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1
Introduction and outline
In this introduction, the importance of recreating organ tissues on microfluidic
chips is described followed by an explanation of the essence of this thesis being
the improvement of current organ on‐chip (OOC) systems. Although membranes
are considered a crucial element in in vivo barriers, in OOC systems they have not
been given a lot of attention in previous work. Therefore, several approaches to
replace or remove these membranes to create more physiological relevant OOC
systems are explored and described in this thesis.

Chapter 1

1.1

Membranes in organ on‐chip systems

Over the last decades, animal models are considered the gold standard when it
comes to disease modelling and drug testing. However, since these models are
ethically questionable and they do not provide a proper physiological
representation of the human body, a vast body of research has been conducted
on in vitro cell culture systems to study specific tissues of the human body 1, 2.
The first systems used were traditional two‐dimensional (2D) mono‐ and co‐
cultures in cell culture dishes and in Transwell systems 3. These 2D systems
evolved into three‐dimensional systems such as organoids and tissue
constructs 4, 5. With the development of microfluidic systems, the field of in
vitro cell culture took a turn towards so‐called organ on‐chip (OOC) systems 6‐
9. Cells are cultured inside microchannels under realistic flow conditions,
which ensures nutrient supply, waste removal and mechanical forces such as
shear stress to the cells. OOC systems are portable, cheap to fabricate,
reproducible and due to the small sample volumes, very cost effective and
present an interesting alternative to animal testing which explains the growing
interest for such systems from various industries. So far, multiple organs such
as the lung 10, 11, the gut 12, 13 and the blood‐brain barrier (BBB) 14‐18 have been
recreated on‐chip. A large class of these OOC barrier systems consist of two
channels separated by a porous membrane. One channel represents the
luminal side of an organ, whereas the other channel represents the basolateral
side. The goal of these systems is to study the interaction between both sides
and transport from one side to the other. The used polymer membranes 19‐23
are often relatively thick compared to the thin barrier that separates cells in
vivo (Figure 1) 24, 25. As can be seen in Figure 1, the membrane is visualized
schematically as a thin layer in between two cell types, whereas it is actually a
few micrometer thick barrier between the cells.
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FIGURE 1 SCHEMATIC IMAGE OF HOW THE BARRIER IN AN ORGAN ON‐CHIP IS OFTEN
REPRESENTED IN LITERATURE COMPARED TO THE REALISTIC DIMENSIONS AND THE IN VIVO
SITUATION.
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Introducing a large distance between adjacent channels in a co‐culture
situation increases the diffusion distance and time as well as the ability of cells
to physically and mechanically interact with each other through direct cell‐cell
contact. Furthermore, these membranes often do not have the optimal
mechanical properties that match the tissue to be replicated. Therefore, a
membrane‐free, physiologically relevant system that resembles the shape and
structure of vasculature, would be preferable and has thus far been developed
by several people 15, 18, 26‐28. However, in their OOC systems, due to design
limitations it has not been possible to monitor the state of the cell layer in real‐
time by use of, for example, trans‐endothelial electrical resistance (TEER)
which is an indicator of cell layer integrity 29, 30. Systems that contain a
membrane allow for the integration of electrodes inside the system to be able
to measure TEER in real‐time. As reported so far, membrane‐free systems
make use of a hydrogel barrier to create a cell‐gel interface. Although such an
approach could be considered ‘elegant’ with respect to physiological
representation of the extracellular matrix (ECM), so far this approach did not
allow for the measurement of the electrical resistance over the cellular layer
from the basal to luminal side.
In this thesis we focus on the BBB, which acts as a gatekeeper for the brain
where it prevents harmful substances from entering 31. The barrier consists of
a luminal side; formed by brain endothelial cells, tightly packed together by
interconnecting tight junctions; and a basolateral side, which consists of
multiple cells such as astrocytes, pericytes and other glial cells. The luminal
side is separated from the basolateral side by a basement membrane which is
only a few (∼20‐200) nanometres thin. As drugs do not pass the barrier easily
in vivo, understanding its functionality is crucial. Therefore, attempts have
been made to recreate this complex barrier in vitro 17, 18, 32, 33. Comparable to
other OOC systems, BBB on‐chip systems are often two‐channel systems which
contain a relatively thick (10 µm) polymer membrane for cell separation.
However, the cell‐cell interaction between brain endothelial cells and
astrocytes is thought to be crucial for the development of a tight BBB 26, 34, 35.
To enable cell‐cell contact between the basal and luminal side of the barrier
two different approaches of recreating a BBB on‐chip are being described in
this thesis. The first being the replacement of the currently used, 10 µm thick,
Transwell membranes with a random pore distribution by a thinner
membrane with controlled pore dimensions and organization. The second
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approach is to entirely remove the membrane to create a cell‐gel interface. For
both approaches, one or more systems were developed to see whether these
systems are suitable for the desired application.

1.2

Thesis outline

The importance of membranes in OOC systems is being described in Chapter
2. This review chapter gives an overview of the currently used membranes
with their benefits and shortcomings. In Chapter 3, the application of an
alternative membrane in a Transwell‐like cell culture set‐up is reported. The
alternative in‐house developed porous polydimethylsiloxane (PDMS)
membrane is almost a 5‐fold thinner compared to the traditional
polycarbonate (PC) and polyethylene Transwell membranes. During the cell
culture experiments, the effect of the PDMS membranes on brain endothelial
cell culture is studied and compared to culture on PC membranes. In Chapter
4, the development of a hydrogel chip is described as an approach to obtain a
membrane‐free OOC systems that allows for more realistic cell‐cell contact. To
increase the physiological relevance of the chip for BBB research, a hyaluronic
acid hydrogel is applied. To study the integrity of a cell layer inside a semi‐
circular hydrogel chip, a measurement set‐up is developed in Chapter 5. This
impedance measurement set‐up allows for real‐time measurement of
resistance of the cells cultured inside a semi‐circular channel. Preliminary
impedance measurements were conducted, these were however not
trustworthy and have to be repeated. To show the applicability of the
impedance measurement set‐up, cells were seeded into the channel to form a
vessel. Dose response experiments were conducted using vitamin‐C and
astrocyte conditioned media to study the influence on the tightness of the brain
endothelial cells. Adding a calcium chelator to the endothelial cells led to a
decrease in ZO‐1 localization as a result of a decreased amount of tight
junctions. Another membrane‐free BBB on‐chip system was developed by
making use of laminar flow in a microfluidic chip to initiate a chemical reaction
on‐chip which is described in Chapter 6. This chemical reaction leads to the
formation of a temporary membrane on‐chip. As the reaction is reversible, the
membrane can be removed easily after patterning a gel inside one of the two
used channels. An interesting tissue engineering technique, cell sheet
engineering, is reported in Chapter 7. This technique makes use of the
thermoresponsive polymer poly‐N(isopropyl acrylamide) to harvest intact cell
sheets. As a proof of concept we applied this technique to transfer a sheet of
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brain endothelial cells from one system to another. In the future, this method
might be used to replace the polymer membrane in an OOC system with an
intact cell sheet. Finally, in Chapter 8, a general discussion of the results from
this thesis and future perspectives are given.

1.3

ERC advanced VESCEL

This research was financed by the ERC advanced grant “VESCEL” (Grant no.
669768) which was granted to prof. dr. ir. Albert van den Berg. The VESCEL
project has the goal to develop and improve the growth of vascular tissue on‐
chip. Therefore, six separate projects were initiated which all have their own
contribution towards a better, more physiologically relevant representation of
on‐chip vasculature. This specific project, which focused on the membrane in
an OOC system, contributes to the improvement of the physiological character
of the luminal‐basolateral barrier in a BBB on‐chip. We are very grateful to the
European Research Council for providing us with the opportunity to conduct
this research.
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2
Membranes for organs‐on‐chips
In the field of organs‐on‐chips, “barrier‐type” systems form an important class. In
these “barrier‐type” systems, membranes are applied to separate adjacent cell
culture compartments. Besides separation of different cell types, this physical
layer also supports cell adherence and separates different cell types from each
other. In this chapter, the role of the membrane in current organ‐on‐chip systems
is discussed. Furthermore, an overview of membrane fabrication methods and
membrane characteristics is given.

This chapter is adapted from:
Membranes for organs‐on‐chips
M. P. Tibbe, A. D. v. d. Meer, A. v. d. Berg, D. Stamatialis and L. I. Segerink
Biomedical Membranes and (Bio)Artificial Organs, WORLD SCIENTIFIC, 2017, pp. 295‐321.

Chapter 2

2.1

Organs‐on‐chips

The first organ‐on‐chip (OOC) models were only comprised of one cell type
cultured in a microfluidic channel. By introducing a porous membrane that
separates two parallel placed microchannels, it is possible to culture multiple
tissue types, simultaneously, in one compartmentalized chip. Current OOC
models are compartmentalized systems containing microfluidic channels,
often separated by a (porous) membrane, with on either side a cell layer of
different cell types. Sensors can be included in these chips for in situ
measurements. The compartments can be individually addressed to regulate
fluid flow resulting in physiological relevant shear stresses to which the tissues
are exposed. In the following sections, the function of the membrane in a
number of OOC systems is described in more detail, highlighting the benefits
and crucial role that membranes have in this technology 1.

2.1.1

Lung on‐chip

The lung consists of millions of alveoli surrounded by capillaries. Transporting
oxygen from inhaled air to the blood stream is, together with the removal of
carbon‐dioxide, one of the main functions of the lung carried out by these
alveoli‐capillary interfaces. When engineering the capillary oxygen uptake
from air on‐ chip, recreating this interface is crucial. Huh et al. developed a
compartmentalized system comprised of two parallel polydimethylsiloxane
(PDMS) channels separated by a porous, 10 µm thick PDMS membrane (pore
size 0.4 µm) in which both human pulmonary microvascular endothelial and
human alveolar epithelial cell lines can be cultured simultaneously to mimic
the interface. Microdevices were made by soft lithography. Prior to cell culture,
the PDMS microchannels were coated with an extra‐cellular matrix (ECM)
based coating to promote cell attachment. 2
Besides mimicking the cell‐cell interface, a lung on‐chip system has to very well
mimic the mechanical forces present in the organ. When a lung inhales, alveoli
expand, increasing the surface area over which oxygen can pass the interface.
During this mechanical stretching and relaxing, epithelial and endothelial cells
undergo mechanical stress which induces changes to the paracellular
transport, resulting in a change of permeability of the endothelial cell layer. In
the system of Huh et al., this movement is mimicked by adding, parallel to the
microfluidics channels and separated by a 10 µm thin PDMS layer, two air filled
chambers (Figure 1).
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FIGURE 1 LUNG ON‐CHIP MODEL BY HUH ET AL. (A) CHIP DESIGN IN WHICH TWO CELL
TYPES, NAMELY ENDOTHELIAL CELLS AND EPITHELIUM CELLS, ARE CO‐CULTURED ONTO A
POROUS PDMS MEMBRANE. BY APPLYING A VACUUM IN THE SIDE CHAMBERS, THE
MEMBRANE IS STRETCHED, CAUSING A STRETCHING MOVEMENT IN THE ATTACHING CELLS.
(B) INHALATION IN AN IN VIVO LUNG BY EXPANSION OF THE ALVEOLI. (C) CONSTRUCTION
OF THE DEVICE BY IRREVERSIBLE BINDING A PDMS MEMBRANE BETWEEN TWO PIECES OF
PDMS (SCALE BAR IS 200 µM) (FROM 2. REPRINTED WITH PERMISSION FROM AAAS.)
By applying a vacuum in these chambers, both adherent cell layers are
stretched as they do during in vivo inspiration. By introducing mechanical
stress, together with controlled fluid flow, Huh et al. were able to study the
whole‐organ response of a lung. In the lung on‐chip system by Huh et al., the
porous PDMS membrane does not only function as a barrier between two
tissue types, but it also functions as a flexible substrate through which
mechanical strain is transferred to the attached tissue 2. Stretching of the
membrane induces mechanotransduction in the attached cells, leading to
cytoskeletal reorganization which influences the behavior of the cells. By
looking at the pulmonary inflammation reaction caused by immune cells,
which can be introduced into the vascular channel, they concluded that the
cells function as they would do in vivo. Studying such immune response in vitro
is not possible in multi tissue set‐ups, such as the Transwell® systems, since
those are static. When using a porous membrane, there is a possibility to study
the permeability of the cell‐layers, this is however limited by the pore size of
the membrane. Results show that the cellular oxidative stress response,
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induced by nanoparticles, is increased by a factor of more than four when
strain is applied to the cells 2, 3.

2.1.2

Gut on‐chip

Chronic intestinal disorders such as ulcerative colitis and Crohn’s disease are
lacking proper medicinal treatment. To test new drugs, a physiological relevant
intestinal system has to be created. The difficulty of recreating such a system
lies with culturing living microbes on the luminal side of the epithelium. These,
so called microbial symbionts, have a major contribution to the barrier
function of the intestinal epithelium layer 4, 5. To study these microbial
symbionts and the influence of drugs on the intestinal system, in vitro systems
are being developed. Simple two‐dimensional (2D) and three‐dimensional
(3D) studies, such as Transwell® and polymeric scaffold systems, cannot mimic
the physiological relevant shear stress and stretch that the cells experience in
the gut as a result of fluid flow and peristalsis 6‐8. In these systems it is also
challenging to keep the microbes alive for longer periods of time. By using OOC
technology, researchers have tried to recreate the intestinal
microenvironment on a microfluidic chip. Such a system provides a platform
for tissue culture, as well, as for the introduction of the proper mechanical cues
to the tissue.
Kim et al. developed a gut on‐chip system by culturing gut epithelium cells
under physiological relevant conditions. Similar to the chip designed by Huh et
al. (Figure 1), this PDMS chip consists of two microfluidic channels separated
by a porous, 30 µm thin, PDMS membrane (pore size 10 µm). On both sides of
the channels, vacuum chambers were used to create peristaltic movement of
the membrane. When cells were attached to the membrane, a 10% width
increase was achieved mimicking the mechanical microenvironment in a more
realistic matter. For this gut on‐chip system, cells of the human colorectal
carcinoma line (Caco‐2) were used to recreate the epithelial cell layer present
in the intestinal tract 9. Cells became larger in size when a mechanical strain,
which increases the membrane width by 30%, was applied. The cells produced
a similar amount of strain compared to the membrane as a function of the
pressure applied in the vacuum chambers. Further research on this gut on‐chip
system shows that gut epithelial cells that are continuously exposed to
mechanical cues such as shear stress and mechanical strain form villi that
express organ specific characteristics 10.
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Whereas Kim et al. used a two‐channel microfluidic device to recreate a gut on‐
chip 9, Gümüscü et al. developed a microfluidic chip in which hydrogel arrays
were patterned in closed microchips (Figure 2). By using these, so called
hydrogel pockets as 3D scaffolds for culturing intestinal epithelium, a
multiplexed platform was created in which each pocket resembles a part of the
intestinal lumen. The use of hydrogels allows for co‐culturing multiple cell
types without the need of a physical membrane. The 3D architecture of the
hydrogel guides the cells towards the formation of distinct intestinal
morphologies such as villi and tube structures, similar to physiological
structure formation observed by Kim et al. 10, 11.

FIGURE 2 GUT ON‐CHIP SYSTEM BY GÜMÜSCÜ ET AL. USING CAPILLARY PINNING TO OBTAIN
HYDROGEL POCKETS IN WHICH CELLS CAN BE CULTURED. (A) PHOTOGRAPH OF THE USED
MICROFLUIDIC CHIP. (B) OPTICAL MICROSCOPY IMAGE OF THE CHIP, SHOWING THE PDMS
PILLARS IN GREY AND THE CAPTURED HYDROGEL IN BLUE. (C) CACO‐2 CELLS ARE
CULTURED WITHIN THE HYDROGEL, WHEREAS CULTURE MEDIUM IS FLUSHED THROUGH THE
MICROCHANNELS TO SUPPLY THE CELLS WITH NUTRIENTS. (D) SCHEMATIC OVERVIEW OF
THE MICROFLUIDIC CHIP. (E) SCHEMATIC ILLUSTRATION OF THE CHIP SHOWING THE PDMS
PILLARS AND THE PDMS CAPILLARY BARRIERS THAT PIN THE HYDROGEL. (ADAPTED FROM
11.)

