Corning Corp, 

Midland, MI, USA) at the desired ratio. The mixtures were degassed, deposited as 

specified by the experiment and cured at 60 °C for 5 h. 

A mobile supported lipid bilayer (SLB) was prepared with 1,2-dioleoyl-snglycero-3-

phosphocholine (DOPC) and a solid SLB with 1,2-dipalmitoyl-sn-glycero-3-

phosphocholine (DPPC) in chloroform (all Avanti Lipids). The chloroform was 

evaporated resulting in a lipid cake. The lipids were resuspended in Dulbecco’s 

phosphate-buffered saline (DPBS) in a concentration of 1 mg/ml. The resulting 

multilamellar vesicles were extruded eleven times through a 100 nm Whatmann 

filter to form unilamellar vesicles. The unilamellar vesicles were sterilized by 

filtration (0.2 µm, Whatmann) and added to DPBS to a final concentration of 0.5 

mg/ml to rupture and form a bilipid layer by vesicle fusion. After 30 min the excess 

vesicles were washed off with DPBS, taking care that the SLB was not exposed to air. 

For fluorescence recovery after photobleaching (FRAP) the SLBs were made 

fluorescent by adding 0.2% Texas Red-2-dihexadecanoyl-sn-glycero-3-

phosphoethanolamine (TR-DHPE, Avanti Lipids) in methanol to the lipids in 

chloroform. The lipids were extruded as described before to obtain the unilamellar 

vesicles. For cell culture DOPC lipids or DPPC lipids were mixed with 0, 1 or 5 mol% 

bipalmitic acid-RGD (KGGRGDS) and extruded as described before to obtain the 

unilamellar vesicles. 

3.5.2. Young’s Moduli 

PDMS was prepared at a 1:10, 1:33, 1:40 and a 1:60 ratio and characterised by 

determining the Young’s moduli. The uncured PDMS mixtures were cast on atomic 

force microscopy (AFM) steel mounting disks with silicon barriers (Press to Seal 

silicon isolators – S/A, 7x7x2mm, Electron Microscopy Sciences, Hatfield US). The 

disks were placed in 6-wells plate (Greiner) and the PDMS was cured. 

A MultiMode 8 AFM instrument with a NanoScope V controller (Bruker) was 

operated in the PF-QNM mode to record 65.536 force-distance curves per map to be 

processed further on. The data was collected following a sine-wave sample-tip 
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trajectory with a frequency of 2 kHz and utilizing a peak-force amplitude value of 300 

nm, with the applied forces ranging from 10-30 nN (depending on PDMS type, but 

kept constant during a particular map generation). The ScanAsyst optimization in the 

user interface was set to “off” to keep other scanning parameters (e.g. scan rate and 

feedback loop) constant for each stiffness mapping. Image processing and data 

analysis were conducted with the NanoScope (version 9.7) and the NanoScope 

Analysis software (version 1.9), respectively. Measurements were performed in air 

and at room temperature (~ 21 °C).  

Medium soft cantilevers with a calibrated spring constant (range: 3.23 – 3.32 N/m) 

extracted from Laser Doppler Vibrometer (LDV) measurements were used 

(Nanotools GmbH, Biosphere B300-FM). The cantilevers were manufactured with a 

defined spherical tip (diamond-like carbon made) of the radius ranging from 300 to 

301 nm (measured by high resolution SEM) for the most accurate data fitting. The 

large tip-sample contact area leads to a low data scattering in the force-distance 

curves and guaranties good surface property averaging. The AFM optical sensitivity 

(deflection sensitivity) was “reverse” calculated based on thermal tune method.28  

The Young’s modulus was determined by fitting the slope of the extended part of 

force-distance curves, employing the Derjaguin, Muller, and Toporov (DMT) model 

of contact mechanics,29 with the following equation: 

𝐸 = (𝐹𝐿 − 𝐹𝑎𝑑ℎ)
3(1 − 𝜈2)

4
𝑅−

1
2(𝑧 − 𝑑)−

3
2 

where: 𝐹𝐿 – the applied maximum force (load), 𝐹𝑎𝑑ℎ – the adhesion force, 𝜈 – the 

Poisson’s ratio, 𝑅 – the AFM tip radius, 𝑧 – the position of the AFM scanner; 𝑑 – the 

cantilever deflection.  

The equation assumes the contact geometry between a plane surface and a 

paraboloid indenter ended with a sphere. For the Poisson’s ratio a value of 0.49 was 

used.30 Other values needed to perform calculation of the Young’s modulus from the 

DMT theory were extracted from force-distance curves.  

3.5.3. FRAP 

The mobility of the lipids in a supported lipid bilayer was determined by FRAP. PDMS 

was prepared at a 1:10 ratio and a 1:60 ratio. These mixtures were spin-coated on 

glass microscopy coverslips (diameter 15 mm) at 2,000 rpm, 300 rpm/s ramp for 2 

min (Spin Processor WS-650MZ-23NPP/LITE, Laurell Technologies). The spin-coated 

samples were placed in a 24- wells sensoplate (Greiner), cured and then activated 
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using O2-plasma (SPI Plasma-Prep II, SPI Supplies). The samples were sealed in the 

wells using silicon O-rings. To preserve the hydrophilicity, all the wells were filled 

with MilliQ water. A glass bottom 96-wells plate was treated with 1M NaOH for 1 h 

to activated the surface and the wells were filled with MilliQ water. A mobile, semi-

mobile and immobile SLB were prepared with 0.2% TR-DHPE for fluorescence and 

used for FRAP. FRAP experiments were performed on a Nikon A1 Confocal 

microscope at 37 °C and the diffusion rate was determined after the data was 

checked for chromophore recovery using the formula 𝐷𝑐𝑜𝑛𝑓𝑜𝑐𝑎𝑙 =
𝑟𝑒

2+𝑟𝑛
2

8𝜏1/2
, where re is 

the experimental radius of the bleach spot and rn the set radius and τ1/2 is the half 

time of recovery.12 

3.5.4. Cell culture 

The impact of the type of SLB, the ligand density and the stiffness of the underlying 

substrate on cell morphology was established by analysing cell morphology. The 

substrates used were PDMS in the 1:10 and 1:60 ratios. This was poured in a 48-wells 

plate and cured. The resulting substrates were treated with O2-plasma to activate 

the surface and to sterilize the surface as well. DOPC lipids or DPPC SLBs with 0, 1 or 

5 mol% bipalmitic acid-RGD was added to the 48-wells plate with PDMS surface. 

Human mesenchymal stem cells (hMSC; Lonza) were cultured in complete medium 

consisting of α-MEM medium (Gibco) supplemented with 10% FBS (Lonza), 100 U/ml 

penicillin (Gibco) and 100 µg/ml streptomycin (Gibco) and incubated at 37 °C and 5% 

CO2 up to one week before use. The hMSCs were seeded in the 48-wells plate at 

density of 5000 cells/cm2 and cultured for 18 h at 37 °C and 5% CO2. The cells were 

then fixed using 4% paraformaldehyde for 5 min and stained for actin (Phalloidin 

Alexa Fluor 568; 1:200; Thermo Fisher Scientific), vinculin (anti-hVIN-1-FITC, 1:200; 

Sigma-Aldrich) and the nucleus (DAPI, 1:1000). The cells were imaged using the 

Nikon A1 confocal microscope and analysed with the open-source software 

CellProfiler™ 4.1.3. 

3.5.5. Statistical analysis 

Statistical analysis of the data was performed using IBM SPSS Statistics 26, Origin 

2019 and the open-source software CellProfiler™ 4.1.3. FRAP data was analysed with 

Origin to check for Gaussian distribution and to determine the diffusion rate of lipids. 

The data from CellProfiler™ was analysed using Origin and the difference of cell area 

assessed with an ANOVA in SPSS. 
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3.6. Supplemental 

 

 

Supplemental 1 Intensity signal of fluorescent SLB after FRAP with A) 1,2-dioleoyl-sn-glycero-3-

phosphocholine (DOPC) and 1,2-dipalmitoyl-sn-glycero-3-phosphocholine (DPPC) on glass, all measured 

at 37 °C. The graph shows that the mobile DOPC lipids within the SLB move to occupy the bleach spot 

rapidly with 1.0 µm2s-1, and the immobile DPPC lipids did not move within the SLB at all. B) DOPC lipids 

on 1:10 and 1:60 PDMS, showing the intensity of the bleach spot and movement of DOPC lipids is equal 

of an SLB on 1:10 and 1:60 PDMS. 
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4. Chapter 4 

Guiding hMSC differentiation employing 

supported lipid bilayers in bone-on-chip 

microfluidic devices 

Abstract 

Human mesenchymal stem cells (hMSCs) can be differentiated into predetermined 

tissue. The cues that stem cells receive in vivo from the extracellular matrix (ECM) 

are of chemical and physical nature and they influence the morphology and 

differentiation of stem cells. In this chapter, we have used a microfluidic device with 

a pillar microarchitecture that is coated with a supported lipid bilayer (SLB). The SLB 

is functionalised with cell-adhesive ligands to promote initial hMSC adhesion, which 

then grows into a three-dimensional cellular network after 3 days in which the 

hMSCs were stretched. When induced to differentiate by chemical cues, the hMSCs 

differentiated readily into osteoblasts. First steps to further develop the SLB as an 

instructive coating were taken by inserting TGF-β1 binding ligands into the SLB and 

successfully bind TGF-β1 which could be detected by cells. The work in this chapter 

demonstrates the opportunities to provide the hMSC culture with both physical and 

chemical cues to steer differentiation toward osteogenesis inside a microfluidic 

‘bone-on-chip’. 
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4.1. Introduction 

During the development of organs in the embryonic stage, stem cells differentiate 

into specific tissue cells. The activation or deactivation of genes that regulate this 

process is influenced by the surroundings of the cell. The location of cells in the tissue 

and the microenvironment, the opportunity for forming cell-cell contacts and the 

information given to the cell via the contact of the cell with the extracellular matrix 

(ECM) are instrumental to guide the differentiation of stem cells.1–3 In addition, the 

physical forces exerted on cells, the amount of space available for cells and the 

presence of cell adhesion points influence the cell morphology and thereby its 

differentiation process.4,5 Some of these key chemical and physical cues can be 

incorporated in vitro in organ-on-chip devices to study their influence on cell fate, 

or, by blocking cues, to perform toxicological studies or to design disease models. 

For example, controlled delivery of soluble growth factors, surface functionalization 

with various ECM proteins or control over the mechanical properties of the substrate 

have been shown to guide differentiation of cultured stem cells.6–8 Control of the 

microarchitecture of the cell culture environment is also an efficient method to 

direct stem cell differentiation.9 Varying the porosity of a mesh in which stem cells 

are seeded or the topography of surfaces manipulates the morphology of stem cells 

and this influences cell differentiation.4,10,11  

By providing a three-dimensional (3D) microarchitecture in organ-on-chip (OoC) 

devices, it is possible to offer adhesion sites to form a network of cells, with sufficient 

space to deposit their own ECM, which will stimulate the cells to further adapt their 

morphology. Chapter 2 of this thesis describes the formation of a cellular network of 

human mesenchymal stem cells (hMSC) when hMSCs were cultured in 

polydimethylsiloxane (PDMS) microfluidic OoC devices that included an array of 28 

pillars with a 50 µm spacing and that was covered with ECM protein fibronectin. 

When these hMSCs were exposed to osteogenic medium, the hMSCs successfully 

differentiated towards bone cells, as confirmed by osteoblast markers RUNX2, 

osterix, ALP and osteocalcin, and calcium deposits in the device. The medium that 

was used in Chapter 2 contained a cocktail of dexamethasone, ascorbic acid and β-

glycerophosphate for the osteogenic differentiation of hMSCs,12 but other important 

stimuli for osteoblasts are known and could be included to further enhance 

differentiation. For example, transforming growth factor β1 (TGF- β1) is identified as 

an essential  protein in the differentiation of osteoblasts and could possibly be 

enough to solely trigger the differentiation pathway towards osteoblasts.13–16 In 

Chapter 3, it was shown that a supported lipid bilayer (SLB) coating can be applied 
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to PDMS, which can then be further tailored with cell-adhesive peptides. The lateral 

mobility of these active moieties can be tuned by selecting the lipids in the SLB. This 

mobility is an important factor that determines hMSC differentiation and using this 

method we were able to assemble cell-adhesive peptides on PDMS films while 

providing a non-fouling background.17 SLBs have been applied previously by us as a 

non-fouling layer in PDMS channels to block the adsorption of drug molecules in 

PDMS, but there are no reports of using SLBs inside microfluidic OoC devices to 

control cell adhesion and differentiation by inserting specific ligands in the SLB 

coating.18 

 

In this chapter, the aim is to introduce the SLB coating method into the structured 

microfluidic OoC device and provide cell-adhesive and TGF-β1 binding ligands to the 

cultured cells. This design of OoCs provides instruction to the hMSCs to differentiate 

into osteoblasts via suitable surface functionalization of the OoC device surface.  

4.2. Results & Discussion 

The PDMS microfluidic OoC device with a pillar array (Figure 4.1A, and see Chapter 

2) was treated with O2-plasma for 1 min to hydrophilize the PDMS. After filling the 

channel with 100 nm unilamellar vesicles of 1,2-dioleoyl-sn-glycero-3-

phosphocholine (DOPC) with 0.5% TopFluor® PE lipid dye, the device was left to 

stand for 30 min after which the device was inspected by fluorescence microscopy. 

This showed that the entire interior surface of the device, i.e. the bottom and top of 

the chamber and the sides of the pillars, were evenly coated with the SLB (Figure 

4.1B). 
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Figure 4.1 A) Photographs of the OoC device with pillar-array microarchitecture. The device is filled with 
a red-coloured dye. B) Fluorescence microscopy image of the central part of the device. The entire device 
is coated with an SLB containing a green fluorescent dye (TopFluor® PE ). Scale bar represents 200 µm. 