2.1.3

Blood‐brain barrier on‐chip

In the mammalian body, there is a barrier between the central nervous system
(CNS) and the circulatory system. This barrier present in the brain is called the
blood‐brain barrier (BBB) and was first discovered by Paul Ehrlich in 1885 12.
There are a few barrier functions for which the BBB is responsible, such as the
protection of the brain from the extracellular environment and the blockage
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and diffusion of specific nutrients. Besides, it also maintains the homeostasis
of the CNS 13. The BBB is formed by the interactions of multiple cell types and
membranes in the context of the neurovascular unit (NVU). One NVU consists
of a monolayer of brain microvascular endothelial cells (BMVEC) which are
surrounded by a basement membrane and glial cells. The inner endothelial cell
layer is surrounded by a basement membrane, which anchors the endothelial
cells and pericytes and forms a connection between these cells and the glial
cells. Structural and specialized proteins such as collagen, elastin, fibronectin
and laminin form, together with proteoglycans, the basement membrane.
These ECM proteins are generated and maintained by BMVECs, astrocytes and
pericytes within the NVU 14.
Multiple research institutes have attempted to recreate this complex organ in
vitro. Standard co‐cultures using BMVECs and glial cells were carried out in
Transwell® systems. These systems were also used to study passive drug
transportation through the endothelial layer 15. Since flow is necessary to
increase the physiological behavior of the endothelial cell layer 16, OOC
technology is used to recreate the BBB on‐chip. Most of these systems are
comprised again of two parallel microchannels separated by a porous
membrane on which different cell types can be cultured. By measuring trans‐
endothelial electrical resistance (TEER), the tightness of the BMVEC layer can
be quantified 17. Since the resistance can be influenced by the membrane
porosity, it is important to have a quantitative control study on the barrier. This
can for example be done by staining the tight junction complexes formed
between endothelial cells. One of the most abundantly studied tight junction
proteins is zonula occludens‐1 (ZO‐1), which stabilizes tight junction
complexes 18. Therefore, most BBB studies use ZO‐1 visualization to quantify
the barrier integrity.
One of the first BBB models was produced by Booth and Kim in 2012 19. Their
model consists of two pieces of PDMS containing microfluidic channels
separated by a polycarbonate (PC) membrane (10 µm thick, 0.4 µm pores).
They were able to seed a layer of endothelial cells in the top channel, while
simultaneously a murine astrocyte cell line was cultured in the other channel.
A TEER of 180‐280 Ω∙cm2 was measured, for the endothelial cell layer on the
membrane which indicates that the barrier functions as it should. However,
note that there is yet no actual TEER value that defines a successful barrier.
The measured TEER inside a microfluidic chip depends on multiple factors
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such as material properties and the consistence of the used liquids. In 2014 the
same research group improved their first model and tested it again for TEER
and permeability. This time they found a TEER value of 150 Ω∙cm2 and a
permeability coefficient which could be correlated to physiological
brain/plasma permeability coefficients 20.
In 2016, van der Helm et al. developed a similar system in which two channels,
microfabricated in PDMS, are placed perpendicularly on top of each other and
the channels are separated by a PC membrane similar to that of Booth and Kim.
Due to this smart chip design (Figure 3), it is possible to perform a 4‐point
TEER measurement, which is much more accurate compared to the traditional
2‐point measurement 17.
Both van der Helm et al. and Booth et al. use the same PC membrane which is
placed horizontally in the chip 17, 20. These membranes are opaque, which
makes visual inspection of both channels at the same time very difficult if not
impossible when using a bright field microscope. Live cell imaging without
having to introduce fluorophores is not possible when using these membranes.
TEER and permeability measurements show that the membrane does not have
a significant influence on the resistance of the BBB‐chip. However, the fact that
the chip resembles the function of the BBB, the question rises whether the
endothelial cells would form an even better, compacter, barrier if direct contact
with astrocytes is initialized. This direct contact can, for example, be achieved
by using an alternative membrane or by using a cell‐hydrogel system.
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FIGURE 3 SCHEMATIC OF THE CHIP DESIGN BY VAN DER HELM ET AL. (A) EXPLODED VIEW
OF THE CHIP SHOWING ALL THE COMPONENTS WITH IN THE MIDDLE THE POROUS PC
MEMBRANE (M) THE TOTAL CULTURE AREA OF THE MEMBRANE SUSPENDED BETWEEN THE
TWO CHANNELS IS 0.25 MM2. (B) PHOTOGRAPHIC IMAGE OF THE ACTUAL CHIP. (C)
SCHEMATIC TOP VIEW OF THE CHIP. (D) SCHEMATIC CROSS‐SECTION VIEW OF THE CHIP
SHOWING ENDOTHELIAL CELLS (EC) IN THE TOP CHANNEL (TC). NO CELLS ARE PRESENT
IN THE BOTTOM CHANNEL (BC). (E) ELECTRODE CIRCUIT OF THE CHIP, WITH ELECTRODES
E1 AND E3 IN THE TC AND E2 AND E4 IN THE BC, TOP CHANNEL REPRESENTED BY
RESISTORS R1 AND R3, AND THE BOTTOM CHANNEL REPRESENTED BY RESISTORS R2 AND
R4. RESISTOR RM REPRESENTS THE MEMBRANE AND POSSIBLE EC BARRIER. (REPRINTED
FROM 17 WITH PERMISSION FROM ELSEVIER.)

29

Membranes for organs‐on‐chips

2.2

Membrane properties

Most well‐known OOC systems make use of a membrane. The type of material
used for the membrane determines its properties such as: elasticity,
transparency, biocompatibility and cytocompatibility.
Elasticity is the ability of a material body, deformed by an outer force, to return
to its original shape and size when the forces causing the deformation are
removed. A body with this ability is said to behave (or respond) elastically. The
Young’s modulus (E), describes the elastic properties of a material that is
deformed in one direction. Soft materials have a low Young’s modulus whereas
stiff materials have a higher one. Huh et al. used an elastic PDMS membrane (E
≈ 5 MPa 21) in their lung on‐chip systems. Due to an applied vacuum, the PDMS
membrane is stretched and when the vacuum is released, the material returns
to its original state 2. Stiffer materials such as PC (E ≈ 2 GPa 22) are not able to
deform equally when exposed to similar forces. Instead of returning to their
original state, stiffer materials can break or tear easier upon a certain amount
of strain.
Different structural factors influence the transparency of the membrane, such
as the thickness, the degree of crosslinking and the porosity. Thicker
membranes are less transparent compared to thinner ones of the same
material and consistence. When the crosslinking density is high, the opacity of
the membrane also increases. To be able to visualize both channels in a two‐
channel OOC system, the membrane in between the channels should be as
transparent as possible to see the cells on both sides of the interface. This is
only necessary when the membrane is placed horizontally with respect to the
focal plane of the microscope. When used vertically relative to the focal plane,
membrane transparency is not necessary and therefore, crosslinking density
can be higher to improve the strength of the membrane.
Traditionally, biocompatibility has been related to the effect of the membrane
material on the biological system it is in contact with 23. There should be no
adverse biological response resulting from contact of the material with the
tissue. In OOC research, membranes are used to separate channels in which
multiple cell types can be cultured. As these cells are grown directly onto the
membranes, it is necessary that they are made of biocompatible materials. It is
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also possible to apply a surface treatment to the membranes so that they
become biocompatible.
Apart from the biocompatibility of a material, anchorage dependent cells and
tissues need a mechanical interaction with the material surface. Integrins on
the cell surface can bind to proteins located at the surface of the membrane.
This integrin binding triggers an internal process in the cell, called
mechanotransduction. Cells attach to the surface, ‘pulling’ on it with a certain
force which deforms the internal cytoskeletal structure. Deformation leads to
phenotypic change, influencing the state of the cells 24. Stiffer materials are
more suitable to culture cells from stiff tissues compared to more elastic or
softer materials 16. To keep a cell in its differentiated state, the material
stiffness should not induce a change in phenotype with regard to the cell’s
original phenotype. Therefore, it is necessary to identify the ideal material
stiffness for a specific cell type prior to the experiment. In a co‐culture system
such as an OOC where multiple tissues are involved, it is important to find a
balance between the material properties that are suitable for both tissue types.
When anchorage dependent cells are used, it is often crucial to apply the
proper surface treatment to the membrane material. To culture endothelial
cells on a hydrophilic surface, attachment can be induced by applying an ECM‐
protein coating prior to cell seeding. This coating can, for example, be
fibronectin, collagen, laminin or Matrigel™ 25, 26. Furthermore, by applying an
O2 plasma treatment to the chip, the channels and the membrane become
hydrophilic, which improves fluid inflow into the channels. Such treatment is
especially useful when a viscous hydrogel has to be injected into a chip. Due to
hydrophobic recovery, the material should be subjected to plasma treatment
within a short period prior to fluid inflow. Cells, however, do not attach well to
hydrophilic surfaces. So, when an O2 plasma treatment is used prior to cell
seeding, the channels and the membrane should be coated with the
appropriate coating to promote cell attachment.
Surface porosity is a measure for the total pore area of a membrane, thus the
total amount of pores per surface area multiplied by the size of a single pore 27.
When increasing membrane porosity, the amount of light that can pass the
membrane increases too. In OOC systems, having a membrane with a high
porosity and a good transparency allows for inspection of both channels at the
same time without having to turn the chip over or having to apply
fluorophores. Increasing the porosity will also have an influence on the
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membrane’s electrical resistance. Besides, depending on the pore size, cells
might be able to penetrate the membrane pores, blocking electrical signal
propagation. However, when the porosity is high, but the pore size small, cell
penetration can be avoided and electrical signals can pass easily. In OOC
systems, flow of nutrients and cell signaling molecules through the membrane
is crucial. Nutrients and small molecules are able to pass membranes with very
small pores down to a few nanometers. For some tissue types, communication
between tissues separated by a membrane is crucial to function properly. This
communication can happen through paracrine signaling, or even through cell‐
cell contact. For example, in the BBB direct cell‐cell contact between brain‐
endothelial cells and surrounding cells (astrocytes, pericytes, microglia and
neurons) is thought to be essential for maintenance of the barrier 28. To achieve
this cell‐cell contact, the pores of the used membrane should be large enough
for cells to contact the opposite site directly.
Casillo et al. showed that pore size and spacing have an influence on cell‐
substrate and cell‐cell interactions. Human umbilical vein endothelial cells
(HUVECs) were cultured on silicon dioxide (SiO2) membranes with different
pore sizes (0.5 µm and 3 µm). Cells grown on membranes with small pore sizes
express a similar behavior compared to cells cultured on soft PDMS surfaces.
The amount of focal adhesions on membranes with 0.5 µm pores was
significantly lower that for cells cultured on membranes with 3 µm pores.
When the cells were not able to form proper cell‐substrate interactions, the
cell‐cell interactions increased 29.

2.3

Reflection and Outlook

Although the so far developed OOC systems function properly, the rapidly
emerging field of OOC still holds a lot of room for improvement. Making these
systems more physiologically relevant will improve experimental output for
which these systems are intended. To achieve more realistic systems,
structural and mechanical adjustments have to be made to the chips and
especially to the membranes.

2.3.1

Membrane morphology: 2D vs. 3D

All organs have specific morphologies, from the macroscale to the microscale,
all the way down to the nanoscale. When recreating the tissue
microenvironment in an OOC, the organ morphology plays a crucial role in the
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functionality of the system. All systems described here, consist of a planar
membrane on which tissues and cells are cultured. Such a planar interface is
almost nowhere to be found in the human body. Lungs consist of alveoli, which
are spherical shaped balloon‐like structures that regulate, among others, the
uptake of O2 into the bloodstream. In their model, Huh et al. did not recreate
the curvature to which lung endothelial cells are exposed in actual alveoli. This
curvature can influence the compactness and the permeability of the lung
epithelial cell layer and thus the uptake of factors, such as CO2, O2 or
medication, from the blood side.
The influence of cellular compactness is highly relevant for the endothelial cells
used to recreate the BBB on‐chip as it is known that the BBB contains a higher
degree of tight junctions compared to other cell barriers. When recreating a
brain capillary on‐chip, the curvature of the membrane on which endothelial
cells are cultured should, in the ideal case, be mimicking the curvature of a
brain capillary. As is the case for the BBB and the lung on‐chip, as it exists now,
the gut on‐chip also contains a planar membrane. However as mentioned
previously, Kim et al. managed to create a gut on‐chip in which epithelial cells
form their own specific villi structures due to peristalsis and the shear stress
caused by fluid flow 10.
Creation of 3D membranes can be done using various methods including hot
embossing 30, thermoforming 31, 32 and/or phase separation micromolding 33.
Using hot embossing, it is challenging to obtain membranes that are thin
enough (< 10 µm) to allow for cell‐cell contact. There, the polymer is heated up
to its glass transition temperature which allows for the material to be molded
into the desired shape. Depending on the original pore size and porosity of the
membrane, it is possible that the pores become larger or smaller during the
embossing process 30. Similar to hot embossing, thermoforming makes use of
the thermoresponsive behavior of the used material. The thermoplastic
polymer can be shaped by 3D‐stretching into the desired shape 32. Depending
on the microfabrication method the choice of materials may be limited as a
limited amount of materials is suitable to be molded into the desired shape.
Technologies such as etching and lithography mostly use silicon‐like materials,
whereas polymers are being used in soft lithography processes 34.
Another method to create a surface topography in a controlled way is phase
separation micromolding 34. A dissolved polymer film is casted onto a mold
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after which phase separation takes place, solidifying the polymer (Figure 4).
This can either be liquid‐ or thermally induced phase separation. Phase
separation micromolding allows for molding of a variety of polymers including
block copolymers and biodegradable polymers. When the features of the mold
are high enough to perforate the polymer film, it is possible to create an open
structure which has potential to be applied as a membrane in OOC systems 35,
36.

2.3.2

Membrane topography

Apart from the microstructure of the membrane, surface texture can also be
adjusted. This texture can vary from a nanometer size roughness up to
patterned microstructures. By patterning of the membrane surface with
micrometer sized features, cells can reorganize their cytoskeleton upon cell
attachment. It has been shown that this rearrangement as a consequence of
cells attaching to nano‐ and microtopographical patterned surfaces, influences
stem cell differentiation and cell fate 37. Cell lines can be kept in their
differentiated state more easily when the surface directs the cells to adapt a
certain phenotype 38. Cell patterning has been used to create aligned and
higher‐order tissues in for example heart‐on‐chip devices. For example, in the
heart‐on‐chip model of Zhang et al. a PDMS mold is made by lithography after
which a gel is imprinted transferring micrometer sized features onto the
surface 39. Just like membrane morphology, thermoforming or hot embossing
can be used to pattern a surface. The “topochip”, developed by Unadkat et al.,
is made by hot embossing a poly‐lactic acid (PLA) film. A mathematical
algorithm was developed to create random surface topographies on a polymer
sheet to study the cellular interaction with these topographies 40. Differences
in cell morphology and mechanics are a result of surface stiffness in
combination with the area, and thus the topography, to which a cell is
constrained 41. Therefore, designing the used membrane in such a way that the
cells keep their organ specific phenotype is highly preferable.

2.3.3

Biochemical functionalization

There are multiple cell adhesive polymers, such as PLA, polytrimethyl
carbonate (PTMC) and polycaprolactone (PCL) that are used for biomedical
applications 42, 43. Although these materials are presently not being used in OOC
systems, they offer the opportunity to be used as membrane materials in the
future as they are suitable for membrane production processes such as
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thermoforming and phase separation micromolding. Currently used materials
for membranes have to undergo biochemical functionalization to become
bioactive. Membranes can, for example, be functionalized by covalently
binding cell adhesive groups to the chemical structure. Arginylglycylaspartic
acid (RGD) is a peptide that is often incorporated into the polymer structure to
induce cell attachment by offering a recognition sequence for integrins 44.

FIGURE 4 SCHEMATIC OF LIQUID INDUCED PHASE SEPARATION MICROMOLDING PROCESS.
(1) FIRST, A DISSOLVED POLYMER IS CASTED ONTO A STRUCTURED MOLD. (2) BY PLACING
THE POLYMER INTO A NON‐SOLVENT SOLUTION, PHASE INVERSION TAKES PLACE. (3) THE
POLYMER PRECIPITATES, REPLICATING THE MOLDS STRUCTURE. (4) DUE TO SHRINKAGE OF
THE CREATED POLYMER FILM, IT IS RELEASED FROM THE MOULD. (REPRODUCED FROM 35
WITH PERMISSION OF THE ROYAL SOCIETY OF CHEMISTRY.)
Commercially available membranes are often not chemically modified and only
support cell attachment after surface treatment. An ECM‐coating, which
provides cell‐attachment factors, can be self‐assembled onto the membrane
and on the surface of the microfluidic channels inside the chip. ECM factors that
induce ECM production can also be included into the membrane as factors that
are secreted over time.
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2.3.4

Temporary membranes

To be able to create a system without any additional factors that may influence
the possible outcome of the cell culture process, temporary membranes should
be used. There is a wide range of polymers that hydrolytically degrade over
time. A commonly used material in tissue engineering, PLA, has a degradation
time of weeks up to months under cell culture conditions 45, 46, which is too long
for OOC research. PC is another frequently used membrane material which
does not degrade at all. Till date, it seems challenging to keep tissue cultures
alive for longer periods in a microfluidic system and therefore, OOC systems
are used for short term experiments and drug testing. The process of creating
a membrane‐free system by degradation of the polymer membrane can be time
consuming and therefore, fully or partially removable membranes are
preferred. Some polymers possess the ability to be degraded enzymatically. By
flowing an enzyme solution over the membrane, it can be degraded faster 47.
This way, a co‐culture of different cells can be made by first seeding the first
cell type in a supporting matrix, such as a hydrogel, at the membrane interface,
secondly removing the membrane enzymatically and thirdly adding another
cell type at the newly formed hydrogel interface. If the cells produce enough
ECM, they are able to form their own basal membrane on the interface between
two channels after which other cell types can be added into the other channel.
Another option would be the on‐chip fabrication of a temporary membrane
instead of placing the membrane in the chip during chip fabrication. This could
be done by applying a polysaccharide that precipitates at an interface where
deprotonation takes place 48. Upon protonation of such a material, the material
will become soluble again. These so called reversible membranes can be used
as temporal phase guides. Recent research has led to the development of a
membrane free BBB on‐chip system using chitosan 49 (Chapter 6).
It is thought that in the ideal case, cells should be able to form their own ECM
and thus their own basal membrane. This basal membrane provides the basic
mechanical stability that organ tissues need. As mentioned above, the
membrane surface can be used to induce ECM formation in cells. However, to
be able to get the best results from an OOC system, the system should be as
realistic as possible. Therefore, membrane free systems are being studied
recently. Without a membrane, cells are in direct contact with each other as
they would be in the physiological in vivo situation.
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Hydrogels have already been mentioned in this chapter and can be considered
membrane free systems. Two types of hydrogels can be distinguished, being
synthetic and natural hydrogels. The structure of synthetic hydrogels, such as
polyethylene glycol (PEG), can easily be modified. The porosity can be tuned
by altering the molecular weight of the polymer. The disadvantage of most
synthetic hydrogels is poor cell attachment, which can be improved by costly
synthesis of additional functional groups. The majority of natural hydrogels are
derived from ECM and are therefore very suitable to be used as cell culture
material. Natural hydrogels are for example, alginate, collagen or fibrin.
Collagen is often used in cell culture because of its excellent cell adhesion
properties. The stiffness and cross‐linking time can easily be adjusted by
changing the protein concentration. Cells are able to migrate through the cell‐
gel interface and reach the other cell layer. Using a hydrogel, both a horizontal
and a vertical interface between two channels can be created. Horizontally, the
hydrogel can be injected into the channels, if this is done to create a vertical
membrane, there is a possibility that the gel does not have enough time to set
at the interface and it will fill both channels. To solve this problem, the
company MIMETAS, developed OrganoPlates® which contain phase guides
that guide two liquids exactly along the middle axis of the chip 50.

2.3.5

The future of OOC research

OOC research can be considered an exciting field of in vitro research in which
there is still a lot of room for improvement. Considering membrane containing
systems, more research is required to improve the structural, mechanical and
chemical structure of the membranes to make the system more physiologically
relevant. The latest idea to create membrane free OOC systems can be of great
importance for the development of new lab‐on‐chip applications. Therefore,
other techniques, such as interfacial polymerization or deprotonation of
polysaccharides should be studied more extensively 48, 49, 51.