 

Fluorescence recovery after photobleaching (FRAP) experiments were performed on 

SLBs that contained 0.2% Texas Red dye labelled lipids (TR-DHPE) in the area of the 

device just adjacent to the pillar array and on the side of a pillar (Figure 4.2). Diffusion 

coefficients were derived to be 1.5 µm2/s and 1.0 µm2/s, respectively. These 

diffusion coefficients of the lipids are comparable to that of the diffusion coefficients 

of lipids in SLBs that were made on flat PDMS (see Chapter 3). 
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Figure 4.2 FRAP experiments in the OoC device covered with DOPC SLBs complemented with TR-DHPE. 
Fluorescence recovery profiles and images A) in the area without pillars and B) on the side of a pillar. The 
graph on the left-hand side depicts the profile of the bleach spot over time. On the right-hand side, the 
red rectangles indicate the area in the device that was imaged and the red circles indicate the bleached 
spots. The different timepoints are colour coded (green, blue and purple) and linked to the graph. 

 

In Chapter 2, it was shown that it was possible to culture and differentiate hMSCs in 

our microfluidic PDMS devices with the pillar arrays when a coating of fibronectin 

was applied to the surface. hMSCs adhered to the device surface and confluency was 

reached in 3 days where the cells were stretched between adjacent pillars and 

covered the entire volume of the device. The cells showed thick actin fibres with 

vinculin present around the circular nuclei, indicating that the vinculin was not 

activated to form full focal adhesions for strong adhesion of cells to the surface.19  

In contrast, when the SLB was applied to the surface of the PDMS in the devices and 

hMSCs were cultured on them for 3 days, a significant lower number of cells were 

observed in the device (Figure 4.3C) when compared to the devices that were not 

treated (bare PDMS) (Figure 4.3A) or that were coated with fibronectin (Figure 4.3B). 

This result demonstrates that the DOPC SLB in the PDMS devices can be used 

effectively as an hMSC non-adherent coating in agreement with previous 
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observations where hMSCs were found to be non-adherent on DOPC-based SLBs on 

flat PDMS (Chapter 3) and as previously observed by our group on SLBs on 

glass.17,20,21 As a next step, the SLBs in the PDMS device were functionalised with cell 

adhesive Arg-Gly-Asp (RGD) peptides, which constitute the integrin binding site in 

fibronectin. The RGD peptides were functionalised with a cholesterol (Chol) moiety 

to enable stable, irreversible insertion into the SLBs.22,23 After applying the SLBs to 

the PDMS device, first a solution with Chol-RGD was added to the device (2µM) for 

30 min and then cells were seeded in the device in serum-free medium 

supplemented with Chol-RGD to ensure the binding of hMSCs to Chol-RGD ligands.24 

On day 3, the hMSC culture was observed to be confluent, indicative of cell adherent 

properties of the SLB coated PDMS device when Chol-RGD is present (Figure 4.3D). 

In the device area with the pillar array cells not only wrapped around the pillars, but 

also filled the entire volume between the pillars. The morphology of the hMSCs was 

similar to that observed for the cells in the fibronectin-coated device (Figure 4.3B), 

as is indicated by the actin and vinculin stains. The cell numbers appeared to be 

slightly lower in the devices with Chol-RGD-functionalised SLBs compared to the 

fibronectin coated devices. These results indicate that the SLB coatings and their 

bioactive functionalization can be successfully applied as a coating for hMSC culture 

inside microfluidic OoC devices. 

 

Figure 4.3 Microfluidic devices with hMSC cell culture on A) uncoated, bare PDMS, B) fibronectin coated 

PDMS, C) SLB coated PDMS, and D) SLB functionalised with Chol-RGD on PDMS. Cells are stained for actin 

(red), vinculin (green) and the nucleus (blue). All scale bars represent 100 µm. 

 

Alternatively, a palmitoylated RGD (C16-RGD) was reversibly inserted22,23 into the 

SLB from solution to study whether the reversibility of the insertion in the SLB 

influences the cell response in the device.25,26 After functionalizing the SLBs with 

either Chol-RGD or C16-RGD, hMSCs were seeded in the devices for 3 days. In the 

case of Chol-RGD devices, cell confluency was observed which was in strong contrast 

to the C16-RGD devices, where only cells were observed that adhered to the sides of 

the pillars while other parts of the device remained empty. These observations are 
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supposedly caused by with the difference in affinity of the two peptides for the SLB. 

This difference in affinity leads to Chol-modified ligands that do not desorb from the 

SLB into the medium, but remain inserted in the SLB, while C16-modified ligands can 

readily desorb from the SLB into the medium.22,23,25 

To verify whether the microfluidic OoC devices coated with Chol-RGD SLBs are a 

suitable microenvironment for long-term culture and cell manipulation, an 18-day 

hMSC osteoblast differentiation assay was performed in devices coated with Chol-

RGD SLBs and devices coated with fibronectin. After an initial attachment period (3 

days) in normal cell culture medium, the cells were exposed for 18 days to an 

osteogenic culture medium, containing dexamethasone, ascorbic acid and β-

glycerophosphate. The resulting cell cultures were analysed (at day 0, 3, 6, 11 and 

18 of culture) for known osteogenic markers. After 3 days of osteogenic medium, the 

culture displayed elevated levels of the markers RUNX2 and osterix, which indicates 

early differentiation of hMSCs to osteoprogenitor cells (Figure 4.4). After 18 days of 

differentiation, the cells displayed elevated levels of ALP, which is a marker for 

mineralisation, and osteocalcin, which indicates bone induction (Figure 4.5). These 

results demonstrate that the osteoblastic differentiation potential of hMSCs is 

retained and follows the same time windows in the RGD-functionalised SLB OoC 

devices as in standard fibronectin coated analogues27. 
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Figure 4.4 Differentiation of hMSC to osteoblasts analysed on day 3, 7, 11 and 
18, analysed with fluorescence microscopy. Decrease of early differentiation 
markers osterix and RUNX2. All scale bars represent 200 µm. 
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Figure 4.5 Differentiation of hMSC to osteoblasts analysed on day 3, 7, 11 and 18, analysed with 

fluorescence microscopy. Increase of late differentiation markers ALP and osteocalcin. Nuclei 

stained with DAPI. All scale bars represent 200 µm. 
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In a next set of preliminary experiments, we have functionalized the SLBs not only 

with cell-adhesive RGD ligands, but also with TGF-β1 growth factor binding ligands, 

as TGF-β1 has a regulatory role in the differentiation of hMSCs in osteoblasts.13–16 

First, it was verified whether TGF-β1 binding ligands could be inserted into SLBs and 

whether they could bind TGF-β1 onto the SLB surface. After SLBs were formed, 

palmitoylated TGF-β1 binding ligands were inserted into the SLBs and the binding of 

TGF-β1 was evaluated using Mink lung epithelial cells (MLEC), which express 

luciferase when TGF-β1 is taken up.28 MLEC cells showed higher luminescence when 

cultured on TGF-β1 binding ligands when compared to when MLECs were cultured 

on normal culture plates or on PDMS (Figure 4.6), indicative of more TGF-β1 

available on SLBs.29  

 

These preliminary results are promising but need to be repeated and further 

analysed. Prior studies showed that when the cellular pathway is sufficiently 

Figure 4.6 Luminescence signal of MLEC cells indicating availability of TGF- β, cultured on SLB. MLEC cells 

were presented with bare SLB of DOPC lipids, a SLB of DOPC with RGD attachment points, a SLB of DOPC 

with RGD and TGF-β1 presented, bare PDMS, or were culture on standard culture plate. All were 

corrected for the number of cells present.  
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triggered it can continue the cell process without any further instructions, using the 

established cell-cell and the cell-ECM interactions.30–32 The TGF- β1 assay with the 

MLECs is a first step towards achieving such instructive surface coatings. 