2.4
1.
2.
3.
4.

References
E. W. Esch, A. Bahinski and D. Huh, Nature Reviews Drug Discovery, 2015,
14, 248‐260.
D. Huh, B. D. Matthews, A. Mammoto, M. Montoya‐Zavala, H. Y. Hsin and D.
E. Ingber, Science, 2010, 328, 1662‐1668.
D. D. Huh, Annals of the American Thoracic Society, 2015, S42‐S44.
J. C. Arthur and C. Jobin, Inflammatory Bowel Diseases, 2011, 17, 396‐409.

37

Membranes for organs‐on‐chips

5.
6.
7.
8.
9.
10.
11.
12.
13.
14.
15.
16.
17.
18.
19.
20.
21.
22.
23.
24.
25.
26.
27.

38

H. Sokol and P. Seksik, Current Opinion in Gastroenterology, 2010, 26, 327‐
331.
B. P. Hurley, W. Pirzai, A. D. Eaton, M. Harper, J. Roper, C. Zimmermann, G.
S. Ladics, R. J. Layton and B. Delaney, Food and Chemical Toxicology, 2016,
92, 75‐87.
J. H. Sung, J. Yu, D. Luo, M. L. Shuler and J. C. March, Lab on a Chip, 2011, 11,
389‐392.
C. Pereira, J. Costa, B. Sarmento and F. Araújo, in Concepts and Models for
Drug Permeability Studies, ed. B. Sarmento, Woodhead Publishing, 2016,
pp. 57‐81.
H. J. Kim, D. Huh, G. Hamilton and D. E. Ingber, Lab on a Chip, 2012, 12,
2165‐2174.
H. J. Kim and D. E. Ingber, Integrative Biology, 2013, 5, 1130‐1140.
B. Gumuscu, H. J. Albers, A. van den Berg, J. C. T. Eijkel and A. D. van der
Meer, Scientific Reports, 2017, 7, 3381.
P. Ehrlich, Hirschwald, 1885.
N. J. Abbott, L. Rönnbäck and E. Hansson, Nature Reviews Neuroscience,
2006, 7, 41.
N. J. Abbott and A. Friedman, Epilepsia, 2012, 1‐6.
D. J. Mc Carthy, M. Malhotra, A. M. O’Mahony, J. F. Cryan and C. M. O’Driscoll,
Pharmaceutical Research, 2015, 32, 1161‐1185.
C. R. White and J. A. Frangos, Philosophical Transactions of the Royal Society
B: Biological Sciences, 2007, 362, 1459‐1467.
M. W. van der Helm, M. Odijk, J.‐P. Frimat, A. D. van der Meer, J. C. T. Eijkel,
A. van den Berg and L. I. Segerink, Biosensors and Bioelectronics, 2016, 85,
924‐929.
A.‐C. Luissint, C. Artus, F. Glacial, K. Ganeshamoorthy and P.‐O. Couraud,
Fluids and Barriers of the CNS, 2012, 9, 23.
R. Booth and H. Kim, Lab on a Chip, 2012, 12, 1784‐1792.
R. Booth and H. Kim, Annals of Biomedical Engineering, 2014, 42, 2379‐
2391.
J. Gao, D. Guo, S. Santhanam and G. K. Fedder, Journal of
Microelectromechanical Systems, 2015, 24, 2170‐2177.
V. A. Soloukhin, J. C. M. Brokken‐Zijp, O. L. J. van Asselen and G. de With,
Macromolecules, 2003, 36, 7585‐7597.
D. F. Stamatialis, B. J. Papenburg, M. Gironés, S. Saiful, S. N. M. Bettahalli, S.
Schmitmeier and M. Wessling, Journal of Membrane Science, 2008, 308, 1‐
34.
M. J. Bissell and M. H. Barcellos‐Hoff, Journal of Cell Science, 1987, 1987,
327.
M. J. Cooke, S. R. Phillips, D. S. Shah, D. Athey, J. H. Lakey and S. A.
Przyborski, Cytotechnology, 2008, 56, 71‐79.
K. C. Chaw, M. Manimaran, F. E. H. Tay and S. Swaminathan, Biomedical
Microdevices, 2007, 9, 597‐602.
M. Mulder, in Basic Principles of Membrane Technology, Kluwer Academic
Publishers, Dordrecht, The Netherlands, 1996, ch. 5, pp. 210‐230.

Chapter 2

28.
29.
30.
31.
32.
33.
34.
35.
36.
37.
38.
39.
40.

41.
42.
43.

44.
45.
46.
47.

N. J. Abbott, A. A. K. Patabendige, D. E. M. Dolman, S. R. Yusof and D. J.
Begley, Neurobiology of Disease, 2010, 37, 13‐25.
S. M. Casillo, A. P. Peredo, S. J. Perry, H. H. Chung and T. R. Gaborski, ACS
Biomaterials Science & Engineering, 2017, 3, 243‐248.
H. Becker and U. Heim, Sensors and Actuators A: Physical, 2000, 83, 130‐
135.
R. Truckenmuller, S. Giselbrecht, C. van Blitterswijk, N. Dambrowsky, E.
Gottwald, T. Mappes, A. Rolletschek, V. Saile, C. Trautmann, K. F.
Weibezahn and A. Welle, Lab on a Chip, 2008, 8, 1570‐1579.
R. Truckenmüller, S. Giselbrecht, N. Rivron, E. Gottwald, V. Saile, A. van den
Berg, M. Wessling and C. van Blitterswijk, Advanced Materials, 2011, 23,
1311‐1329.
B. J. Papenburg, L. Vogelaar, L. A. M. Bolhuis‐Versteeg, R. G. H. Lammertink,
D. Stamatialis and M. Wessling, Biomaterials, 2007, 28, 1998‐2009.
L. Vogelaar, R. G. H. Lammertink, J. N. Barsema, W. Nijdam, L. A. M. Bolhuis‐
Versteeg, C. J. M. van Rijn and M. Wessling, Small, 2005, 1, 645‐655.
J. de Jong, B. Ankoné, R. G. H. Lammertink and M. Wessling, Lab on a Chip,
2005, 5, 1240‐1247.
M. Gironès, I. J. Akbarsyah, W. Nijdam, C. J. M. van Rijn, H. V. Jansen, R. G. H.
Lammertink and M. Wessling, Journal of Membrane Science, 2006, 283,
411‐424.
M. F. Griffin, P. E. Butler, A. M. Seifalian and D. M. Kalaskar, World Journal
of Stem Cells, 2015, 7, 37‐50.
G. F. B. Hulshof, University of Twente, 2016.
Y. S. Zhang, J. Aleman, A. Arneri, S. Bersini, F. Piraino, S. R. Shin, M. R.
Dokmeci and A. Khademhosseini, Biomedical Materials, 2015, 10, 034006‐
034006.
H. V. Unadkat, M. Hulsman, K. Cornelissen, B. J. Papenburg, R. K.
Truckenmüller, A. E. Carpenter, M. Wessling, G. F. Post, M. Uetz, M. J. T.
Reinders, D. Stamatialis, C. A. van Blitterswijk and J. de Boer, Proceedings
of the National Academy of Sciences, 2011, 108, 16565‐16570.
S.‐Y. Tee, J. Fu, Christopher S. Chen and Paul A. Janmey, Biophysical Journal,
2011, 100, L25‐L27.
B. D. Ulery, L. S. Nair and C. T. Laurencin, Journal of Polymer Science. Part
B, Polymer Physics, 2011, 49, 832‐864.
R. van Dijkhuizen‐Radersma, L. Moroni, A. v. Apeldoorn, Z. Zhang and D.
Grijpma, in Tissue Engineering, ed. P. T. Clemens van Blitterswijk, Anders
Lindahl, Jeffrey Hubbell, David F. Williams, Ranieri Cancedda, Joost D. de
Bruijn and Jérôme Sohier Academic Press, Burlington, 2008, pp. 193‐221.
J. D. Humphries, A. Byron and M. J. Humphries, Journal of Cell Science, 2006,
119, 3901‐3903.
Z. Zhang, R. Kuijer, S. K. Bulstra, D. W. Grijpma and J. Feijen, Biomaterials,
2006, 27, 1741‐1748.
L. Xu, K. Crawford and C. B. Gorman, Macromolecules, 2011, 44, 4777‐
4782.
A. Banerjee, K. Chatterjee and G. Madras, Materials Science and Technology,
2014, 30, 567‐573.

39

Membranes for organs‐on‐chips

48.
49.
50.
51.

40

X. Luo, D. L. Berlin, J. Betz, G. F. Payne, W. E. Bentley and G. W. Rubloff, Lab
on a Chip, 2010, 10, 59‐65.
M. P. Tibbe, A. M. Leferink, A. van den Berg, J. C. T. Eijkel and L. I. Segerink,
Advanced Materials Technologies, 2018, 3, 1700200.
M. Jang, P. Neuzil, T. Volk, A. Manz and A. Kleber, Biomicrofluidics, 2015, 9,
034113.
Y. Zhang, N. E. Benes and R. G. H. Lammertink, Lab on a Chip, 2015, 15, 575‐
580.

3
Transwell integrated porous, thin PDMS
membranes as alternative cell culture
platform
Traditional Transwell cell culture systems contain track‐etched, 10 µm thick
polymer membranes. In some systems, these membranes have a crucial role and
can therefore not be removed entirely. However, removing or replacing this
membrane by a thinner one will decrease the distance between adjacent cell
types resulting in an increased cell‐cell contact possibility. In this chapter the use
of a new porous 5‐fold thinner (2 µm) PDMS membrane in co‐culture experiments
is shown.

Some parts of this work were published in:
Large‐scale fabrication of free‐standing and sub‐μm PDMS through‐hole membranes
H. Le‐The, M.P. Tibbe, J.T. Loessberg‐Zahl, M. Palma do Carmo, M.W. van der Helm, J.G. Bomer, A. van den Berg,
A.M. Leferink, L.I. Segerink and J.C.T. Eijkel
Nanoscale, 2018, 10, 7711

Chapter 3

3.1

Introduction

Porous membranes have multidisciplinary applications such as filtration,
separation and recently, they are used as a physical barrier in organ on chip
(OOC) systems 1‐6. These OOC systems are of great interest due to their
potential as a replacement for unethical in vivo studies. By recreating organ
function and/or organ structure with patient specific tissue on a microfluidic
chip, a realistic simulation of the in vivo situation can be made in vitro 7. The
aim of OOC technology is to mimic the organ tissue as realistic as possible.
Often this is achieved by recreating the connection between a blood vessel
(lumen) and an organ tissue. One organ that attracts a lot of attention in OOC
research due to its complex structure is the blood‐brain barrier (BBB) 8. This
barrier is comprised of tightly connected endothelial cells that form the blood
vessels in the brain. Due to its tight structure, only paracellular transport of
molecules through the barrier is possible as intercellular transport is hindered
to protect the brain from harmful unwanted substances. Failure of the BBB
contributes to the pathogenesis of neurodegenerative disorders such as
Alzheimer’s and Parkinson’s disease 9. The protective function also prevents
drugs from passing the barrier and entering the brain 8, 10, 11. Recreating such a
barrier in vitro on a microfluidic chip makes drug research and disease
modelling cheaper and more reproducible compared to in vivo experiments.
Eventually, patient specific materials can be used in these studies to facilitate
personalized medicine 12.
In most OOC systems developed so far, the separation between the luminal side
and the apical (tissue) side of the chip is achieved by the incorporation of thick
polymer membranes made from materials such as polycarbonate (PC) 13, 14,
and polyethylene terephthalate (PET) 15‐17. Apart from separating the
compartments, this membrane also acts as structural support for the cells to
attach to. It is possible to obtain membranes with different pore sizes ranging
from 0.4 µm to 8 µm. In general, these pores are created by track etching of the
material 18, 19. A big disadvantage of this fabrication method is the random
distribution of the pores, which sometimes results in interconnecting pores
which can be a lot bigger than the expected pore size. Another big disadvantage
of these membranes is their thickness, which is at least 10 µm, whereas the in
vivo membrane between tissues is in the order of nanometers 20. So far, little
attention has gone towards the non‐physiological structure of these
commercially available membranes. When used in an OOC, these membranes
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form a physiologically irrelevant big barrier between adjacent cell culture
channels. Furthermore, when culturing cells on PC and PET membranes, live
cell imaging using bright field or phase contrast microscopy is not possible.
Due to the material structure, thickness and random pore tortuosity, they are
only fluorescently transparent. Live cell labelling with fluorescent markers has
shown to be feasible. However, using a fluorescence‐based imaging modality
does not allow for the analysis of the cell layer which is cultured on top of the
membrane. Nevertheless, it has been shown that the porosity of these
commercial membranes allows for paracrine signalling; and if the pores are at
least 3 µm wide, cell migration through the pores is possible 21.
Recently, other types of membranes are being developed and integrated into
OOC systems. Das et al. developed a polymeric blend membrane using phase
inversion technology. The physico‐chemical characteristics of the membrane
are fully tuneable by the production method and the polymer preparations.
This way a more physiologically relevant membrane for implementation in an
OOC system can be obtained 22. To decrease the distance between two
microfluidic compartments in an OOC system, a thinner membrane can be
introduced. Ma et al. developed a thin (~ 500 nm) silicon nitride membrane on
which endothelial cells and astrocytes were cultured 23. Normal tissue culture
plastic has an elastic modulus of approximately 10 MPa 24 which is already
much higher compared to brain tissue which has an elastic modulus of 0.5 – 1
kPa 25. The elastic modulus of silicon nitride is in the GPa range 26 which might
have an influence on the cultured cell layer. Quirós‐Solano et al. and Le‐The et
al. both developed a porous poly dimethyl siloxane (PDMS) membrane with
tunable pore structure that can be used in cell culture and OOC research 27, 28.
The thin, porous PDMS membrane of Le‐The et al. was developed within our
research group 28. This fabrication method is adjustable such that membranes
with different thicknesses, down to 1 µm, can be fabricated (Figure 1). Apart
from the easily tuneable membrane morphology, these membranes are also
fully optically transparent which makes live cell imaging without having to use
fluorescent markers possible. Contradictory to the PC and PE membranes,
these PDMS membranes are thin and have straight pores perpendicular to the
membrane surface which makes observation of the cell layer integrity optically
possible through bright field and phase contrast microscopy. As the pore
distribution and size is well controlled by the photolithography process, the
cultured cells experience a regular cell culture surface whereas track etched
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membranes have a random pore structure with interconnecting pores. The
distance between the cells can be ten times smaller when using our PDMS
membrane compared to using PC or PE membranes. The separation distance
between cells in opposite channels is therefore small enough to allow for direct
cell‐cell contact without the cells having to fully migrate through the
membrane. PDMS thin films have a lower elastic modulus (∼ 8 MPa 29)
compared to PC (∼ 2 – 2.4 GPa 30) and PE (∼ 2 – 3 GPa 30), which makes the
membranes more elastic. Combined with the small thickness,
mechanotransduction between cells on adjacent sides of the membrane should
be possible.
To test whether the developed PDMS membranes are suitable for cell culture
applications, human cerebral microvascular endothelial cells (hCMEC/D3)
were cultured inside adapted Transwell inserts. Prior to cell culture, the
membranes were sterilized using ethanol as other sterilization methods might
change the membrane structure. HCMEC/D3 cells showed a high viability after
seven days of culture (Figure 5). As mentioned earlier in this chapter, the BBB
is an interesting organ in which multiple cell types such as endothelial cells and
astrocytes are influenced by each other to maintain a good barrier integrity.
Having direct cell‐cell contact seems essential for proper functioning of the
brain endothelial cells. Therefore, to study whether our PDMS membranes
allow for an improved cell‐cell interaction, hCMEC/D3 cells were also co‐
cultured with human astrocytes in a Transwell‐like set‐up. Validating the
integrity of the barrier can be done by looking at the expression of the tight
junction proteins which are present in hCMEC/D3 cells that form a proper,
closed, monolayer of cells. Zonula Occludens 1 (ZO‐1) is such a tight junction
protein that is present in abundance in a good brain endothelial cell monolayer
31 32.
In this chapter we studied the interaction between hCMEC/D3 cells and human
astrocytes on our newly developed PDMS membranes and as a comparison we
co‐cultured these cells on PC membranes with similar pore sizes to see
whether a decrease in distance between two cell types improves the barrier
structure. We will validate the barrier formation by immunostaining of the ZO‐
1 protein in the hCMEC/D3 cells.
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3.2

Materials and Methods

3.2.1

Membrane fabrication

Prior to spinning the photoresist (PR) layer, a thin hexamethyldisilazane
(HMDS) was spun onto the 4” silicon wafer (525 µm thick, Okmetic, Finland)
to increase the adhesion of the PR to the wafer. A 4.80 µm thin layer of positive
PR (AZ®9260, MicroChemicals, Germany) was spun at 2000 rpm for 60 s onto
the HMDS coated wafer. The PR was baked for 2 min at 110 °C on a hotplate.
The PR was exposed for 17 s with an intensity of 12 mW cm‐2 using a mask
alignment system (EVG620, EV Group, Austria), while covering the PR with a
quartz photo mask containing chromium structures of 3 and 5 µm. The exposed
PR was post baked on a hotplate for 1 min at 110 °C prior to developing the PR
using an OPD4246 developer for 5 min followed by rinsing with de‐ionized (DI)
water. The development results in PR column arrays.
A degassed solution of PDMS prepolymer with curing agent ((wt. ratio 10:1)
Sylgard 184 Silicone elastomer kit, Dow Corning, MI, USA) was mixed with
hexane at a 4:10 (PDMS : hexane) wt. ratio to make the solution suitable for
spin coating. The PDMS and hexane solution was spun onto the PR column
array at 4000 rpm for 1 min. After spinning, the PDMS membrane was cured at
60 °C for at least 12 h to remove all the hexane. Due to the spin coating process,
a thin residual layer of PDMS remains on the column array resulting in a non‐
porous membrane. Therefore, this layer was plasma etched using a parallel
plate reactive ion etching system (in‐house built TEtske system, Nanolab
University of Twente, the Netherlands) at 47 sccm SF6, 17 sccm O2, 50 mTorr
and 100 W. This etching process decreases the thickness of the entire PDMS
membrane and opens the pores. The amount of gas and power determines the
etch rate and therefore the final membrane thickness. Longer etching results
in membranes with a thickness down to 900 nm. The etch rate could easily be
determined by measuring the membrane thickness before and after etching.
Membrane thickness was determined from images that are being made by a
scanning electron microscope ((SEM) HR‐SEM, FEI Sirion microscope). Images
were taken at a 5 kV acceleration voltage and a spot size of 3.
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FIGURE 1 SCHEMATIC IMAGE OF POROUS PDMS MEMBRANE FABRICATION METHOD. A
LAYER OF PR IS COATED ONTO A HMDS COATED 4”SILICON WAFER (A). THE PR LAYER IS
PATTERNED USING PHOTOLITHOGRAPHY RESULTING IN A PR COLUMN ARRAY (B). A
MIXTURE OF PDMS AND HEXANE (4:10 WT. RATIO) IS SPUN ONTO THE PILLAR ARRAY (C).
THE RESIDUAL PDMS LAYER IS ETCHED USING REACTIVE ION ETCHING (D). THE PDMS
MEMBRANE IS RELEASED BY DISSOLVING THE PR LAYER AND ATTACHED TO A TRANSWELL
INSERT (F AND G).
To be able to use these membranes for cell culture, a Transwell insert from
which the original membrane was removed was attached to the membrane by
use of an uncured PDMS (pre‐polymer : curing agent, wt. ratio 10:1) glue. After
attaching the insert to the membrane, the glue was cured at 60°C for 3 hours.
The membranes were released from the silicon substrate by dissolving both
the PR columns as well as the PR sacrificial layer in a mixture of acetone and
ethanol (100%) at a 70:30 v/v ratio. Released membranes were sterilized by
immersing them in ethanol (70%) for 24 h. Prior to cell culture, the membranes
were washed (3x) with 1 x phosphate buffered saline (PBS, Merck, Germany).