4.3. Conclusions and Outlook 

We demonstrated that the entire surface of the microstructured organ-on-chip 

devices can be coated with supported lipid bilayers. These DOPC SLB coated OoC 

devices are non-adherent to hMCSs, but cell-adherent OoC devices have been 

achieved when SLBs were tailored with cell-adhesive Chol-RGD, which self-

assembles in the SLB coating. hMSCs adhered to the entire device surface and 

formed a near 3D network across the pillars. The SLB can be further functionalised 

with TGF-β1, showing the possibilities of this versatile coating. 
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4.5. Experimental section 

4.5.1. Microfluidic device fabrication 

The microfluidic devices were fabricated as before in the Microfluidic device 

fabrication in chapter 2. Completed devices were covered in MilliQ water to fill the 

channels and to preserve hydrophilicity. The devices that served as a positive control 

were coated with fibronectin from bovine plasma (Sigma-Aldrich) as indicated by the 

manufacturer. 

4.5.2. Supported lipid bilayer formation in microfluidic devices 

A supported lipid bilayer (SLB) was prepared using 1,2-dioleoyl-sn-glycero-3-

phosphocholine (DOPC; Avanti Lipids) in chloroform. The chloroform was 

evaporated resulting in a lipid cake. The lipids were resuspended in phosphate 

buffered saline (DPBS) in a concentration of 1 mg/ml. The resulting multilamellar 

vesicles were extruded multiple times through a 100 nm Whatmann filter to form 

unilamellar vesicles. This vesicle suspension was sterilised by filtration (0.2 µm, 

Whatmann) to make it suitable for use in cell culture. The microfluidic devices were 

flushed with sterile DPBS prior to flushing the vesicle suspension through the 

devices. This vesicle suspension was incubated for 30 min to ensure adherence and 

rupture of the vesicles. After incubation the devices were rinsed profusely with 

DPBS. The SLB is then be functionalised when desired with an RGD linked to 

cholesterol (cholesteryl-KGSGRGDSG; Chol-RGD) by incubating with a 2 µM solution 

in DPBS for 2 hours. The Chol-RGD inserted itself into the SLB naturally. Another 

strategy for functionalising the SLB is with C16 linked RGD. 2 µM C16:0-RGD 

(palmitoyl-KGSGRGDSG) in DPBS was added to the lipid suspension, the suspension 

with the RGD was extruded and the vesicles used to form the SLB. The devices were 

used for cell seeding without a rinsing step. The formation of the SLB was checked 

by adding 0.5% 1-palmitoyl-2-(dipyrrometheneboron difluoride) undecanoyl-sn-

glycero-3-phosphoethanolamine (TopFluor® PE; Avanti Lipids) to DOPC lipids prior to 

preparation of the lipid cake. 

4.5.3. hMSC culture and differentiation in microfluidic devices 

Human mesenchymal stem cells (hMSC; Lonza) were cultured in complete medium 

consisting of α-MEM medium (Gibco) supplemented with 10% FBS, 100 U/ml 

penicillin and 100 µg/ml streptomycin (Sigma) and incubated at 37 °C and 5% CO2 up 
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to one week before use in the assays. As a positive control, devices were coated with 

fibronectin. The cell suspension for the microfluidic devices was at a concentration 

of 106 cells/ml. Cell suspension was supplemented with Chol-RGD to a final 

concentration of 2 µM Chol-RGD in complete medium when used in the SLB-coated 

microfluidic devices functionalised with Chol-RGD. The hMSCs were cultured in the 

microfluidic devices up to 3 days at 37 °C and 5% CO2 with a sufficient amount of 

culture medium on top of the device to connect both inlet and outlet. The culture 

medium in the device was changed daily.  

Cell differentiation was induced on day 3 of culture. Complete medium was replaced 

by osteogenic differentiation medium which consisted of α-MEM medium (Gibco) 

supplemented with 10% FBS, 100 U/ml penicillin, 100 µg/ml streptomycin (Sigma), 

0.2 mM ascorbic acid, 100 nM dexamethasone and 10 mM β-glycerophosphate. Cells 

were cultured up to 18 days in differentiation medium, with medium being refreshed 

daily. Cell adherence and cell differentiation were checked using 

immunofluorescence. For cell adherence the hMSCs were fixed with 4% 

paraformaldehyde for 5 min at 4 °C and washed with DPBS. The hMSCs were 

permeabilized by 0.5% Triton X in DPBS for 10 min, and stained with Alexa Fluor 

Phalloidin 568 (Molecular Probes, Thermo Fisher Scientific, 1:100) for actin, 

monoclonal anti-human vinculin-FITC antibody (anti-hVIN-1, Sigma Aldrich, 1:100) 

for vinculin in 0.1% Triton X and 5% bovine serum albumin (BSA) in DPBS for 1 h at 

room temperature. After 3x wash with DPBS the nucleus was stained with DAPI 

(1:1,000 in DPBS) and after a 2x wash with DPBS before closing the device with a 

cover glass. This provided information on the shape of the cells and on the formation 

of focal adhesions. Cell differentiation of hMSCs to osteoblasts was monitored with 

stem cell markers STRO-1 and CD90; early differentiation markers RUNX2 and 

osterix; mineralisation marker ALP; and bone induction marker osteocalcin. 

4.5.4. FRAP analysis 

The movability of the lipids in a supported lipid bilayer within the microfluidic device 

described in Chapter 2 was determent by fluorescence recovery after 

photobleaching (FRAP). For this experiment, microfluidic devices were coated with a  

mobile SLB was prepared by mixing 1,2-dioleoyl-sn (DOPC) in chloroform with 0.2% 

Texas Red-2-dihexadecanoyl-sn-glycero-3-phosphoethanolamine (TR-DHPE) in 

methanol The unilamellar vesicles were prepared as described before and were 

added to the DPBS in the microfluidic device to rupture and form an SLB by vesicle 

fusion. After thorough washing the devices were used for FRAP. FRAP experiments 
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were performed on a Nikon A1 Confocal microscope at 37 °C and the diffusion 

coefficient was determined after the data was checked for chromophore recovery 

using the formula𝐷𝑐𝑜𝑛𝑓𝑜𝑐𝑎𝑙 =
𝑟𝑒

2+𝑟𝑛
2

8𝜏1/2
, where re is the experimental radius of the 

bleach spot, rn the set radius and τ1/2 half time of recovery33 As the Kang calculation 

assumes a circle the FRAP analysis on the side of the pillar is a slight estimate, the 

rounded side of the pillars make the bleaching spot33 The circular bleaching spot (ø 

10 µm) of the analysis is relatively small compare to the pillar (ø 250 µm) and it makes 

this a valid estimate of the diffusion coefficient. 