3.2.2

Cell seeding and staining

To assess the biocompatibility of the produced porous PDMS membranes,
human cerebral microvascular endothelial cells (hCMEC/D3, passage 30‐34,
Merck Millipore, the Netherlands) were seeded on top of the Transwell‐
mounted PDMS membranes. Commercially available Transwell systems with
PC membranes (Corning, NY, USA) are included in the experiment to compare
cell culture results. Membranes were prepared for cell seeding by coating them
for 1 h with a 40 µg mL‐1 fibronectin (YoProteins, Sweden) in PBS solution.
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HCMEC/D3 cells were resuspended in a 15 x 104 cells mL‐1 concentration in
endothelial cell growth medium (ECGM, Sigma‐Aldrich Chemie GmbH,
Steinheim, Germany). Prior to cell seeding, 600 µL ECGM was pipetted in the
lower compartment of the 24‐wells Transwell system. 100 µL hCMEC/D3 cell
suspension is pipetted on top of the collagen coated PDMS and PC membranes
and cultured statically. The cell morphology was observed daily using phase
contrast microscopy (EVOS®, PA, USA). Cell viability was assessed 4 and 7 days
after seeding by use of a live/dead viability assay (LIVE/DEAD™
Viability/Cytotoxicity Kit for mammalian cells, Thermo Fisher Scientific, MA,
USA) according to the manufacturers protocol. Results were analysed using the
“find maxima” method on separate RFP and GFP channels in ImageJ
(Supplementary Figure A1 and Supplementary Figure A4).
The influence of astrocytes on the endothelial cell layer was assessed by co‐
culturing astrocytes and hCMEC/D3 cells (passage 30‐34) on adjacent sides of
the Transwell membrane. For these experiments, the Transwell inserts were
prepared similarly as mentioned above. The bottom of the membrane was
coated with a layer of poly‐L‐lysine (PLL, 2 µg ml‐1 in PBS, Sigma‐Aldrich
Chemie GmbH, Germany) for 1 h at 37°C. After removing excess PLL solution,
50 µL human astrocyte (passage 6‐10, ScienCell Research Laboratories, CA,
USA) cell suspension (2 x 105 mL‐1 in serum‐free astrocyte medium (AM,
ScienCell Research Laboratories, CA, USA)) was pipetted onto the PLL coated
side of the membranes. Astrocytes were incubated for 8 h at 37°C, 5% CO2.
Once the astrocytes attached properly, the inserts were flipped over to coat the
top of the membrane with a 100 µg ml‐1 collagen (Corning, MA, USA) coating
for 1 h at 37°C, 5% CO2. A volume of 100 µL hCMEC/D3 suspension was added
on top of the collagen coated membranes to seed a final concentration of 2 x
105 cells mL‐1 in ECGM (Sigma‐Aldrich Chemie GmbH, Germany). 500 µL ECGM
was added to the endothelial cells in the bottom compartment of the mono‐
culture samples. The serum‐free AM in the bottom compartment of the co‐
culture samples was replaced with 500 µL serum‐rich medium (2% v/v fetal
bovine serum (FBS), 1% astrocyte growth supplement (AGS, 100x) and 1%
penicillin/streptomycin solution (P/S, 10,000 units mL‐1 of Penicillin and
10,000 μg mL‐1 of Streptomycin) all from Sciencell, CA, USA). Medium was
refreshed every day. Tight junctions and cell morphology were analysed using
immunofluorescence imaging. Prior to immunostaining, astrocytes and
hCMEC/D3 were fixed on ice using ice‐cold methanol (100%) for 15 min. After
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fixation, membranes were washed 3x with 1x PBS supplied with 1% BSA. Cells
were permeated using Triton‐X (0.1% in 5% BSA solution) for 30 min at room
temperature. Fixed samples were incubated overnight (ON) at 4°C with 5 µg
mL‐1 primary antibody (AB) in 0.5% BSA, anti ZO‐1 rabbit polyclonal (Thermo
Fisher Scientific, MA, USA). The medium in the bottom compartment was
replaced by 0.5% BSA in PBS solution. After primary AB incubation, samples
were washed 3x with 1% BSA in PBS solution. Washed samples were incubated
for 1 h at room temperature with Alexa fluor 647 donkey anti‐rabbit ((5 µg mL‐
1) Thermo Fisher Scientific, MA, USA) diluted together with NucBlue™ and
ActinGreen™ (both Thermo Fisher Scientific, MA, USA) in DI‐water. After
incubation, samples were washed 2x with 1x PBS. Cells were imaged by
fluorescence microscopy (EVOS®, PA, USA) and by confocal microscopy (Nikon
A1). Z‐stacks were made using confocal microscopy with a step size of 0.1µm.

3.2.3

Scanning electron microscopy of cell samples

Cell distribution on the membranes was visualized through SEM. Samples were
fixed by incubation in 100% ice‐cold methanol for 15 min followed by washing
2x using 1x PBS. After fixation, the samples were dehydrated by use of an
ethanol gradient (60%, 70%, 80%, 90%, 96% and 100% (2x) v/v ethanol in
milliQ). Samples are dehydrated further using critical point drying (Blazers
CPD 030) by liquid carbon dioxide exchange. Prior to SEM, the samples
were gold‐coated using a Cressington sputter coater. SEM images were
made at a 10 kV acceleration voltage with a JEOL JSM‐IT 100 SEM.

3.2.4

Permeability measurement

The integrity of the endothelial cell layer was assessed by studying the
paracellular transport of fluorescently labelled dextran from the top
compartment of the Transwell to the well plate (Figure 2). Cells were seeded
as co‐ and monoculture in Transwell inserts with PDMS and PC membranes (5
µm pore size) as mentioned before (Section 3.2.2). Cells were cultured for 4
days to obtain a proper monolayer. Prior to the experiment, 600 µL assay
buffer containing 5% v/v FBS, 2% v/v l‐glutamine and 2,5% v/v HEPES in
DMEM was added to each well of a new 24‐wells plate. Medium was removed
from the cell coated Transwell inserts and 100 µL FITC‐Dextran (20 mM in
assay buffer, 4 kDa, Sigma Aldrich, Germany) was added on top of the
endothelial cell layer. The Transwell inserts were placed into the assay buffer

49

Transwell integrated porous, thin PDMS membranes as alternative cell
culture platform
and incubated for 15 minutes. After 15 minutes, the inserts were placed into a
new well plate containing fresh assay buffer.

FIGURE 2 SCHEMATIC OF THE PERMEABILITY MEASUREMENT. (A) FIRST A CELL COATED
TRANSWELL INSERT CONTAINING A DEXTRAN SOLUTION IS PLACED INTO AN ASSAY BUFFER
SOLUTION. (B) AFTER 15 MINUTES OF INCUBATION (C) THE TRANSWELL INSERT IS
TRANSFERRED TO A FRESH ASSAY BUFFER SOLUTION FOLLOWED BY AGAIN 15 MINUTES
INCUBATION. STEP B IS REPEATED 2X UNTIL 4 TIME‐POINTS HAVE BEEN GATHERED. (D)
THE FLUORESCENT EMISSION OF THE ASSAY BUFFER SOLUTIONS IS BEING DETERMINED
USING A PLATE READER.
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Inserts were transferred every 15 minutes into a new solution. Per time‐point
and per sample (n=4), 3 x 50 µL was pipetted into a black (clear bottom) 96‐
well plate. As a control, the starting solution and an empty assay buffer solution
were included in the measurement. Fluorescent intensity was measured using
a Victor3 plate reader (PerkinElmer, Ma, USA) with excitation at 485 nm and
emission at 528 nm. Results were normalized to the lowest measured
fluorescence intensity which is a monoculture on a PDMS membrane.
Significance was determined by one‐way ANOVA with a post‐hoc Tukey test
using SPSS (IBM SPSS Statistics, Version 26 for Windows), n=4 per condition at
each time‐point. Data was compared between both types of membranes at the
same time point and between mono‐ and co‐cultures at the same time point.

3.3

Results and Discussion

Membranes with different pore sizes can be created using the reported
membrane fabrication method 28. Here we used membranes with a pore size of
5 µm (Figure 3). Changing the PDMS : hexane ratio as well as changing the
speed of spin coating and the etching time determine the final membrane
thickness 28. The thickness of the PDMS should be chosen such that the residual
layer of PDMS on top of the pillars is relatively thin (nanometre range),
resulting in a minimal time of dry etching. Analysis of the PDMS surface after
etching showed some traces of sulphur, which should be kept minimal by
reducing the etching time. In this research, membranes with a thickness of
approximately 2 µm were used (Figure 3). As can be seen in Figure 3B, when a
mask with 5 µm pore size is used, the actual pore size turns out to be
approximately 3‐4 µm. This size is dependent on the thickness on the
membrane as the used pillars are slightly tapered. In this case, a thinner
membrane results in larger pores.

51

Transwell integrated porous, thin PDMS membranes as alternative cell
culture platform

FIGURE 3 SEM IMAGES OF THE PDMS MEMBRANE. CROSS SECTIONAL VIEW OF
MEMBRANES WITH 5 µM PORE SIZE. THE MEMBRANE ITSELF HAS A THICKNESS OF 2 µM
AFTER ETCHING. AFTER ETCHING THE PR COLUMN IS EXPOSED RESULTING IN AN POROUS
MEMBRANE STRUCTURE UPON PR REMOVAL.

FIGURE 4 PHASE CONTRAST IMAGES OF HCMEC/D3 CULTURED ON PDMS MEMBRANES
WITH 3 µM PORES. CELLS WERE SEEDED IN A CONCENTRATION OF 1.5 X 104 CELLS/INSERT
AND FORM A MONOLAYER AFTER 5 DAYS OF CULTURE. A MORE COMPACT COBBLESTONE
CELL STRUCTURE IS FORMED AFTER 7 DAYS. SCALEBARS REPRESENT 100 µM.
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To validate whether etching PDMS using sulphur hexafluoride (SF6) and
oxygen has a toxic influence on cells cultured on these membranes, hCMEC/D3
are cultured for up to 7 days on the membrane. The monolayer formation of
the cells was analysed over time (Figure 4) as well as an end point
measurement of the cell viability after 4 and 7 days of culture (Figure 5).

FIGURE 5 LIVE DEAD VIABILITY ASSAY AFTER 4 AND 7 DAYS OF CO‐CULTURE (HCMEC/D3
& HUMAN ASTROCYTES). HCMEC/D3 CELLS AND HUMAN ASTROCYTES CULTURED ON A
PDMS MEMBRANE (A & B) AND ON A PC MEMBRANE (C & D), BOTH WITH 5 µM PORES.
VIABLE CELLS ARE STAINED WITH CALCEIN AM (GREEN), WHEREAS NECROTIC CELLS ARE
STAINED USING ETHIDIUM HOMODIMER (RED). (A & C) AFTER 4 DAYS OF CULTURE, THE
CELLS HAVE FORMED A VIABLE MONOLAYER WITH AN ACCEPTABLE AMOUNT OF NECROTIC
CELLS ON BOTH MEMBRANES. (B & D) AFTER 7 DAYS OF CULTURE, THE CELL LAYER IS
STILL VIABLE WITH A SIMILAR AMOUNT OF NECROTIC CELLS COMPARED TO THE PREVIOUS
TIME POINT. SCALEBARS REPRESENT 250 µM

Le‐The et al. have shown that etching PDMS with SF6 results in approximately
1.5% wt. sulphur residues on the membrane surface 28. After 7 days of culture,
hCMEC/D3 cultured on the PDMS membranes form a proper monolayer
(Figure 4D). Results from the live/dead viability assay show that after 4 and
after 7 days of culture, a percentage of approximately 80% of cells on the PDMS
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membranes as well as on the PC membrane are viable (Figure 5 &
Supplementary Figure A4). There was no significant difference detected in
viability between the two membranes at both time points (one‐way
ANOVA, p > 0.05, n=3). Analysis of the phase contrast image of hCMEC/D3 on
PDMS and the viability assay on day 7 shows a proper monolayer and good
viability of the cells (Figure 4). As the viability of the cells is not negatively
influenced by the PDMS membrane, another co‐culture of hCMEC/D3 and
human astrocytes is conducted to study the interaction between these cell
types. In previous experiments, membranes were coated with collagen prior to
cell seeding to provide better attachment for the brain endothelial cells. As the
astrocytes are seeded 24 h before the endothelial cells are seeded, serum‐free
medium must be used to prevent proteins from the astrocyte medium
precipitating on the membrane prior to collagen coating, occupying the
available binding sites for collagen on the membrane surface. The influence of
membrane thickness on cell‐cell interactions is studied by comparing the cell
morphology and ZO‐1 expression in co‐cultures on PDMS membranes with the
result of cells cultured on PC membranes. As can be seen in Figure 6B and
Figure 6E, the hCMEC/D3 cells cultured on the PDMS membrane show a lower
fluorescent intensity of tight junction protein ZO‐1 compared to the cells
cultured on the PC membrane. Furthermore, in both conditions the ZO‐1
staining is not localized at the borders of the cells. As reported by Gottardi et
al., ZO‐1 localizes towards the nucleus when the cell‐cell contacts are
remodelling or not present at al 31. Both the hCMEC/D3 cultured on the PDMS
as the cells cultured on the PC show similar, randomly distributed, ZO‐1
expression profiles. The fact that there is a higher expression of ZO‐1 protein
by the endothelial cells cultured on the PC membranes can be the result of a
higher number of astrocytes, due to lack of attachment in the beginning of the
experiment. Most astrocytes seeded on the PDMS membranes detached after
flipping the membrane and seeding the endothelial cells. However, after 7 days
of culture, the remaining astrocytes have formed a proper monolayer on the
bottom of the membrane (Figure 7B).
It was expected that the endothelial cells would be able to migrate through the
membrane to the side of the astrocytes, due to the chosen pore size. However,
Figure 6C and Figure 6F do not show ZO‐1 staining, indicating that there are no
or little hCMEC/D3 cells on the other side of the membrane. In the SEM images
in Figure 7, a clear difference in morphology and organization between
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astrocytes on the bottom of the membrane and endothelial cells on top of the
membrane can be seen.

FIGURE 6 IMMUNOSTAINING OF TIGHT JUNCTION PROTEIN ZO‐1 (ALEXA FLUOR 647, RED),
CELL NUCLEI (NUCBLUE©, BLUE) AND ACTIN (ACTINGREEN©, GREEN) AFTER 7 DAYS OF
COCULTURING ASTROCYTES AND HCMEC/D3. ASTROCYTES ON THE BOTTOM OF THE
MEMBRANE SHOW AN ELONGATED MORPHOLOGY AND NO ZO‐1 EXPRESSION (A & D).
HCMEC/D3 CELLS SEEDED ON TOP OF THE MEMBRANE SHOW A CHARACTERISTIC
COBBLESTONE MORPHOLOGY AND EXPRESS ZO‐1 ON BOTH MEMBRANES (B & E). THE
ENDOTHELIAL CELLS CULTURED ON THE PC MEMBRANE EXPRESS A HIGHER AMOUNT OF ZO‐
1, HOWEVER, NO LOCALIZATION AT THE CELL BORDERS IS FOUND (E). A CROSS‐SECTION OF
BOTH MEMBRANES SHOWS THE DIFFERENCE IN THICKNESS BETWEEN THE PDMS AND PC
MEMBRANE (C & F). THE PDMS MEMBRANE IS BARELY VISIBLE (C) WHEREAS THE PC
MEMBRANE CLEARLY SEPARATES THE TWO CELL LAYERS FROM EACH OTHER (F).
SCALEBARS REPRESENT 50 µM.
When we look at a monoculture, an endothelial cell protrusion going through
a 5 µm pore can be seen (Figure 7C). From this observation it can be concluded
that cells are able to have direct cell‐cell contact without having to migrate to
the other side of the membrane. Once the monolayer of endothelial cells starts
to overgrow, they will look for empty cell culture surfaces leading to migration
to the other side (Supplementary Figure A2). A good monolayer of astrocytes
on the other side of the membrane prevents this migration and facilitates
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direct cell‐cell contact. HCMEC/D3 and astrocytes, grown on PC membranes
with a comparable pore size of 5 µm show a similar morphology compared to
the same cells grown on the newly developed PDMS membrane Supplementary
Figure A3. From Supplementary Figure A3D it can be concluded that
endothelial cell protrusions are able to penetrate through the pores of the PC
membrane.

FIGURE 7 SEM IMAGES OF HCMEC AND HUMAN ASTROCYTES CULTURED FOR 7 DAYS ON
PDMS MEMBRANES WITH 5 µM PORE SIZES. A MONOLAYER OF HCMEC/D3 CELLS IS
FOUND AT THE MONO‐ AND CO‐CULTURE CONDITION (A & C). ON THE OPPOSITE SIDE OF
THE ENDOTHELIAL CELLS IN THE CO‐CULTURE CONDITION, A MONOLAYER OF ASTROCYTES
WITH THEIR CHARACTERISTIC ELONGATED SHAPE IS FOUND (B). A ZOOM IN OF THE
ENDOTHELIAL CELL LAYER SHOWS THAT PROTRUSIONS OF THE CELLS ARE ABLE TO REACH
THROUGH THE 5 µM LARGE PORES TOWARDS THE OTHER SIDE OF THE MEMBRANE (D).

An indication of cell layer integrity is the permeability to certain substances.
Here we used fluorescently labeled dextran (4 kDa) which was added to the
top compartment of the Transwell inserts after which the intensity of
fluorescence in the bottom compartment was measured after 15 minutes of
incubation. The Transwell was then transferred to a fresh buffer solution from
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which the fluorescent intensity was measured again after 15 minutes of
incubation.

FIGURE 8 BOXPLOT REPRESENTATION OF RELATIVE FLUORESCENCE OF FITC‐DEXTRAN
AFTER PASSIVE DIFFUSION THROUGH CO‐ AND MONOCULTURES OF HCMEC/D3 WITH AND
WITHOUT HUMAN ASTROCYTES ON BOTH PDMS AND PC MEMBRANES WITH 5 µM PORE
SIZE. MEASUREMENTS WERE TAKEN 4 TIMES, EACH AFTER 15 MINUTES (T1‐T4). EVERY
WELL (N=4 FOR EACH CONDITION) IS MEASURED 3 TIMES AT EACH TIME POINT.
SIGNIFICANCE: ** REPRESENTS P–VALUE < 0.01, “NS” REPRESENTS NOT SIGNIFICANT
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Because of the extremely high amount of dextran in the top compartment and
the low permeability of the cell layer, we assume that the decrease of dextran
concentration can be neglected. Note that due to this assumption, the
permeability of especially the PC membrane (it has a significantly higher
permeability compared to PDMS) over time is slightly underestimated which
might explain the insignificant difference appearing at T = 4. As can be seen in
Figure 8, the PDMS membranes allow for approximately 6x less transfer of
dextran to the bottom compartment compared to the PC membranes. There is
no significant difference in relative fluorescence between the samples that
were taken from the FITC‐dextran that passively diffused through the
coculture and the monoculture on PDMS membranes. This might indicate that
only having a monoculture of hCMEC/D3 cells is already enough to form a
proper cellular barrier on PDMS membranes. This is in accordance with results
from Cucullo et al. who showed that there is no difference in trans‐endothelial
electrical resistance (TEER), a measure for barrier integrity, between a
coculture of hCMEC and astrocytes and a monoculture of hCMEC 33.
Contradictory, our results show that the measured samples from the coculture
on PC membranes show a significantly lower relative fluorescence of diffused
FITC‐dextran, compared to the monoculture of hCMEC/D3 cells. The latter
indicates that the interaction between the astrocytes and endothelial cells has
an influence on the barrier integrity on thick porous PC membranes. However,
Odijk et al. showed that there is a significant variability in TEER measurements
along different systems 34 which might be caused by several factors such as
environmental conditions and cell layer continuity. A similar variability can
occur in these permeability measurements as a result of, for example, gaps in
the cell layer.

3.4

Conclusion and Outlook

In this chapter we show the implementation of a porous PDMS membrane for
cell culture. The fabrication method of this membrane allows for precise
control of pore size, pore distribution, pore density and membrane thickness.
These are parameters that cannot be easily adjusted when using traditional
Transwell membranes 35‐37. Traditional Transwell membranes are often non‐
transparent which makes live cell imaging a challenge. The low thickness and
straight pore morphology make the reported PDMS membranes transparent
and suitable for live cell imaging without the need for fluorescent tracers. Cell
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culture results have shown that the used fabrication method is not toxic to the
cultured cells. HCMEC/D3 cells were grown successfully for up to 7 days onto
the PDMS membranes. Although PDMS has proven to be a suitable material for
cell culture 38, 39, cell culture conditions still have to be optimized. We found
that using membranes with pore sizes of 5 µm results in cell migration to the
other side of the membrane leading to gaps in the cell layer directly after
seeding. Culturing the endothelial cells for prolonged time might solve the
problem of a discontinuous cell layer. However, prolonged cell culture can lead
to the formation of an endothelial cell monolayer on both sides of the
membrane. Cell migration can be averted by co‐culturing a second cell type on
the opposite side of the membrane. An unexpected result was the increase in
ZO‐1 expression in hCMEC/D3 cells cultured on the PC membranes compared
to the cells cultured on the PDMS membranes. As these PDMS membranes are
a 5‐fold thinner compared to traditional PC membranes, it was expected that
thinner membranes allow for direct cross‐talk between endothelial cells and
astrocytes resulting in an increased expression of tight junction proteins. We
confirmed this direct contact by SEM, showing cell protrusions going through
the pores of the PDMS membrane. Closer contact might lead to symbiotic
signalling between endothelial cells and astrocytes resulting in further
reduction of paracellular permeability 40. The increase in ZO‐1 expression in
the cells cultured on PC membranes is assumed to not be a result of the
distance between cell types. However, good attachment of endothelial cells to
the PC surface is the expected reason for an increased tight junction
expression. Permeability measurements show that PC membranes allow for
more transport of fluorescently labelled dextran compared to PDMS
membranes. When comparing the porosity of both membranes, an increased
permeability of PC membranes is expected. Initially, a Lucifer yellow
permeability assay was proposed, however due to circumstances,
fluorescently labelled dextran was chosen. The size of the dextran allows for
transcellular and paracellular transport of the molecules, this way the
transport is dependent on the tightness of the cellular barrier. It is seen that
there is little influence of astrocytes in close proximity to the endothelial cells
on the PDMS membranes. When astrocytes are cocultured with hCMEC/D3 on
PC membranes, the permeability decreases, indicating a better cellular barrier.
Results show that the permeability of the cell layers cultured on PC membranes
is 6x higher compared to PDMS membranes. The fact that the porosity of PC
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membranes is only 4x higher suggests that endothelial cells form a tighter
barrier on PDMS membranes.
Ultimately, these membranes are meant to be used as barriers in an OOC
system. Therefore, the inclusion of PDMS membranes inside a microfluidic chip
has to be optimized. Preliminary tests have shown that it is possible to insert a
porous PDMS membrane inside a PDMS microfluidic chip by use of surface
optimization using O2 plasma 28. This method, also reported by Quiros‐Solano
et al., results in leak free microfluidic chips 27. These microfluidic chips allow
for continuously perfused cell culture conditions.
The co‐culture system reported in this chapter can be made even more
physiologically relevant by including pericytes in the system. Pericytes are
thought to have an activating influence on astrocytes, improving the barrier
function of the endothelial cells 41‐43.
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4
Three‐dimensional
semi‐circular
microvascular blood‐brain barriers on‐chip
using hyaluronic acid based hydrogels
Most of the transport to the brain happens through the capillaries. Attempts have
been made to recreate these microvessels on‐chip. However, recently used
methods do not allow for the controlled formation of small microvessels in a
physiological relevant size range. A promising method for creating microvessels
on‐chip is the use of a hydrogel to create a cell‐gel interface. These so‐called
lumens‐in‐a‐gel allow for the formation of blood vessels in a biomimicking extra
cellular matrix environment. In this chapter we show the formation of a small
(<50 µm) lumen inside a hyaluronic acid based environment which eventually
allows for direct electrical validation of the cell layer.

Chapter 4

4.1

Introduction

Recreating vascular structures in vitro for endothelial cell culture 1, 2, disease
modelling 3, 4, drug studies 5 and understanding complex cellular pathways 6, 7,
has gained a lot of attention over the last decades. Several systems such as
organ‐on‐chip (OOC) devices and Transwell based systems are often used to
recreate structures that mimic vascular tissue. In both systems cells are
cultured on a two‐dimensional (2D) membrane, which serves as barrier
between multiple cell types as well as providing a cell culture surface.
Despite the ability of OOC systems to mimic physiological factors such as fluid
flow and shear stress which are necessary for cell mechanotransduction 6,
most fail to recreate the physiological relevant three‐dimensional (3D)
structure of the desired tissue. Recently, more physiologically relevant in vitro
models of microvasculature have been developed by the use of hydrogels 8, 9.
Campisi et al. has been developing a system in which endothelial cells are
seeded in a hydrogel matrix which leads to the spontaneous formation of a
perfusable microvascular network having vessels with a diameter ranging
from 10 to 100 µm 10. This bottom‐up approach results in random formation of
the vessel structure. A more controlled way of forming a vessel inside a
hydrogel is by use of viscous finger patterning as reported by Herland et al. in
2016 11. Using this method, a hollow lumen (diameter around 600‐800 µm) is
created inside a collagen gel due to a difference in viscosity between the gel
and the liquid that is used to form the lumen. Endothelial cells can be seeded
inside this pre‐engineered lumen after which a cell solution can be flown
through the lumen to create a vessel‐like structure. Another method that yields
a similar lumen is microneedling 12, 13, where a gel is cast around a thin
(diameter; 160 µm) microneedle 14. After removing the needle, endothelial
cells can be seeded inside the formed lumen. These methods are very robust
and reproducible; however, they have the disadvantage that the final lumen
size is always quite large (> 100 µm). Within the human brain, the capillaries
form the BBB that separates the brain tissue from the blood stream 15. These
capillaries have an average diameter of approximately 10 µm 16 and therefore
our aim is to develop a method to make microvascular with a comparable size
range on a microfluidic chip.
Hydrogels that are used for these methods are often easy to use gels such as
collagen and fibrinogen, which have great cell culture possibilities. Yet, these
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gels are not always able to resemble the physiological environment in the best
possible way. During this study we try to fabricate a lumen inside a hydrogel
which will be used for BBB research purposes. To increase the physiological
relevance of the system, the used gel should resemble the extra cellular matrix
(ECM) of the neurovascular unit (NVU). Fibrinogen and collagen are barely
present in the brain, but hyaluronic acid (HA) is present in abundance 17. For
this reason, we chose to use a HA‐based hydrogel to create a hydrogel chip. HA
is a polysaccharide that is used extensively in biomedical applications because
of its biocompatibility and biodegradability 18. In the natural ECM, HA plays a
role in cellular signalling, matrix organization and wound repair. To our
knowledge, HA is a material that has not been used before in OOC systems.
Another advantage of using a hydrogel to form a channel is the possibility to
create a cell‐gel interface. Most ECM‐like hydrogels are suitable for cell culture
inside and on top of the gel. In the brain microenvironment, astrocytes play an
important role in maintaining a proper barrier. By encapsulating astrocytes
inside the hydrogel and growing endothelial cells on the outside of the gel, the
physiology of the BBB can be recreated. Placone et al. showed that a gel mixture
of HA, collagen and Matrigel is the ideal combination for a co‐culture of
endothelial cells on top and astrocytes embedded inside a gel matrix 19. In a
mixture of HA, collagen and Matrigel cells will be able to migrate through the
gel to form direct cell‐cell contacts.
In this chapter, we describe a fabrication method for the formation of lumens
inside a HA‐based hydrogel which potentially can be used to mimic the BBB to
study its function and drug response. By altering the molecular weight of HA,
mechanical properties can be changed such that gels with a proper stiffness to
be used for our application can be designed. Here, we make use of a soft
lithography approach to create a semi‐circular channel inside a HA‐based
hydrogel. Microchannels have been made before using similar methods such
as micromoulding, casting or imprinting. Zheng et al. and Ling et al. both
describe a method in which a gel is made by casting an uncured gel over a
surface containing a microstructure 20, 21. To seal these channels, a second layer
of hydrogel was used. As the channel diameter is determined by the
microstructured surface, channel diameters smaller than 50 µm can be made.
The method we propose here does not include a second layer of hydrogel to
seal the channel, but instead the gel is attached directly onto a glass slide to
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allow for better channel visualization and characterization of the created
lumen. Using a glass slide, it becomes possible to validate the tightness of the
cell layer by use of trans endothelial electrical measurements (TEER) inside a
similar chip, which will be discussed in Chapter 5. In the current chapter, the
placement of the channel directly on an empty glass slide is described, which
allows for good real‐time visualization of the cells that form the lumen using
bright field microscopy.

4.2

Materials and Methods

4.2.1

Device design and fabrication

First a Delrin mould holder, which contains a lowered plateau used for placing
an interchangeable silicon chip with channel features, was made using a
micromilling machine (Datron NEO, NH, US) In this mould holder, there is
space for a poly‐methyl methacrylate (PMMA) support structure containing
rectangular open channels, created by micromilling. The open channels can be
addressed from the top through two shafts on each side of the open channels,
the outer ones for hydrogel injection and the inner ones for addressing the
imprinted channel structure. Additional shafts were created on the outside of
the PMMA support to fixate the support into the mould holder using fixation
plates and screws. The complete gel injection set‐up is shown in Figure 1. Prior
to hydrogel injection, the silicon chip must be placed in the lowered plateau of
the mould holder and fixed with a small piece of double‐sided tape to prevent
movement during soft lithography.
The silicon chip with positive photoresist features was made by standard
photolithography. A 4” silicon wafer was primed with hexamethyldisilazane
(HMDS) prior to spin coating a layer of positive photoresist AZ®40XT
(Microchemicals GmbH, Germany) (Step 1: 800 rpm, 100 r s‐2, 15 s; Step 2:
2500 rpm, 400 r s‐2, 30 s; Step 3: 3500 rpm, 1200 r s‐2, 1 s) to obtain a 30 µm
thick layer. The resist was soft baked for 7 minutes at 126 °C. Using a mask
alignment system (EVG620, EV Group, Austria), a channel pattern was
transferred into the AZ®40XT resist for 40 seconds with a power of 12 mW cm‐
2. After exposure the resist was baked for 100 seconds at 105 °C. The resist was
developed using an OPD4246 developer for 3 minutes. To create semi‐circular
structures, the AZ®40XT was reflowed for 60 seconds at 140 °C. Prior to using
the moulds, chips were diced and coated with perfluorodecyltrichlorosilane
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(FDTS, abcr GmbH, Germany) by evaporation, each chip containing two
channels that align perfectly with the PMMA support structure (Figure 2A).

FIGURE 1 EXPLODED VIEW OF THE HYDROGEL INJECTION SET‐UP

4.2.2

Hydrogel chip fabrication

The hydrogel used in these experiments has to meet two crucial requirements.
The first, being able to replicate the AZ®40XT channel structure. Secondly, the
gel has to be able to bind to the glass substrate after channel formation. As
successful experiments were already reported with agarose (3%), we used this
gel as a positive comparison 21, 22. The elastic modulus of agarose (3%) is
relatively high (19‐32 kPa) compared to the elastic modulus of brain tissue,
which is approximately 1.0 kPa 23. HA‐based hydrogels more closely resemble
multiple properties of the brain tissue including the brain tissue modulus.
Therefore, not only agarose, but also HA‐based hydrogels were used. These
gels were made by the reaction between tyramine (TA) coupled HA and TA
coupled dextran (Dex‐TA). To ensure endothelial cell adhesion, gelatin was
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added to the hydrogels prior to gelation. HA‐TA/Dex‐TA hydrogels with a final
polymer concentration of 10% have a reported elastic modulus of
approximately 10 kPa 24. Lower concentrations of 2.5% and 5.0% HA‐TA/Dex‐
TA hydrogel with estimated moduli of approximately 7 kPa and 3 kPa
respectively were included in these experiments.
Prior to hydrogel injection, the silicon chip was placed in the chip holder and
the PMMA gel support was secured on the chip holder using fixation plates and
screws. Agarose gels (1%, 2% and 3%) were prepared by dissolving agarose
powder (low electroendosmosis (EEO), Sigma Aldrich, St. Louis, USA) in 1x
phosphate buffered saline (PBS, Thermo Fisher Scientific, MA USA).
Dissolution was initiated by heating up the mixture in a microwave according
to manufacturer’s protocol. HA‐TA/Dex‐TA hydrogels do not allow for
endothelial cells attachment, therefore TA coupled gelatin (Gel‐TA) was added
to the HA‐TA/Dex‐TA mixture prior to injection. To create the HA‐based
hydrogel, HA‐TA, Dex‐TA and Gel‐TA (all generously provided by the
Developmental Bio Engineering group, University of Twente, the Netherlands)
were mixed in a 1:1:0.05, 1:1:0.1 and 1:1:0.2 ratio to obtain polymer solutions
of 3.1%, 6.2% and 12.5% w/v in 1x PBS respectively. The enzyme horse radish
peroxidase (HRP, 311 U mL‐1 stock in PBS) was added to the gel solution to a
final concentration of 5 U mL‐1. The mixture was shaken gently prior to
overnight incubation at 4 °C to allow for equal distribution of components. To
initiate gelation, freshly made hydrogen peroxide (H2O2 30% w/v stock
concentration, Sigma Aldrich, St. Louis, USA) with a final concentration of
0.015% w/v was added to the previously made gel. After proper mixing of the
gel mixture, 30 µL gel per channel was injected into the PMMA holder using a
200 µL pipette tip (Figure 2B). Gels were incubated 10 minutes at room
temperature (RT) after which the PMMA holder was transferred onto a glass
slide for further analysis (Figure 2C).