4.5.5. TGF-β1 binding peptide synthesis 

An amino acid peptide with sequence KGLPLGNSH was synthesised in an 

automated synthesizer (Syro ll, multiSynTech). Fmoc-Rink 

4-methylbenzhydrylamine (MBHA) resin (200 mesh, Novabiochem) was loaded at 

0.52 mmol/g and 50 mg was swollen in 1-methyl-2-pyrrolidinone (NMP). Amino acids 

(MultiSynTech) were protected using Fmoc groups and were dissolved in NMP at a 

concentration of 0.29 M. 20% piperidine in NMP was used as Fmoc-deprotection of 

the amino acids and resin, 0.3 M hydroxybenzotriazole (HOBt) in NMP was used as 

racemization suppressor and 0.26M N,N,N′,N′-Tetramethyl-O-(1H-benzotriazol-1-

yl)uronium hexafluorophosphate (HBTU) in NMP and 0.52 M N,N-

diisopropylethylamine (DIPEA) were used as coupling reagents. The resin was 

swollen in NMP for 2 h. The first three coupled amino acids (HSN) were performed 

with a single coupling for 80 min, on the remaining 6 amino acids (GLP LGK) a double 

coupling was performed of twice 80 min. The last amino acid was left protected and 

the peptide sequence was also not yet cleaved from the resin.  

4.5.6. Coupling peptide to hydrophobic tail 

The resin was reswollen for 2 h in NMP. After removal of NMP, 20% piperidine in 

NMP was added and reacted for 5 min while shaking at 400 rot/min. This step was 

repeated with reaction for 15 min. After the removal of piperidine it was washed 3 

times with NMP and 3 times with dichloromethane (DCM). 1.1 ml of 0.52 M DIPEA 

in NMP and 6 ml of 0.52 M NHS-palmitate (Sigma Aldrich) was added, this reaction 

was carried out at room temperature for 5 h on a shaking plate at 400 rot/min. A 

Kaisar test was performed on a section of the resin, and after confirmation of the 

result the peptides were cleaved from the resin and amino acid side groups were 

deprotected. A fresh cleaving cocktail was prepared of 2.5% MilliQ, 2.5% 

triisopropylsilane (TIS) and 95% trifluoroacetic acid (TFA). The cleavage was carried 
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out for 3 h while shaking at 400 rot/min. The peptides were precipitated in cold 

diethylether and the TFA and ether were removed in a rotary evaporator. The 

peptides were redissolved in MilliQ water and this solution was freeze-dried in the 

lyophilizer. The resulting products were analysed with MS (Waters ESI+ToF 

spectrometer, Micromass LCT) and HPLC with a positive column for acidic conditions. 

Prior to analysis, the vials were sonicated for 2 min to homogenise the suspension. 

4.5.7. MLEC uptake of TGF-β1 from SLB 

A supported lipid bilayer was prepared as usual with C16:0 linked TGF-β1 binding 

peptide (sequence KGLPLGNSH) added to the DOPC lipid suspension prior to 

formation of the unilamellar vesicles. A TC-treated 96-wells culture plate was 

prepared by adding a thin layer of PDMS in each well. The surface was activated using 

O2-plasma activation (40 mA DC current and 200 mTorr vacuum pressure for 60 sec) 

using the Plasma etcher SPI Plasma-Prep II (SPI Supplies, West Chester PA, USA) and 

DPBS was added to preserve hydrophilicity. Unilamillar vesicles (100 mg/ml) with 

TGF-β1 binding protein were added to DPBS to a final concentration of 50 mg/ml. 

After formation of the SLB the Chol-RGD was added and left to insert into the SLB 

naturally. Recombinant human TGF-β1 (HEK293 derived, PeproTech Inc.) was added 

to the formed SLB. Mink Lung Epithelial Cells (MLECs, a kind gift from DBE laboratory) 

were seeded at 64,000 cells/cm2 and incubated at 37 °C and 5% CO2
 for 24 h in DMEM 

medium supplemented with 10% FBS, 5% L-glut and 1% Pen/Strep. The MLECs 

expressed luciferase thanks to the Plasminogen activator inhibitor 1 – PAI-1 

promoter when the TGF-β gene is activated.28 The cells were lysed and the luciferase 

was quantified using the Luciferase assay system (Promega, E4530) and measured 

with the EnSpire® PerkinElmer Multimode plate reader. Luciferase values were 

normalized for the number of cells by quantifying DNA with the CyQuant cell 

proliferation assay (Invitrogen).   
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5. Chapter 5 

Culturing cardiomyocytes in a microfluidic device 

with defined, biomimetic microarchitecture 

Abstract 

The use of cardiomyocytes in organ-on-chip devices is particularly interesting as they 

can be used in modelling cardiovascular disease. When culturing cardiomyocytes in 

microfluidic devices, it is a challenge to control the three-dimensional shape of the 

cultures, as they tend to pull together into beating clusters. In this chapter, we used 

a microfluidic device with defined micro-engineered pillars to control the shape of 

stem cell-derived cardiomyocyte cultures. Initially, cardiomyocytes evenly covered 

the device surface while at a later stage, large clusters containing many cells were 

observed that surrounded the pillar arrays in the device. At the early stage of the 

culture the beating motion was heterogeneous and independent in different small 

clusters, but at a later stage larger scale wave-like patterns of contraction in larger 

clusters interspersed by pillars were observed.  

The experiments in this chapter demonstrate that functional cardiomyocytes can be 

cultured in a microfluidic device with defined microarchitectures. Moreover, the 

study provides a first step towards modelling cardiac disease processes associated 

with scar tissue and other defects in cardiac tissue in vitro, as the pillars do not 

conduct electrical signals, analogous to how cardiac defects affect electrical 

conductivity in the heart. 
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5.1. Introduction 

Cardiovascular diseases are among the leading causes of death worldwide and often 

cause disability.1,2 A changing cardiac wall structure due to cardiac remodelling after 

injury, for instance, is a major health issue and therefore subject to much research.3–