4.2.3

Hydrogel chip validation

Once a successful channel had been formed inside the HA‐TA/Dex‐TA
hydrogel, it should be sealed onto a glass slide to ensure that no liquid is able
to migrate underneath the gel. To prepare the glass slide, it was pre‐treated
with oxygen plasma followed by a 30 minutes submersion in 3% (3‐
Aminopropyl)triethoxysilane (APTES, Sigma Aldrich, St. Louis, USA). The glass
slides were washed with 70% ethanol followed by milliQ washing and air
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drying. The TA‐NHS used to functionalize the APTES coated glass surface was
prepared by dissolving TA‐NHS in dimethyl sulfoxide (DMSO, Sigma Aldrich,
St. Louis, USA) and bicarbonate buffer (pH 8.6) to obtain a final concentration
of 0.5 mg mL‐1. The APTES coated glass slides were incubated for 30 minutes
at RT with the TA‐NHS solution. HA‐TA/Dex‐TA pre‐gels were prepared as
reported in the previous section (4.2.2). To test attachment of the hydrogel to
a TA‐coated surface, two experiments were conducted. In the first experiment,
the gelation process was initialized by adding H2O2 after which it was solidified
for 10 minutes on a non‐treated glass slide. After solidification, the hydrogel
was transferred to a TA‐coated glass slide. During the second experiment, a
droplet of gel to which H2O2 was added was placed directly onto the TA‐coated
surface to allow crosslinking for 10 minutes.
Channel features could not be transferred successfully to HA‐TA/Dex‐TA
hydrogels with a concentration of 2.5%. Therefore, the experiments described
here were conducted with 1% agarose, 2% agarose, 5% HA‐TA/Dex‐TA and
10% HA‐TA/Dex‐TA. Channel formation was validated by measuring the width
of the created channels and comparing this width with the feature dimensions
from the used AZ®40XT mould. For these measurements, channels with a
width of 40, 50 and 60 µm and a height of 22 µm were used (n = 4). Widths
were measured using an EVOS FL cell imaging system (Thermo Fischer
Scientific, MA, USA) and images were analysed using Leica Application Suite
software (Leica Microsystems).
To validate whether the produced hydrogel chips were applicable for cell
culture experiments, the sealing on the glass surface after crosslinking had to
be studied. To assess the channel inside the hydrogel, a glass capillary (inner
diameter: 250 µm, outer diameter: 380 µm, Postnova analytics) was punched
through the gel into the open channel. To allow swelling of the hydrogel,
distilled water (dH2O) was flushed through the channel. A solution of 10 µm
microbeads (Polysciences Inc., Germany) was flushed through the channel
after swelling to assess the sealing of the gel to the glass surface (Figure 2C).
The dispersion of the microbeads through the channel and the rest of the
system was analysed optically using an EVOS FL cell imaging system.
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4.2.4

Cell viability and morphology on HA‐based hydrogels

As these hydrogel chips will be used for the in vitro formation of vasculature,
the viability of human cerebral microvascular endothelial cells (hCMEC/D3) on
the HA‐based gels was assessed using a PrestoBlueTM viability assay. The 5.0%
HA‐TA/Dex‐TA gel was most suitable for replicating the channel structure due
to its stiffness and its ability to replicate the mould; therefore, this hydrogel
composition was used to study biocompatibility. A pre‐gel containing HA‐TA,
Dex‐TA and Gel‐TA was made according to reported protocol. The gel was
finalized by adding H2O2. Plugs of gel were pipetted into a 96‐wells plate where
gels could solidify for 10 minutes at RT. To prevent gel dehydration, 200 µL
endothelial cell growth medium (ECGM, Sigma Aldrich, St. Louis, USA) was
placed on top of the gel. As a control, empty wells were coated with collagen‐1
(50 µg mL‐1, rat‐tail, Corning, NY, USA). HCMEC/D3 (Merck Millipore, MA, USA)
were trypsinized and diluted to seeding concentrations of 7.5 x 104 cells cm‐2
and 15 x 104 cells cm‐2. A presto blue assay was conducted on day 1, 3, 5 and 7.
Presto blue solution in cell culture medium (ratio 1:10) was added to the
samples (n=3 per seeding density; n=2 for the gel only samples) and incubated
for 4 hours at 37°C. From each well, 3 samples of 90 µL are taken to correct for
pipetting errors. Samples were placed in a black 96‐well plate after which they
were analysed using a VICTOR3 plate reader (PerkinElmer, MA, USA).
Statistical analysis was done by conducting two‐way ANOVA tests using
GraphPad Prism software (GraphPad Software, Inc., version 6.07 for
Windows). Data was compared between time points for each substrate and
seeding density, between different substrates per seeding density on the same
time point and between the two cell seeding densities for each substrate on the
same time point.
Cell morphology was analysed by immunofluorescent staining of actin
filaments. HCMEC/D3 cells (same conditions as described for the viability
assay) were grown for 24 hours on 5% HA‐TA/Dex‐TA/Gel‐TA hydrogels after
which they were fixed using 4% formaldehyde (Sigma Aldrich, St. Louis, USA)
for 15 minutes at RT. Fixed samples were permeabilized using 0.1% Tween
(Sigma Aldrich, St. Louis, USA) in 1.0% w/v BSA (in PBS 1x) for 10 minutes.
Staining solution containing NucBlue® and ActinRed® (Thermo Fisher
Scientific, MA, USA) was added to the samples followed by 15 minutes
incubation at RT. Cells were imaged using an EVOS FL cell imaging system.
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FIGURE 2 CROSS‐SECTIONAL PROCESS FLOW OF HYDROGEL CHANNEL FORMATION. FIRST
THE PMMA SUPPORT STRUCTURE IS PLACED INTO THE DELRIN MOULD HOLDER, RESULTING
IN EXACT ALIGNMENT OF THE HYDROGEL INJECTION CAVITY ABOVE THE AZ®40XT
PATTERNED SILICON CHIP (A). NOW THE HYDROGEL IS INJECTED INTO THE CAVITIES USING
200 µL PIPETTE TIPS (B). ONCE THE GEL IS SOLIDIFIED, THE PMMA SUPPORT STRUCTURE
FILLED WITH HYDROGEL IS TRANSFERRED ONTO A GLASS SLIDE. THE CREATED LUMEN
INSIDE THE HYDROGELS CAN NOW BE ACCESSED THROUGH CAPILLARIES (C).

4.3

Results and Discussion

4.3.1

Hydrogel chip optimization

Prior to hydrogel chip transfer, the AZ®40XT channel transfer was assessed for
all hydrogels. Except for the 2.5% HA‐based hydrogel, all could be imprinted
successfully. To assess reproducibility of the soft lithography, imprinting was
repeated multiple times and analysed by bright field microscopy. In some
cases, the imprinted channels show abnormalities. One type of abnormality is
caused by impairments of the AZ®40XT photoresist which is mechanically
influenced after many imprint replicates. The second abnormality is not caused
by physical alteration of the mould. However, the chemical structure of the
hydrogel seems to be altered locally resulting in a wavy structure of the gel.
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The first impairment can be overcome by using the AZ®40XT mould a
maximum of 20 times. The second impairment is solved by making fresh
hydrogel solutions prior to each experiment.
The attachment of HA‐based hydrogels to a TA‐coated surface before and after
crosslinking was tested by mechanical manipulation of the gels. In case that
gels can crosslink on the TA‐coated surface covalently, gel rupture should take
place upon mechanical stress. However, when crosslinked gels were
transferred to a TA‐treated glass slide, the gel can be moved around freely,
indicating no covalent binding. According to Wennink et al., a decrease in gel
concentration results in a shorter gelation time 24. HA‐TA/Dex‐TA hydrogels
with a gel percentage of 10% form a hydrogel in approximately 10 seconds,
meaning that a 5% gel will gelate within 10 seconds. As we were not able to
inject and transfer the gel within 10 seconds, it is necessary to find a bonding
method that seals the gel sufficiently to the glass surface even after full gelation
has occurred. Although the gels did not attach covalently to the glass surface,
the mechanical sealing of imprinted hydrogels on glass surfaces was assessed
by flowing beads through the channel. As can be seen in Figure 3A the beads
flow through the imprinted channel and do not migrate underneath the gel.
However, in some cases, beads were able to escape the channel and end up
underneath the gel (Figure 3B). It is hypothesized that isotropic shrinkage of
the gel results in detachment from the surface. Shrinkage as a result from
hydrogel dehydration can be prevented by adding a droplet of PBS to the glass
surface prior to hydrogel transfer.
Another channel characteristic that was analysed is the replication quality of
the AZ®40XT mould. Replication quality is measured by measuring the width
of the imprinted channel on a glass slide and comparing this with the actual
width of the photoresist channel feature. Results show that successful
replication of channel features is possible. However, the actual measured
channel width deviates from the width on the silicon chip (see Figure 4) for
both agarose and HA‐based gels. This can be the result of multiple factors such
as hydrogel swelling 25 and the previously mentioned adherence of the gel to
the support structure and to the glass. During this experiment, two different
channel geometries were compared, being semi‐circular channels (width 40
and 60 µm) and square channels (width 50 µm). It is hypothesized that the
hydrostatic force distribution on top of the channel has an influence on how
the gel can deform at the glass/gel interface. Semi‐circular channels are
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therefore able to deform differently due to the horizontal load distribution. The
force distribution on a square channel is perpendicular to the top of the
channel and equal along the surface whereas the force on top of the semi‐
circular channel is not perpendicular.

FIGURE 3 IMPRINTED CHANNELS IN 5% HA‐TA/DEX‐TA/GEL‐TA HYDROGEL. 10 µM
BEADS WERE INJECTED IN THE CHANNEL. SOME PARTS OF THE CHANNEL ARE PROPERLY
SEALED ONTO THE GLASS SLIDE, PREVENTING THE BEADS FROM LEAVING THE CHANNEL (A).
SOME PARTS ARE NOT SEALED PROPERLY, LEADING TO MIGRATION OF BEADS OUT OF THE
CHANNEL, UNDERNEATH THE HYDROGEL (B). THE RED DASHED LINES INDICATE THE
BORDERS OF THE IMPRINTED CHANNEL. SCALEBARS REPRESENT 200 µM.
The most consistent replication of channel features was achieved by the 2%
agarose gel and the 10% Ha‐TA/Dex‐TA/Gel‐TA gel, whereas they both show
a good final channel width in correspondence with the silicon chip that was
used. Note that we observe an increased hydrogel channel width for the stiffest
agarose gel which is often used in literature 21, 22. As there is no logical chemical
explanation for this increase, it is thought that the gel is not able to attach
properly to the glass slide, causing an observation in a wrong focus plane
leading to an increased estimation of the channel width. This can be checked
by adding a visible structure to the glass slide. This might also be the case for
the 5% Ha‐TA/Dex‐TA/Gel‐TA gel as we have shown for this mixed gel that
attachment to the glass is not optimal (Figure 3B).
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FIGURE 4 DIAMETER OF THE CREATED CHANNELS AS A RESULT OF THE MOULD DIMENSION.
IN TOTAL, 3 DIFFERENT SIZE MOULDS WERE USED BEING; D=40 µM (SEMI‐CIRCULAR),
D=50 µM (SQUARE) AND D=60 µM (SEMI‐CIRCULAR). THE USED SILICON CHIPS WERE
MEASURED AND PLOTTED TO VALIDATE THE SUCCESS OF THE PHOTOLITHOGRAPHY PROCESS

(GREEN CUBES). THE TOP GRAPH SHOWS THE RESULT OF AGAROSE GELS WITH DIFFERENT
GEL CONCENTRATIONS (1%, 2% AND 3%). THE BOTTOM GRAPH SHOWS THE CREATED
CHANNEL DIAMETERS IN HA‐BASED GELS (HA‐TA/DEX‐TA/GEL‐TA 5% AND 10%)
(N=3 FOR EACH GEL AND EACH MOULD).
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4.3.2

Cell culture on HA‐based hydrogels

To study the cell culture applicability of HA‐based hydrogels, hCMEC/D3 were
cultured on 5% HA‐TA/Dex‐TA/Gel‐TA hydrogels as well as on collagen‐I
coated surfaces which are used as a positive control. During this culture, cell
morphology as well as cell viability were monitored. It is known that these cells
are able to grow and form a proper monolayer on collagen‐I coated tissue
culture plastic (TCP) 26. As can be seen in Figure 5 (A, E, I and M), both seeding
densities resulted in the formation of a cell monolayer after one day of culture
on both surfaces. The characteristic cobblestone morphology of the endothelial
cells cultured on the gels is comparable to the morphology of the cells cultured
on the collagen‐I coated surface. The final concentration of supplemented
gelatin used in these experiments was 0.5 mg mL‐1 and 1 mg mL‐1. No
significant difference in cell morphology nor viability of the cells on these two
mixed gels could be observed. However, there is a significant difference in cell
viability when the cell seeding density is changed. As can be seen from the
presto blue assay in Figure 6, a lower seeding density, from day 3, results in a
significant higher cell viability on HA‐based hydrogels. This higher viability
does not directly match with the results obtained from the
immunofluorescence images. A possible explanation for this observation is the
washing steps prior to fluorescently labelling the cells. These washing steps
take out the dead cells from the monolayer leaving an optically healthy‐looking
cell layer.
Cells that were cultured on top of the HA‐based hydrogel are able to remodel
the gels which can be concluded by the irregularity of the focus plane that
increases over time (Figure 5 E‐H and Figure 5 M‐P). Zheng et al. reported on
this hydrogel remodelling by HUVECs that were cultured onto a collagen‐I
hydrogel matrix 20. In their research, cells were grown in a rectangular shaped
channel and within 3 days of culture, the cells had remodelled the channel into
a circular shape. A noteworthy difference between the collagen‐I gels used by
Zheng et al. and the HA‐based gels used in this research is that the HA‐based
gels have an elastic modulus which is one order of magnitude higher. This
increase in stiffness does not seem to influence the cells negatively. Cellular
contraction leading to hydrogel deformation might also result in a decrease of
total hydrogel volume 27 which is not desirable when using the gel as final
device.
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FIGURE 5 HCMEC/D3 SEEDED IN 7.5 X 10‐4 CELLS CM‐2 (A‐H) AND 15 X 10‐4 CELLS CM‐2
(I – P) DENSITY ON A COLLAGEN‐1 COATED SURFACE AND ON HA‐TA/DEX‐TA/GEL‐TA
GELS (1 MG ML‐1). CELLS ARE LABELLED FLUORESCENTLY TO OBSERVE THE CELL
MORPHOLOGY OVER TIME. NUCLEI ARE LABELLED WITH NUCBLUE (BLUE) AND ACTIN
FILAMENTS ARE LABELLED WITH ACTINRED (RED). NO CLEAR DIFFERENCES IN
FLUORESCENT INTENSITY CAN BE SEEN IN THESE IMAGES AS ALL CONDITIONS SHOW A WELL
GROWN CELL LAYER FROM DAY 1 TO 7. IT CAN BE SEEN THAT OVER TIME, THE IMAGES
BECOME BLURRY AT RANDOM PLACES INDICATING REMODELLING OF THE GEL BY THE CELLS.
SCALEBARS REPRESENT 400 µM.

Even though these results show a good cell viability on the 5% HA‐TA/Dex‐
TA/Gel‐TA hydrogels, the conditions used during these static experiments are
not similar to the conditions that cells will be exposed to in the proposed
microfluidic device. In such a closed device, cells experience a limited nutrient
supply, limited waste removal and increased exposure to shear stress; the
latter with physiological relevance. Previous research has shown that cell
culture under these conditions inside a microfluidic channel is possible 12, 28.
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HA‐TA + Gel‐TA 0.5mg/ml
HA‐TA + Gel‐TA 1.0mg/ml
Collagen‐I 50 µg/ml
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Corrected intensity

***
3

2

1

0

1 3 5 7

1 3 5 7

1 3 5 7

1 3 5 7

1 3 5 7

1 3 5 7

days
7.5·104 cells/cm 2

15·104 cells/cm 2

FIGURE 6 THE INTENSITY MEASURED USING A PRESTO BLUE ASSAY IS CORRECTED FOR CELL
NUMBER, SHOWING THE INTENSITY PER HCMEC/D3 CELL IN VARIOUS CONDITIONS. THE
RESULTS ARE NORMALIZED TO A TIME AND SUBSTRATE MATCHED CONTROL. HCMEC/D3
ARE CULTURED ON COLLAGEN‐I AS A POSITIVE CONTROL AS THIS IS KNOWN AS REGULAR
CULTURE CONDITION. TWO DIFFERENT CELL SEEDING DENSITIES WERE USED. THE TIME
POINTS (T1‐T4) CORRESPOND TO 1, 3, 5 AND 7 DAYS AFTER CELL SEEDING RESPECTIVELY.
SIGNIFICANCE: *** REPRESENTS P‐VALUE≤0.001

4.4

Conclusion and Outlook

To create a more physiologically relevant representation of a brain capillary in
vitro, we have developed a system where we use soft lithography to imprint a
small (<50 µm) channel structure into a HA‐based hydrogel. Using
microfabrication technologies, a holder is created in which a channel is milled.
By placing the holder onto a silicon chip containing a positive mould structure,
a cavity is created in which a hydrogel can be injected. A HA‐based hydrogel
composed of HA‐TA, Dex‐TA and Gel‐TA was injected successfully into the
cavity. The hydrogel concentration should be at least 5% to allow for good
transfer of the photoresist mould into the gel by soft lithography. Agarose, a gel
that was often used for soft lithography applications is used to compare the
gelating and cell culture results of the HA‐based gels with. Exact replication of
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the dimensions of the photoresist into the gel was not possible for all gels.
However, most gels show a good replication when the actual width is
compared with the mould width of the used silicon chip. Especially the 10%
HA‐TA/Dex‐TA/Gel‐TA and the 2% agarose hydrogels show a good replication
of the used moulds. Once the gels were fully gelated, the PMMA support
structure was transferred to a glass slide. To assess good sealing of the gel onto
the glass slide, a solution containing micro beads was flushed through the
channels to observe possible leakages. Beads were found inside the channels
along the entire length, however at some spots, beads were able to migrate
underneath the gel indicating lack of sealing. Better sealing was attempted by
allowing the hydrogel to swell by immersion in a buffer solution, prior to
adhering to the glass slide. This did not result in full sealing of the channel as
beads were still found outside the channel. To overcome the problem of bad
hydrogel to glass adherence, glass slides were treated with TA prior to placing
the hydrogel on top, to allow for chemical attachment of the gel to the surface.
However, all the reactive sites in the hydrogel were used during crosslinking
resulting in no covalent binding to the TA coated surface. Partially curing the
hydrogel prior to contact with the coated surface was in this setting not
possible as the gel was too soft for channel transfer to be successful. So far,
clamping the hydrogel channel tightly onto the glass slide seemed the best way
to obtain a relatively well sealed channel. For future experiments, the glass
surface can be treated with an extremely thin layer of hydrogel such that the
system still allows for electrical and optical analysis through the glass slide.
This method has proven to work multiple times, however in all the previously
published work, the extra layer of hydrogel is relatively thick 20, 21, 29.
HA‐based hydrogels with a gel concentration of 5% and 10% were used as cell
culture surface to see whether the stiffness and composition of these gels has
an influence on the viability or the morphology of the cells. Within these
experiments, the seeding density of the endothelial cells as well as the
concentration of added gelatin was varied. Only an increase in seeding density
showed to have an influence by showing a lower cell viability compared to the
lower seeding density. Furthermore, all other conditions show a high cell
viability after 7 days of culture. Deformation of the gel was observed in some
samples, indicating the remodelling ability of the cells despite the relatively
high elastic modulus of the gel (∼5‐10 kPa). This deformation might lead to a
decrease in hydrogel volume. Once the hydrogel chip is formed and cells are
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starting to reduce the gel volume by remodelling, the adherence of the
hydrogel to the support structure and the bottom glass slide might be
disrupted. Therefore, proper adhesion of the hydrogel to the surrounding
surface should be optimized further. The cell seeding experiments in this study
are all carried out in 2D, meaning that the cells do not experience the same
environmental morphology as they would inside a microfluidic channel.
Furthermore, cells lack the shear stress caused by fluid flow. In future
experiments, we attempt to culture cells inside the small microfluidic channels
imprinted in the hydrogels to see whether they are able to form a
physiologically relevant cell layer which is applicable for further research.
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5
Impedance spectroscopy in a semi‐circular
blood‐brain barrier on‐chip to assess barrier
properties
Organ‐on‐chip systems strive to become more and more realistic representations
of the in vivo situation. Using microfabrication techniques, physiologically
relevant structures can be created in which patient specific tissues are cultured.
These systems all have their own limitations. Vessels on‐chip are often relatively
large and show variations between experiments. Smaller, more capillary‐like
models give a better representation of the in vivo situation. However, these
capillary‐like models lack the ability to properly characterize the cultured cell
layer in real‐time. Here we developed a brain capillary on‐chip cultured onto an
array of electrodes which can be used to measure the trans‐endothelial electrical
resistance of the cultured cell layer.