6 Cardiac remodelling is a natural response to cardiac trauma such as ischaemia or 

necrosis after a myocardial infarction. The scar tissue that forms in response to 

cardiac injury neither contracts like the cardiac muscle nor does it conduct the 

electric signal through the cardiac muscle. To still meet the required cardiac output 

after heart injury, cardiac remodelling occurs. The heart changes in size, shape and 

structure. Often there is thickening of the cardiac wall, which in turn can lead to a 

decrease in size of the ventricles. These changes will lead to cardiac dysfunction and 

eventually to heart failure. Animal models are widely used to study cardiac 

remodelling, but stem cell-derived human cardiomyocytes (CMs) can also be used to 

model associated processes in vitro.7–9 By supplying CMs with several surfaces that 

vary in their stiffness, the influence of a physically changing environment on 

contraction, conductivity of the electrical action potential and cell morphology can 

be studied.10–14 Such experiments are facilitated by using cells that express 

fluorescent reporter proteins, such as the recently reported Double Reporter 

mRubyII-α-Actinin GFP-NKX2.5 (DRRAGN) human embryonic stem cell line.14 CMs 

derived from this cell line were used in systematic studies to assess the behaviour of 

cardiac cells to changes in surface stiffness in vitro.15,16 DRRAGN-CMs contain a GFP-

reporter for NKX2.5, a key transcription factor in cardiac precursor cells, and 

fluorescent mRubyII fused to α-actinin, a major cytoskeletal protein in the 

sarcomeric structure that is important for CM contraction.17–20 After differentiation 

of DRAGGN embryonic stem cells, the expression of NKX2.5 identifies the cells that 

have been derived from a cardiac lineage. α-Actinin and its localization in the 

sarcomeres allows detailed monitoring of contractile behaviour of DRRAGN-CMs.21 

Long-term culture of CMs in high densities often leads to uncontrolled clumping and 

formation of 3D cell clusters. A common strategy to control the formation of tissues 

in vitro is to impose a defined 3D cardiac tissue shape by offering specific locations 

within the modelling devices for the CMs to envelop. 

In this chapter, we take advantage of the self-organizing behaviour of cardiac cells in 

the presence of defined microarchitecture to induce a 3D cell network inside a 

microfluidic device. The microfluidic device used in this chapter contains a 

microarchitecture of 28 vertical pillars and has previously been applied in controlling 
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cultures of human mesenchymal stem cells (hMSCs) (Chapters 2 and 4) and was 

found to be successful in providing defined attachment locations for the cultured 

cells. The pillar structures improved the otherwise poor adhesion of hMSCs to the 

polydimethylsiloxane (PDMS) device surface to form a confluent culture. Since 

hMSCs do not have a natural tendency to clump together22, it will be interesting to 

observe the CMs in a microfluidic device with this microarchitecture. The survival of 

the high-metabolic CMs in a culture with only a small amount of medium is not 

certain.3 This initial study will show how CMs organize themselves in such a 

structured device and whether a beating motion can be observed. The behaviour of 

DRRAGN cardiomyocytes in this microfluidic device will be informative for the design 

of future microfluidic cardiac disease models, for example, when studying the effects 

of non-conductive areas in the context of cardiac remodelling.  

5.2. Results and Discussion 

Before harvesting, the DRRAGN-CM cells were visually inspected in the 

differentiation culture. Cells that were clearly, visibly beating in unison and positive 

for α-actinin and NKX2.5 were chosen for seeding in the device. The microfluidic 

device (Figure 5.1) containing 28 pillars was prepared with the standard vitronectin 

and Mouse Embryonic Fibroblasts (MEF) medium surface coating for the DRRAGN-

CMs and the cells adhered well to the surface of the microfluidic device upon 

seeding.  
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Figure 5.1 Microfluidic device measures 16 mm in total length with a channel height of 400 µm. Inlet and 

outlet channels measure 200 µm in width. A) Photograph of the device placed on a PDMS covered 

microscope slide, filled with a red dye; B) Top-view of the microfluidic device, filled with a red dye. Close-

up (brightfield image) of the side view of the pillars within the hollow chamber. The surface of the device 

is coated with vitronectin and MEF medium for DRRAGN-CM culture. 

 

On day 1 of culture, the DRRAGN-CMs occupied the microfluidic device throughout, 

with the DRRAGN-CMs just starting to come together. (Figure 5.2). There were no 

clear differences in cell occupation of the non-pillared section compared to the 

pillared section of the device, nor was there any major cell clumping visible 

throughout the device (Figure 5.2). The cells expressed the green NKX2.5 reporter 

signal and red fluorescent α-actinin. There was no contraction visible in the cells. The 

microdevice was kept under a 45° angle during culture to provide the highly 

metabolically active DRRAGN-CMs with nutrients and to remove waste products as 

the medium was replenished with approx. 100 µl in 24 hours. The medium in the 

reservoirs mounted on the device as well as in the device itself was refreshed with 
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new medium every 24 hours by pipetting 200 µl of medium in 5 sec through the 

device.  

 

 

Figure 5.2 DRRAGN cardiomyocytes in a microfluidic device on day 1 of culture at the outlet (top) and in 

the pillar area (bottom). Brightfield (left) and fluorescence (right) microscopy images with α-actinin in 

red and NKX2.5 in green. The cardiomyocytes are spread though-out the device and show mild clumping. 

Scale bars represent 200 µm. 

 

On day 2, after a single medium refresh, the DRRAGN-CMs between the pillars were 

condensed into small clumps that were spread between the pillars (Figure 5.3). The 

live-cell fluorescent reporter signals were present and a slow and weak contraction 
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was observed. The DRRAGN-CMs appeared to have moved from their previous 

location and formed larger cell aggregates in the non-pillared sections of the 

microfluidic device. Between the pillars, the cell clusters were smaller, as fewer cells 

were present on the reduced effective culture area. 

 

 

Figure 5.3 DRRAGN cardiomyocytes in a microfluidic device on day 2 of culture at the outlet (top) and in 

the pillar area (bottom). Brightfield (left) and fluorescence (right) microscopy images with α-actinin in 

red and NKX2.5 in green. The cardiomyocytes are clumping in between the pillars and in the non-pillared 

section of the device. Scale bars represent 200 µm. 
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On day 3, large aggregates were present in the non-pillared section of the device, 

while the smaller aggregates between the pillars disappeared with only a few very 

small aggregates remaining (Figure 5.4 DRRAGN cardiomyocytes in a microfluidic 

device on day 3 of culture. A) Brightfield microscopy image with the clumping of the 

cardiomyocytes surrounding the pillars. The cluster contracted around the pillar in a 

wave-like motion of contraction. Arrows indicate movement direction. B) Brightfield 

(left) and fluorescence (right) microscopy images with α-actinin in red and NKX2.5 in 

green at two positions in the device. In comparison to earlier time points, the NKX2.5 

expression was decreased. There are a small number of smaller clumps between the 

pillars and the larger clumping lies in the non-pillared section of the device.). The 

large aggregates displayed a triangular shape, following the overall shape of the walls 

of the device and were attached to the outer row of pillars of the device. The larger 

aggregates of cells surrounded the pillars. As a result of this aggregation with pillars 

amidst the aggregate, these DRRAGN-CM aggregates did not contract uniformly, but 

the contraction was coordinated and moved from one side of the cluster to the other 

in a wave-like motion.  
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Figure 5.4 DRRAGN cardiomyocytes in a microfluidic device on day 3 of culture. A) Brightfield microscopy 

image with the clumping of the cardiomyocytes surrounding the pillars. The cluster contracted around 

the pillar in a wave-like motion of contraction. Arrows indicate movement direction. B) Brightfield (left) 

and fluorescence (right) microscopy images with α-actinin in red and NKX2.5 in green at two positions in 

the device. In comparison to earlier time points, the NKX2.5 expression was decreased. There are a small 

number of smaller clumps between the pillars and the larger clumping lies in the non-pillared section of 

the device. Scale bars represent 200 µm. 
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On day 3, fluorescent NKX2.5 was not detected in the smaller aggregates of cells and 

the small number of single cells. For the larger aggregates however fluorescent 

NKX2.5 was predominantly detected in the cells on the outside of the aggregates, 

while in the centre the fluorescence of NKX2.5 was of lower intensity. The contractile 

movement was discernible on day 2, however there was neither a very visible 

displacement of the aggregate in the beating motion, nor was it quick (approx. 5 

beats/min). On day 3, the displacement of the aggregate was more visible and faster 

(approx. 7 beats/min). The rounded aggregates contracted uniformly, there was one 

beat in the aggregate visible. This is in contrast to when the aggregates surrounded 

one or more pillars. The beating motion moved slower through the cluster as the 

motion through this aggregate appeared wave-like, moving from contraction at one 

side of the aggregate towards the other side of the pillar. 