This Chapter is adapted from:
Assessing barrier properties using impedance spectroscopy in a semi‐circular blood‐brain barrier on‐chip
F. Avgidis†, M.P. Tibbe†, D.S. de Bruijn, A.M. Leferink, J.C.T. Eijkel and L.I. Segerink († These authors contributed
equally)
Manuscript in preparation

Chapter 5

5.1

Introduction

The blood‐brain barrier (BBB) is a biological structure that acts as a
“gatekeeper” between the peripheral blood circulation and the central nervous
system (CNS). It tightly controls the flux of solutes from the blood to the brain,
only allowing the passage of chemicals that are necessary for neuronal
functioning. The main structural elements of the BBB are cerebral blood
vessels with a radius of several micrometres. A network of over 600 km of
these capillaries delivers the necessary nutrients to the brain 1. These
capillaries are formed by endothelial cells tightly packed together to form a
continuous cylindrical structure. An important characteristic of cerebral
capillaries that differentiates them from capillaries in the rest of the body, is
the presence of intercellular tight junctions. These tight junctions restrict the
paracellular transport of solutes 2. Disruption of these tight junctions is
associated with several diseases such as Alzheimer’s disease 3, stroke 4,
encephalopathy 5, and Parkinson’s disease 6. Nevertheless, reversible tight
junction disruption can also be beneficial if employed as a gateway for drug
delivery to the brain. Hence, high‐fidelity in vitro models of the BBB could, on
the one hand, assist in better understanding the biological origins of diseases
that affect the BBB and, on the other hand, allow for better screening of novel
neurotherapeutics 7.
Although the physiology of the BBB has been thoroughly investigated in
primary cultures of brain endothelial cells, these traditional cell cultures do not
imitate the actual, three‐dimensional structure of cerebral blood vessels, and
do not allow for label‐free assessment of the barrier tightness. The latter has
been addressed with the advent of the Transwell system. This system consists
of two fluidic compartments separated by a porous polymer membrane,
making the investigation of the permeability of the cell layer possible.
Furthermore, Transwell systems allow for the insertion of an electrode in each
compartment that can then be used to measure trans‐endothelial electrical
resistance (TEER), a quantitative measure of the integrity of tight junctions in
cell monolayers 8. Although TEER measurements in Transwell systems are
presented very regularly in literature, the TEER values reported show
significant variability 9. This has been attributed to two factors: first, the
electrodes are most often manipulated manually, and their location with
respect to the porous membrane can affect the resistive readout 10 and second,
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it is often assumed that the entire cell culture area contributes equally to the
measurement, which has been shown to be false 11.
Recent alternatives to the Transwell system are microfluidic models of the BBB
that allow for better emulation of the physiology of the cortical capillary, while
consuming minimal amounts of reagents. Over the past few years, several such
microfluidic “organ‐on‐chip” (OOC) systems were developed to imitate BBB
functionality on‐chip. Most of these systems integrate electrodes for the
electrical assessment of the barrier tightness. Nevertheless, instead of
recreating the three‐dimensional structure of a cortical capillary, the vast
majority of these models include a non‐physiological membrane that separates
the basolateral and apical fluidic compartments 7, 12‐17. Therefore, all these
models recreate a two‐dimensional (2D) endothelial layer rather than a three‐
dimensional capillary. Conversely, a few microfluidic models of the BBB do
imitate the actual circular shape of a capillary, but they do not exhibit the
appropriate physiologically relevant size and do not allow for electrical
assessment of the barrier tightness due to design limitations 18, 19.
Here, we present an adapted version of the BBB model presented in Chapter 4.
This model, unlike previously reported models, reflects the actual size and
circular shape of a human brain microvessel, while still allowing for real‐time
and label‐free assessment of the barrier integrity through an array of
integrated electrodes. We have employed finite element modelling to optimize
the geometry and placement of the integrated electrodes in order to achieve
high sensitivity and linearity between measured resistance and TEER values.
Unlike many previously reported models that relied on the insertion of metal
wires acting as electrodes above and below the cultured cells on‐chip 7, 17, 20,
we chose to use electrodes sputtered on a glass substrate. This allows us to
minimize the cost of the device by reusing the same electrodes over multiple
microfluidic devices, while ensuring that the relative position of the electrodes
with respect to the channel is always the same. To assess the barrier integrity,
impedance spectroscopy using 4 electrodes can be performed which allows us
to extract both cell layer resistance and capacitance while being less prone to
the influence of the electrode‐electrolyte interface compared to 2‐point
impedance spectroscopy 11. Simultaneously, immunofluorescent staining of
the tight junction protein zonula occludins‐1 (ZO‐1) 21 can be conducted to
correlate changes in impedance with changes in protein localization. As a proof
of concept, we employed this immunofluorescent staining to study the
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possibility to transiently modulate the tightness of the BBB in a dose‐
dependent manner by altering the calcium concentration of the cell medium 22.
Temporarily impairing the tight junction proteins, which reduces the overall
tightness of the cell layer, is useful for targeted drug delivery to the CNS 23.
Subsequently, to validate the use of our OOC system in drug response
experiments, we studied the role of a common antioxidant, vitamin C, in
induced oxidative stress. To achieve a high‐fidelity BBB model, it is essential to
couple the physiological effect of astrocytes on the cortical capillary. Co‐culture
of astrocytes and brain endothelial cells has shown to upregulate the
expression of tight junctions, enzymes, and transporters 24, 25. However, it has
been shown by Cucullo et al. that the influence on barrier tightness is
dependent on the used cell type 26. In the human brain, astrocytes do not make
direct contact with endothelial cells; instead, the two cell types are separated
by the basal lamina, a 20 to 100 nm thick layer of extracellular matrix 27.
Therefore, we hypothesized that growing the cortical capillary in the presence
of astrocyte‐conditioned medium could have a similar effect on the endothelial
cells compared to a co‐culture with astrocytes. We elucidated this effect by
observing differences in ZO‐1expression by cells grown in the presence and
absence of astrocyte‐conditioned medium and then challenging them with
hydrogen peroxide (H2O2), a common oxidizer that damages tissue via
oxidative stress. The latter is to test the observation that astrocyte co‐culture
upregulates antioxidant enzymes in endothelial cells 28.

5.2

Materials and Methods

5.2.1

Device design and fabrication

The BBB on‐chip consists of a pair of microchannels patterned in
polydimethylsiloxane (PDMS), bonded on a glass substrate with embedded
electrodes. Each microchannel has a length of 8 mm and a radius of
approximately 27 μm, with the total volume of each microchannel being below
10 nL. Each PDMS device consists of two separate parallel channels. Forty‐four
platinum electrodes are located at the bottom of each microchannel, which can
be used to address different micrometer‐long regions of the cortical
microvessel independently. The effective area of each electrode is 30 × 60 μm2.
Electrodes are grouped in sets of four, with the distance between each pair
being 200 μm. We arrived at this design through finite element simulations
with the purpose of maximizing sensitivity and linearity between measured
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resistance and TEER. All electrodes have accessible connection pads at the
edges of the glass substrate. A holder was designed and milled in poly‐methyl
methacrylate (PMMA) using a CNC mill (Datron Neo, NH, USA) and
subsequently fitted with spring contacts to allow the electrical interfacing
between the assembled chip and an impedance analyser. Microscale features
were fabricated on a silicon wafer using the AZ®40XT positive photoresist
(Microchemicals GmbH, Germany). The photoresist was reflown by ramping
the temperature of the wafer from 60°C to 140°C (12°C min‐1) and then baking
it at 140°C for 60 seconds to achieve semi‐circular channels with a height of
approximately 27 μm. The wafer was then coated overnight with
chlorotrimethylsilane (CTMS; Sigma‐Aldrich, MO, USA) to avoid PDMS
adhesion. PDMS prepolymer (Sylgard 184; Dow Corning, MI, USA) was then
mixed thoroughly with curing agent at a 10:1 w/w ratio and the mixture was
poured over the silicon wafer containing the microscale structures. Then, the
PDMS structure was degassed for 30 minutes in a vacuum desiccator and
subsequently cured at 80°C for 2 hours. The PDMS slice with the channel
imprints was then peeled from the silicon wafer, and two inlets were punched
at either end of each channel using a biopsy puncher with a diameter of 0.5
mm. PDMS devices were then rinsed with isopropanol, ethanol, and distilled
water and dried using compressed air. To fabricate glass slides containing
recessed platinum electrodes, MEMpax® borosilicate glass wafers were
cleaned in fuming nitric acid, after which the electrode pattern was patterned
onto the glass surface by standard photolithography. Bare areas were wet
etched in a buffered hydrogen fluoride (HF) etchant (BOE 7:1, Technic) to a
depth of 135 nm. To allow for platinum adhesion, a 10 nm thick layer of
tantalum was sputtered onto the surface followed by sputtering a 125 nm thick
layer of platinum using an in house made DC sputter gun with 200 W
sputtering power at 0.66 Pa. When dissolving the photoresist in acetone, the
residual platinum outside the electrode area was removed. Glass wafers were
diced into 25 x 75 mm2 sized slides. To facilitate the bonding of the PDMS
devices to the glass slide containing the sputtered electrodes, both surfaces
were activated in an oxygen plasma at 50 W for 40 seconds. If a glass slide was
reused, residual PDMS was removed by immersing the slide in acetone
overnight. Alignment of the channel and the electrodes was achieved manually
under a stereoscopic microscope. To ensure more permanent sealing of the
two surfaces, the bonded devices were placed at 80°C for 90 minutes. The
complete device design is shown in Figure 1.
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FIGURE 1 EXPLODED VIEW OF THE DEVICE. INSET: PHASE CONTRAST IMAGE OF ONE OF THE
TWO CHANNELS. THREE OUT OF ELEVEN ELECTRODE SETS ARE SHOWN.

5.2.2

Electrical simulations

When the impedance of a cell layer is assessed using 4‐point impedance
spectroscopy, not all sub‐volumes of the cell layer contribute equally to the
total impedance. Cell volumes closer and between the electrodes contribute
more significantly than volumes far from the electrodes. We define a current‐
carrying pair of electrodes that is used to inject current and a pick‐up pair that
measures the subsequent voltage drop. The generated field is picked up the
strongest by the pick‐up pair when it is exactly in line with the field generated
by the current‐carrying pair 29, Supplementary Figure B1 illustrates this effect.
This effect can be expressed by a quantity termed “sensitivity”. The sensitivity
of a sub‐volume is a measure of the contribution of this volume on the total
impedance of the cell layer, and it is defined as 30, 31:
⋅

1

Where J1 and J2 are the current density fields produced as a result of a current
I injected through the current‐carrying electrodes and pick‐up electrodes,
respectively 11. A larger positive sensitivity value means that the given sub‐
volume has greater influence on the total impedance. Interestingly, there are
also zones of negative sensitivity, where the contribution to the total
impedance is underestimated. Using finite element modelling (COMSOL
Multiphysics, version 5.1), we performed a series of simulations to determine
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the optimal electrode configuration to minimize non‐linearities in the
sensitivity of the system.

5.2.3

Impedance spectroscopy measurements

All impedance measurements were performed using the HF2IS Impedance
Spectroscope (Zurich Instruments, Switzerland) operating in 4‐point
measurement configuration. Schematics of the connection topologies are
shown in Supplementary Figure B2.

FIGURE 2 (A) SCHEMATIC REPRESENTATION OF THE SEMI‐CYLINDRICAL CHANNEL WITH A
LAYER OF ENDOTHELIAL CELLS GROWN ON A GLASS SLIDE PATTERNED WITH ELECTRODES.
(B) EQUIVALENT LUMPED ELEMENT CIRCUIT USED FOR THE FIT.
Impedance spectra were fitted using a custom Matlab script (Matlab, version
R2018A) with the transfer function of an equivalent lumped‐element circuit as
seen in Figure 2B. During impedance measurements and ZO‐1 visualization,
the devices were taped on a heated microscope stage that maintained the
temperature at 37°C.
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5.2.4

Cell culture and immunofluorescence

Immortalized human cerebral microvascular endothelial cells (hCMEC/D3 cell
line, passages 29 to 36; Merck Millipore, MA, USA) were cultured in endothelial
growth medium (EGM; Cell Applications, Inc., San Diego, CA, USA) in T75
culture flasks, coated with 40 mg mL‐1 human plasma fibronectin (YoProteins,
Sweden) in phosphate buffered saline (PBS; Sigma‐Aldrich). Cell cultures were
maintained in a humidified water‐jacketed incubator (37°C, 5% CO2) and flasks
with >70% confluency were subcultured, and the remaining cells were seeded
in devices. Astrocyte‐conditioned medium was obtained by cultivating primary
human astrocytes (ScienCell Research Laboratories, CA, USA) for two days in
astrocyte growth medium supplemented with 2% v/v fetal bovine serum, 1%
astrocyte growth supplement (AGS, 100x), and 1% penicillin/streptomycin
solution (P/S, 10,000 units mL‐1 of Penicillin and 10,000 μg mL‐1 of
Streptomycin), all from ScienCell Research Laboratories, CA, USA. Before cell
seeding, the microfluidic channels were coated with 80 mg mL‐1 fibronectin
(YoProteins, Sweden) in PBS for at least 4 hours at 37°C. Subsequently, the
channels were filled with EGM and stored for an additional 45 minutes at 37°C.
Endothelial cells were detached from confluent flasks using 0.05% trypsin‐
EDTA (Gibco). Cells were resuspended in fresh EGM and diluted to a
concentration of 6 x 106 cells mL‐1 which corresponds to approximately 55 cells
per microchannel. PBS was pipetted on top of each PDMS device to ensure that
the two inlets are at the same hydrostatic pressure and cells were injected
through a single inlet using a 0.5 mm syringe needle. This seeding method
minimizes the amount of air bubbles in each channel during cell seeding and
ensures that cells are not washed away from the channel due to pressure
difference created from a slight mismatch in the fluid volume of the inlets. After
1 hour of static incubation, pipette tips filled with equal amounts of EGM were
inserted in both inlets to act as reservoirs. The medium was refreshed daily for
the duration of each experiment by inserting new pipette tips filled with fresh
medium in the inlets. Depending on the experiment, the endothelial medium
was supplemented either with 1 mM ascorbic acid (vitamin C; Sigma‐Aldrich)
or 50% v/v astrocyte‐conditioned medium. In experiments where the tight
junctions were transiently modulated, EGM was replaced with either
ethylenebis(oxyethylenenitrilo)tetraacetic acid (EGTA; Sigma‐Aldrich) or
adenosine triphosphate (ATP; Sigma‐Aldrich) in PBS.
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Cells were analysed by immunofluorescence staining of either actin filaments
(F‐actin) or the tight junction protein zonula occludins‐1 (ZO‐1). For F‐actin
staining, cells were washed with pre‐warmed PBS and then fixed for 30
minutes at room temperature with 2.5% v/v Glutaraldehyde (Sigma‐Aldrich)
in PBS. Following a washing step with PBS, cells were permeated for 15
minutes at room temperature with 0.3% v/v Triton‐X (Sigma‐Aldrich) in PBS.
After washing with PBS, actin filaments were stained with ActinRed and nuclei
were stained with NucBlue (2 drops of each dye per 1 mL PBS; both from
ReadyProbes Reagent, Molecular Probes, Life Technologies) for 30 minutes at
room temperature. Finally, cells were washed again in PBS. For ZO‐1 staining,
cells were washed with pre‐warmed PBS and then fixed for 20 minutes at room
temperature with 2.5% v/v glutaraldehyde in PBS. Following a washing step
with PBS, cells were permeated and blocked for 30 minutes at room
temperature with 0.1% v/v Triton‐X and 5% w/v bovine serum albumin (BSA;
Sigma‐Aldrich) in PBS. After washing again with PBS, cells were incubated for
90 minutes at room temperature with 5 μg mL‐1 primary anti‐ZO‐1 antibody
(rabbit polyclonal antibody; Thermo Fisher Scientific) and 0.5% w/v BSA in
PBS. The cells were then washed with PBS supplemented with 0.1% w/v BSA
and incubated for 1 hour at room temperature with 5 μg mL‐1 secondary
antibody conjugated with Alexa Fluor 488 (goat anti‐rabbit; Abcam, UK) in PBS.
Finally, the nuclei were stained with NucBlue (2 drops per 1 mL PBS) for 20
minutes at room temperature, and cells were washed a final time in PBS.
Images were captured with either a Nikon Instruments A1 confocal laser
microscope or with an EVOS M5000 imaging system and analysed with ImageJ.
After exposure to the calcium depleting ligands EGTA and ATP, cells in control
cultures were analysed using immunofluorescence to see whether altered
localization of the tight junction protein ZO‐1 happens, which would be in
accordance with the expected outcome of the experiment. Cells in control
cultures were grown in glass‐bottom wells (GWST‐5030; WillCo Wells B.V.,
Amsterdam, The Netherlands) coated with 80 mg mL‐1 human plasma
fibronectin in PBS. For each condition, we performed two to four technical
replicates. Cells used for seeding the microfluidic device and the control
culture originated from a clonal population. To quantify ZO‐1 localization,
greyscale images of up to 400 cells for each technical replicate were captured,
and the number of localized, cell‐to‐cell junctions was extracted. All data are
expressed as the mean number of localized tight junctions per replicate,
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normalized by the number of nuclei. Apoptotic cells (apparent due to the
presence of lysosomes) were excluded from the analysis and mitotic cells were
counted as a single cell.