Based on these observations, the microarchitecture successfully provided the 

DRRAGN-CMs culture with a predetermined shape. In areas without pillars, the 

cardiac tissues followed the tapered shape of the inlet and outlet of the culture 

chamber to form a triangular shape. In addition, the pillars were clearly affecting the 

formation and shape of the clusters of DRRAGN-CMs. On day 1 of culture, all cells 

were evenly spread in the device, also between the pillars. The clustering began 

between those pillars, resulting in isolated clusters throughout the device. This 

ensured that the bigger clusters which occurred at the longer culture of 3 days were 

also more spread through the device and were formed around the pillars. 

NKX2.5 expression is usually not lost in cell culture with DRRAGN-CMs,14 but on day 

3 of this experiment this was the case. Contrary to the large cell clusters positioned 

in areas without pillars, the smaller cell clusters residing between the pillars no 

longer expressed NKX2.5. This could indicate that these cells have differentiated to 

different lineages, such as cells of the sinus node.20  

5.3. Conclusion & Outlook 

The design of the microfluidic device allowed for the formation of beating cell 

clusters around one or more pillars. We observed that the microarchitecture is 

capable to support the shape of the DRRAGN-CM clusters. The clusters first form 

between the pillars and then develop into larger clusters without leaving the area 

between the pillars, resulting in small separate aggregates. The larger clusters 

however can be found in the non-pillared section, as there are more cells seeded on 

the larger culturing area. These clumps roughly have a triangular shape, appearing 

to mirror the tapered shape of the non-pillared section of the device. This means 
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that the shape of the device could be used to influence the shape of the clusters. The 

apparent decrease of NKX2.5 indicates that there is a possibility that the CMs change 

in cell type or specialize in cell function. In future studies, this possibility can be 

confirmed with for instance real-time reverse transcriptase PCR, where the amount 

and type of mRNA is quantified to determine changes in gene expression in the cells 

within the aggregate.  

The formation of a large aggregate around and between pillars and its subsequent 

behaviour of wave-like contraction offers potential for modelling of damaged cardiac 

wall in vitro. The non-conductive damaged tissue causes a beating pattern in the 

cardiac wall that is recapitulated by the CM aggregates interspersed with non-

conducting pillars in the microfluidic device. The pillars within a contracting cluster 

could therefore function as a model for the non-conductive scar tissue that is present 

after trauma to the cardiac tissue. In future studies, the device may therefore be 

used as a disease model for cardiac wall defects. 
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5.5. Experimental Section 

5.5.1. Microfluidic device fabrication 

A microfluidic device was designed using CleWin 4 (WieWeb Software, Hengelo, the 

Netherlands) and was constructed using soft lithography. First, a negative mold was 

constructed using photolithography with a negative photoresist. In short, after 

cleaning silicon wafers using the UV/Ozone ProCleaner™ Plus (10 min, BioForce 

Nanosciences Inc., Ames, IA, USA), SU-8 100 photoresist was spin-coated onto them 

(10 sec at 500 rpm, then 30 sec at 1000 rpm) and then the wafers were placed in an 

oven for 30 min at 65 °C, followed by 90 min at 95 °C. Then, a mask was placed over 

the SU-8 coated wafer and exposed to UV-light (power density 12 mW/cm2) for 

approximately 30 seconds, after which the wafer was placed on a hot plate (95 °C) 

for 20 min. Then, the wafer was rinsed with acetone and isopropanol, dry spun and 

cured on a hot plate (135 °C) for 1 h. 

Polydimethylsiloxane (PDMS) was prepared by mixing Sylgard 184 elastomer with its 

curing agent (Dow Corning Corp, Midland, MI., USA) at a 1:10 ratio. This mixture was 

degassed and subsequently cast on the negative mold SU-8 wafer to create the 

microfluidic channels and chamber. PDMS was poured onto a microscopy slide until 

an even coating of PDMS was reached and cured at 60 °C for 5 h. Then, the PDMS 

was peeled off the negative mold wafer, cut into blocks and the inlet and outlet were 

punched using a 1 mm gauge puncher. The microfluidic devices were bonded to the 

PDMS covered microscopy slides using O2-plasma activation (40 mA DC current and 

200 mTorr vacuum pressure for 60 seconds) using the Plasma etcher SPI Plasma-Prep 

II (SPI Supplies, West Chester, PA, USA). Then, the devices were covered in MilliQ 

water to fill the channels and to preserve hydrophilicity.  

5.5.2. Cell culture 

DRRAGN-CMs were provided by the Applied Stem Cell Technologies department of 

the University of Twente where cells were differentiated as previously reported.21,23 

Briefly, human induced pluripotent stem cells (hiPSCs) were seeded at a density of 

25,000 cells per cm2 on Matrigel®-coated 6-well plates in Essential 8™ medium 

(ThermoFisher) on day −1. At day 0, mesodermal differentiation was initiated by 

addition of Wnt activator CHIR99021 (1.5 μmol/L, Axon Medchem), Activin-A (20 

ng/mL, Miltenyi) and BMP4 (20 ng/mL, R&D systems) in serum-free BPEL medium 

(BSA, polyvinyl alcohol, essential lipids, ThermoFisher). At day 3, Wnt was inactivated 
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by adding XAV939 (5 μmol/L, R&D Systems) in BPEL medium. In addition, Matrigel® 

(1:200) was added to promote adhesion of cells. Cell cultures were refreshed on day 

7 and 10 with BPEL after the start of differentiation until differentiation was 

completed on day 13. A visual inspection ensured that the cells were contracting, 

and displayed NKX2.5 and α-actinin expression. The microfluidic devices were coated 

with vitronectin in DPBS (500 µg/mL, ThermoFisher) for 1 h, followed by 1 h of 

coating with Mouse Embryonic Fibroblasts (MEF) medium (DMEM/F12 with 

GlutaMAX™, 10% FBS, 1% MEM NEAA and 1% penicillin/streptomycin, all from 

ThermoFisher). The cell suspension for the microfluidic devices was at a 

concentration of 106 cells/ml in cell culture medium. The CMs were cultured in the 

microfluidic devices up to 3 days at 37 °C and 5% CO2 with the devices at an angle of 

45° to ensure a constant flow of medium. To provide the pressure and the needed 

medium, 200 µL pipette tips were placed in the inlet and outlet of the devices. The 

tip at the outlet contained 50 µL medium and the tip at the inlet contained 200 µL 

medium. Medium was refreshed daily by replacing the medium at the inlet and pull 

200 µL through the device with a pipette. 

5.5.3. Image analysis 

The CMs were imaged with a confocal microscope (Nikon A1) at excitation/emission 

wavelengths 488/561 nm and 568/561 nm and in brightfield. The images were 

analysed using Fiji (ImageJ). Movement analysis was done by recording video with 

an inverted phase-contrast microscope and the stills were analysed for movement 

with Adobe® Photoshop®.  
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6. Summary 

Identifying physical and chemical cues that regulate cell differentiation in tissues in 

vivo is very valuable in the fabrication of in vitro models. These in vitro models are 

fabricated in many ways (Chapter 1). Three-dimensional models are a better mimic 

of the in vivo microenvironment compared to two-dimensional cell culture. Further 

optimized in vivo-like mimics have been achieved when incorporating a 

microarchitecture design in devices and when ligand-functionalized substrate 

coatings were included. 

In this thesis, a microenvironment was constructed in which a microarchitecture 

improved the formation of a three-dimensional cell network and supported cell 

differentiation. To accomplish this, a silicone elastomer microfluidic device was 

fabricated including a microarray of pillars (Chapter 2). These pillars provided human 

mesenchymal stem cells (hMSCs) with the three-dimensional support to form a 

cellular network, while the hMSCs can survive for up to 3 weeks in the microfluidic 

device. 

Coating the silicone elastomer substrate with cell-adhesive ligands provides hMSCs 

with instructive information to differentiate. In the different tissues in the body 

these ligands can move when pulled on in soft tissues (such as adipose tissue) or stay 

in place in harder tissues (such as bone). The mobility of the cell-adhesive ligands is 

instrumental for achieving a differentiation-supportive hMSC morphology. We found 

that different types of stiffness of the silicone elastomer substrate yielded similar 

hMSC response when these substrates were covered with the same type of cell-

adhesive mobile coating. (Chapter 3). This difference of morphology of hMSCs can 

help steer the differentiation towards adipose tissue or bone. 

The surface of the pillar microarray and the surrounding Organ-on-Chip (OoC) device 

surface were coated with the cell-adhesive mobile coatings. The hMSCs cultured in 

the device again formed the cellular network (Chapter 4). Ligands to instruct 

differentiation to bone (TGF-β1) were added to the coating successfully to arrive at 

more complex cell-instructive coatings. 

Cardiomyocytes were cultured in the OoC devices consisting of a pillar microarray. 

In a multiday culture, clusters of cardiomyocytes were observed, but the pillar 

microarrays provided a microstructure that did not synchronize the beating motion 

of these clusters throughout the device (Chapter 5). 
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We designed a microfluidic OoC device in which a microarray was incorporated and 

this entire device was chemically coated. This OoC device promoted hMSC network 

formation and differentiation. Such modular devices are important to construct in 

vitro models for future disease modeling, pharmaceutical studies and biomedical 

research. 
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7. Samenvatting 

Het identificeren van fysieke en chemische signalen die differentiatie van cellen in in 

vivo weefsels reguleren is waardevol om zinvolle in vitro imitaties te maken. Deze in 

vitro imitaties worden met vele methoden gemaakt (Hoofdstuk 1). Driedimensionale 

modellen bootsen de originele in vivo micro-omgeving beter na dan 

tweedimensionale celkweken. Verdere optimalisatie van deze imitaties wordt 

bereikt door het aanbrengen van een micro-architectuur in de vloeistofkanaaltjes 

van microfluïdische chips. Ook door het toevoegen van een laagje met liganden om 

de aanhechting van cellen te bevorderen kan leiden tot betere imitaties van in vivo 

weefsels in handklare microchips. 

In dit proefschrift wordt beschreven hoe micro-architectuur kan worden 

aangebracht in de chips en hoe deze de vorming van een driedimensionaal netwerk 

van cellen verbeterde en de differentiatie van de stamcellen ondersteunde. Een 

microfluïdische chip werd vervaardigd uit een op siliconen gebaseerd elastomeer 

met kanaaltjes voorzien van meerdere rijen pilaren van hetzelfde elastomeer 

(Hoofdstuk 2). Deze pilaren droegen bij dat menselijke mesenchymale stamcellen 

(hMSC’s) een driedimensionaal netwerk vormden waarin de hMSC’s tot wel drie 

weken in de chip overleefden. 

Door het elastomeer oppervlak te bedekken met celhechtende liganden krijgen de 

hMSC’s betere instructie om te differentiëren. In de verschillende weefsels in het 

lichaam hebben deze liganden verschillende mobiliteit. Deze liganden kunnen 

bewegen zodra er kracht op uitgeoefend wordt in zachte weefsels (zoals vetweefsel) 

of juist minder bewegen in hardere weefsels (zoals botweefsel). De mobiliteit van de 

deze celhechtende liganden is een belangrijk signaal dat de morfologie van hMSC’s 

beïnvloedt en deze morfologie ondersteunt de richting van de differentiatie. We 

ontdekten dat wanneer verschillende stijfheden van het elastomeer oppervlak 

worden bedekt met een laag liganden die dezelfde mobiliteit hebben, de hMSC’s ook 

dezelfde reactie geven (Hoofdstuk 3). Deze manipulatie van de verschillen in 

morfologie van de hMSC’s kan helpen in het sturen van de differentiatie in de richting 

van ofwel vet- ofwel botweefsel. 

De oppervlakte van de pilaren en de wanden in de chip werden vervolgens bedekt 

met een laagje celhechtende mobiele liganden. De hMSC’s gekweekt in deze 

microchips vormden een netwerk van cellen (Hoofdstuk 4). Liganden welke 
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instrueren om naar bot te differentiëren (TGF-β1) werden succesvol toegevoegd aan 

de laag wat kan leiden tot een meer complexe, instruerende laag. 

In het laatste hoofdstuk werden cardiomyocyten gekweekt in de microchips voorzien 

van dezelfde pilaren micro-architectuur. Na een periode van meerdere dagen 

groeiden de cardiomyocyten bij elkaar en vormden clusters, maar de pilaren zorgden 

voor asynchrone, samentrekkende bewegingen van de ontstane clusters (Hoofdstuk 

5). 

Al met al, hebben we een microfluïdische chip ontwikkeld met vloeistofkanaaltjes 

waarin een pilaren micro-architectuur is neergezet welke kan worden voorzien van 

een chemische laag met liganden om netwerkvorming en differentiatie van 

gekweekte stamcellen te bevorderen. Zulke modulaire microfluïdische chips waarin 

op realistische wijze in vitro imitaties van weefsels kunnen worden gemaakt lenen 

zich zeer goed om op relatief eenvoudige wijze toekomstig onderzoek naar oorzaken 

van en behandeling voor ziekten te versnellen  
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