5.3

Results and Discussion

5.3.1

Electrical simulations

To calculate the sensitivity, the current I was first injected through the current‐
carrying electrodes and J1 was extracted, then the same current was injected
through the pick‐up electrodes, which in turn allowed us to extract J2. Since the
length of the electrodes is limited by the width of the channel (60 μm) and their
height is determined by the fabrication process to be 120 nm, we were free to
vary the width of each electrode and the distance between the electrodes. We
found that the maximum sensitivity for small electrode separation distances
scales with the electrode width in the power of 1.6, with the maximum
sensitivity always found between the pick‐up and current‐carrying electrodes
(Supplementary Figure B3). Since the ideal sensitivity is 1, we chose the
relatively small electrode width of 30 μm. Next, we varied the separation
between all four electrodes in each set, and we found that the maximum
sensitivity increases linearly with the separation distance. Interestingly, large
separation distances also produced a very large region of negative sensitivity
where the minimum sensitivity was approximately 25% of the maximum
sensitivity (Supplementary Figure B4). Lastly, we kept the separation between
the two pick‐up electrodes at the small distance of 10 μm and varied the
separation between the pick‐up electrode set and the two current‐carrying
electrodes. We found that the maximum sensitivity scales again linearly with
the separation distances, but the slope of the sensitivity was significantly less
steep (Supplementary Figure B5); therefore, we decided to use a moderate
separation distance of 20 μm. The final design is shown in Supplementary
Figure B6.
Using the final design now as a starting position, we simulated the sensitivity
assuming a cell layer with a height of 1 μm for two different cell‐layer
geometries: a concave cell layer and a semi‐cylindrical cell layer, while also
varying the TEER of the cell layers (Supplementary Figure B7). This led to two
interesting observations. First the sensitivity converges to the ideal value of 1
for higher TEER values and for larger channel heights (or smaller cell layer
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thicknesses). Secondly, we observed that between adjacent electrode pairs
there is an area of 200 μm were the sensitivity contribution is predominately
linear and approaches 1 for the expected TEER values (reported in vivo TEER
values are in the 1 kΩ cm2 range 32). We therefore used the following equation
to relate the measured TEER of that region with the actual TEER of the cell
layer:

→
→

2

Where R is the total measured resistance, Rblank is the resistance in absence of
cells, A is the cell culture area, ρ is the resistivity of the cell layer, ρblank is the
resistivity in absence of cells (here, equal to the resistivity of the medium), l is
the length along the channel that is covered by a cell layer, E is the measured
electric field, and J is the measured current density. The resistivity of the cell
layer relates to the actual TEER of the cell layer as follows:
3

Using equations 2 and 3, we can also relate the actual TEER of the cell layer
with the measured resistance (Figure 3). The two quantities scale linearly, with
the only difference between the concave and semi‐cylindrical cell layers being
a difference in the slope. To simplify the connection topology, we also explored
the possibility to measure TEER by utilizing electrodes from two different pairs
(Supplementary Figure B6B), this “interchanged” connection topology reduced
the number of necessary connections to the impedance spectroscope from (at
least) eight to four (Supplementary Figure B2). We performed simulations to
determine the sensitivity of this new system (Supplementary Figure B8).
Although the existence of a large negative component is apparent between the
pick‐up pair and the current‐carrying electrodes, the region between the two
pairs exhibits a linear relationship between TEER and measured resistance
and the scaling of the two quantities was very similar to that of the original
topology (Figure 3). Taking into account the abovementioned characteristics,
we decided that this “interchanged” connection topology is most suitable.
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FIGURE 3 SIMULATION RESULTS SHOWING THE SCALING RELATIONSHIP BETWEEN TEER
AND MEASURED RESISTANCE. FOR ALL REPORTED EXPERIMENTS WE HAVE USED THE
“INTERCHANGED” TOPOLOGY AND ASSUMED A SEMI‐CYLINDRICAL CELL‐LAYER.
THEREFORE, THE SCALING FACTOR (THE SLOPE OF THE PLOT) IS 10.

5.3.2

Impedance spectroscopy

Endothelial cells were seeded in the devices and cultured for up to seven days.
Most of the cells spread and aligned along the long axis of the channel after one
day of growth. After static incubation over five days, the resulting
microvasculature closely mimicked the size and shape of a human brain
microvessel (Figure 4). After examining the microchannel using phase‐
contrast imaging, regions where the microvessel is fully formed can be selected
for assessment of the electrical characteristics of the cell layer by employing
the appropriate set of electrodes. Traditionally, OOC systems that make use of
electrical characterization of the cell layer do not allow for measurement area
selection, resulting in possibly erroneous measurements caused by
discontinuities in the cell layer 9. We circumvent this problem by having
multiple separately addressable electrodes in each device.
A schematic overview of the measurement set‐up can be found in Figure 2A. A
current with a certain frequency is injected with electrodes into the semi‐
circular channel. Typically, the current‐injection electrodes do not have a cell
layer on top of them, but for the measurements this has no influence. However,
the pick‐up electrodes are covered by the cell layer. These electrodes measure
the voltage drop and this drop can be related to the composition of the cell
layer. Compared to a conventional TEER measurement, our set‐up deviates
since the impedance is not measured through the cell layer but in parallel to it,
since the current‐injection electrodes are considered to be at one side of the
layer, while the pick‐up electrodes are at the other side. Although this seems
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counterintuitive, a statement about the cell layer can be made using this
system. Crone and Olesen used a comparable set‐up to measure the electrical
resistance of microvessels in the frog brain, by injecting a current into a
capillary and measuring the potential decay over distance and relate this to the
TEER 33. Our set‐up uses a similar approach, whereby a current is injected in
the semi‐circular channel (and thus microvessel) and the potential drop at the
pick‐up electrodes outside the microvessel is measured.

FIGURE 4 (A) PHASE CONTRAST IMAGE OF BRAIN ENDOTHELIAL CELLS (HCMEC/D3)
DURING THE SEEDING PROCESS. (B) IMAGE OF THE SAME CELLS 24 HOURS AFTER SEEDING.
(C) CONFOCAL IMAGE OF A CELL LAYER AFTER 120 HOURS OF GROWTH (RED: F‐ACTIN). AT
THE BACK OF THE MICROFLUIDIC CHANNEL, THE INLET IS VISIBLE.
Our set‐up can be modelled with an equivalent circuit model (Figure 2B). The
resistor Rmedium accounts for the resistance of the medium, while the capacitor
Ccell and resistor Rcell placed in parallel, account for the capacitive and resistive
properties of the cell layer, respectively. Rmedium is placed in parallel with the
parallel combination of Rcell and Ccell to reflect the spatial arrangement of the
device.
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Although impedance measurements using 4 electrodes should in principle not
suffer from electrode polarization impedance, electrodes with non‐uniform
polarization over their surface could still exhibit electrode polarization 34, thus
making the inclusion of a CPE necessary in order to model this effect. The
'trust‐region‐reflective' algorithm used to fit the impedance spectrum requires
a set of starting parameters to determine the values of the components
(Rmedium, Rcell and Ccell) of the equivalent circuit model. For Rmedium we were able
to approximate the value using:
4

Where l is the length of the channel, A the cross‐sectional area of the channel,
and ρ is the resistivity of the electrolyte, which we measured to be 0.645 Ω m
for both PBS and EGM at 37°C. We therefore arrived at a value of approximately
105 Ω for Rmedium. Using values for conventional TEER measurements and
adapting these for our electrode design, we were able to express starting
values for Ccell and Rcell of 10‐10 F and 107 Ω respectively 29. Additionally, the
expression for the impedance of the CPE is given by:
1
2

5

Where Y is the capacitance of the CPE and n is an empirical fit parameter
reflecting the non‐linearity of the element 35. The values for n lie between 0
(ideal resistor) and 1 (ideal capacitor) while its typical values when used to
model double‐layer capacitance are 0.8 to 1. Typical values for Y are 20 to 60
μF for every 1 cm2 of electrode area. We choose not to use this parameter as
starting value, but assumed that this is constant (CPE=10‐8 F and n=0.8) for our
configuration. When using these values, the algorithm proved to be robust
against a range of initial values for Ccell and Rcell. As a result of the algorithm,
the Rcell, Ccell and Rmedium will be given that gives the best fit on the measured
impedance spectrum. Besides the model fitting, all experiments on the
microfluidic BBB were independently verified using quantitative
immunostaining.
Often the TEER is not determined by fitting a model to the impedance
spectrum. In most studies the absolute impedances at a certain frequency or
multiple frequencies are determined and these are used to perform statements
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about the cell layer. However, using that approach, information is lost. For
example, van der Helm et al, showed that the capacitance of the cell layer is
related to the cell area 29. Here we tried to perform impedance measurements
in our device to make a statement about the cell layer. However, interpretation
of these results seems to be too complex; it is not clear yet how changes in cell
layer affect the impedance signal. Additionally, the fitting of the model was in
some cases not perfect, especially not for higher frequencies (>105 Hz) partly
due to the presence of parasitic capacitance which was not modelled.
Therefore, we conclude that more experiments and electrode characterization
need to be performed, before statements about the cell layer can be made using
impedance measurements. A first step will be further characterization of the
measurement set‐up by measuring a chip without cells and with varying
conducting liquids. Secondly, the measurements set‐up needs to be tested as
the used impedance analyser has a relatively low input impedance of 1 MΩ
which might influence the 4‐point measurements. Currently a 4‐point
measurement was performed, but when measuring the cell layer parallel to the
medium, it might be better to perform 2‐point measurements using the pick‐
up electrodes, since you will measure the impedance through the cell layer
instead of parallel to it.

5.3.3

Varying

extracellular

and

intracellular

calcium concentration
We explored the possibility of transiently opening the tight junctions as a
possible method of targeted drug delivery which is otherwise greatly hindered
by the BBB; only molecules with a molecular mass below 400‐500 Da and high
lipid solubility can cross from the bloodstream to the brain 36. Nevertheless,
since all brain cells are only a few micrometers away from a capillary, once the
BBB is crossed drugs can quickly diffuse to the whole brain 37. A way to achieve
that is by transiently modulating the tight junctions through local calcium
depletion. The assembly of tight and gap junctions requires adherens junctions,
and the adherens junctions between endothelial cells contain cadherins, a type
of cell adhesion molecule. Extracellular calcium is used to stabilize these
cadherins 38; therefore, depleting calcium from the cell medium should
increase the permeability of the cell layer. EGTA, a strong calcium ion chelator,
has been tested as a tight junction modulator 39. To verify this, we introduced
5 mM EGTA to a monolayer of hCMEC/D3 which resulted in a decrease in ZO‐
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1 localization. Consistent with previews reports that used the same EGTA
concentration 10, microscopic observation of the cell layer revealed that EGTA
did not cause any clear cell detachment, therefore we did not have to correct
for changes in the cell‐layer geometry. Although EGTA has high affinity for
calcium ions, it also sequesters other metal ions from the cell medium, so a
change in medium resistance can be expected. We observe that the decrease in
calcium from the cell medium correlates with a disruption in tight junction‐
mediated cell‐cell adhesion. We performed ZO‐1 immunostaining in cell layers
treated with varying concentrations of EGTA for 90 minutes and observed that
most cells detached from each other and a sizeable minority of cells adopted a
spherical conformation (Figure 5). For higher EGTA concentrations, the
immunostaining was predominately cytoplasmic. We quantify these results in
Figure 6. It is clear that the EGTA‐mediated disruption is dose‐dependent, and
our data suggest that calcium is completely depleted at concentrations above
10 mM. We observed very few apoptotic cells after EGTA incubation, a
corollary of its low cytotoxicity.

FIGURE 5 ZO‐1 STAINING OF CONTROL CULTURE AND CELLS TREATED WITH 15 MM EGTA.
HIGHER INTENSITY STAINING AT THE CELL CELL INTERFACE INDICATES TIGHT JUNCTIONS.
IN THE CONTROL CULTURE THE TIGHT JUNCTION STAINING IS CONTINUOUS, WHILE IN THE
EGTA‐TREATED CULTURE ONLY A FEW TIGHT JUNCTIONS ARE VISIBLE (INDICATED BY
ARROWS). THE REST OF THE CELLS IN THE CULTURE DETACHED FROM EACH OTHER AND
ADOPTED A SPHERICAL SHAPE. SCALE BARS REPRESENT 25 µM.
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FIGURE 6 IMMUNOSTAINING IN A TWO‐DIMENSIONAL CULTURE REVEALS THE DOSE‐
DEPENDENT EFFECT OF EGTA ON TIGHT JUNCTIONS. THE CLOSED CIRCLES REPRESENT THE
MEAN OF THE MEASUREMENTS (N=4) AT THAT CONCENTRATION.

5.3.4

The effect of vitamin C on the endothelium

We employed our engineered BBB to elucidate the effect of ascorbic acid
(vitamin C), a common antioxidant, against oxidative stress. Reactive oxygen
species (ROS) that cause oxidative stress are involved in several neurological
conditions. We have grown monolayers stemmed from a clonal cell culture in
the presence and absence of 1 mM vitamin C and then exposed them to
hydrogen peroxide (H2O2), a ROS that damages tissue via oxidative stress. The
recorded immunostaining of tight junction protein ZO‐1 on a two‐dimensional
cell culture led to the observation of dose‐dependent oxidative stress, with
higher concentrations of H2O2 resulting in fewer tight junctions or a punctate
localization pattern, although this effect seems to reach a plateau around 50
μM (Figure 7).
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FIGURE 7 IMMUNOSTAINING IN A TWO‐DIMENSIONAL CULTURE REVEALS THAT HIGHER
H2O2 CONCENTRATIONS AFFECT THE LOCALIZATION OF A LARGER NUMBER OF TIGHT
JUNCTIONS. THIS EFFECT APPEARS TO REACH A PLATEAU AROUND 50 µM. CLOSED CIRCLES
REPRESENT THE MEAN OF THE MEASUREMENTS (N=2) AT THAT CONCENTRATION.
Cells grown in the presence of vitamin C showed higher ZO‐1 localization but
the relative change in tight junction localization after H2O2 incubation was
similar in both cases. This is consistent with previous reports; Lee et al.
reported alterations in the ZO‐1 localization in bovine brain microvascular
endothelial cells after H2O2 incubation, while they did not report significant
changes in ZO‐1 protein expression 40. Moreover, Lin et al. reported that
vitamin C prevents BBB disruption in rats after epidural compression of their
somatosensory cortex 41, we speculate that this was due to an increase in the
initial barrier tightness after vitamin C treatment. Collectively, these results
indicate that growth in the presence of vitamin C contributes towards a tighter
endothelium and H2O2 treatment results in a leakier BBB. However, it is not
clear from our data or previous studies whether brain endothelial cells grown
in the presence of vitamin C are protected against ROS‐induced oxidative stress
due to the termination of oxidation reactions by vitamin C.
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5.3.5

The effect of astrocyte‐conditioned medium
on the endothelium

Finally, we explored the effect of astrocytes on the cortical capillary. Astrocytes
interact with endothelial cells by wrapping their endfeet protrusions around
capillaries. They are known for enhancing tight junction formation, modulating
the expression of transporters, and upregulating enzymatic expression 1. An
extracellular matrix layer termed basal lamina separates the endothelial cells
and the astrocytic endfeet. Since astrocytes do not make direct contact with
endothelial cells and are known to secrete a number of chemical agents,
including basic fibroblast growth factor, angiopoietin‐1, and glial‐derived
neurotrophic factor 24, we hypothesized that endothelial growth medium
supplemented with astrocyte‐derived factors should have a similar effect as
co‐culturing astrocytes and endothelial cells. Therefore, we obtained ACM and
supplemented it with EGM at a 1:1 volumetric ratio. We subsequently grew
monolayers of endothelial cells stemmed from a clonal cell culture in the
presence of EGM or ACM‐supplemented EGM. The immunostaining
experiments we performed (Figure 8) show a decrease in tight junction
localization in endothelial cells when they are incubated in EGM mixed at a 1:1
volumetric ratio with fresh astrocyte medium (AM)compared to the cells
grown in EGM only. This is in agreement with previous experiments using a
similar immortalized endothelial cell line. Eigenmann et al. reported a decrease
in TEER after incubating human brain microvascular endothelial cells (hBMEC)
in direct contact and in proximity of astrocytes 42. Likewise, Cucullo et al.
reported no difference in TEER values when co‐culturing hCMEC/D3 cells with
human astrocytes compared to hCMEC/D3 monoculture 43. These results are
nevertheless not in agreement with studies using different sources of
endothelial cells in their BBB models: Yeon et al. incubated human umbilical
vein endothelial cells (HUVECs) with ACM for 2 hours and observed reduced
permeability to Evans Blue dye, and several FITC‐dextrans (4 and 40 kDa)
compared to HUVECs grown in the absence of ACM 44. Collectively, these
results suggest that the hCMEC/D3 cell line imitates the physiology of primary
endothelial–astrocyte co‐cultures even in the absence of astrocytes. The
reduced barrier tightness when hCMEC/D3 cells are incubated in ACM/EGM
mixture could be explained by the decreased concentration in growth factors
and nutrients this solution has compared to undiluted EGM.
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FIGURE 8 IMMUNOSTAINING IN A TWO‐DIMENSIONAL CULTURE SHOWS THAT
SUPPLEMENTATION OF EGM WITH ACM OR AM RESULTS IN FEWER LOCALIZED TIGHT
JUNCTIONS. CLOSED CIRCLES REPRESENT THE MEAN OF THE MEASUREMENTS (N=2) AT
THAT CONCENTRATION.
Finally, we exposed the microvessels to H2O2, to test the observation that
astrocyte co‐culture upregulates antioxidant enzymes in endothelial cells 24.
The relative change in the immunostaining experiments was relatively large
(>40%) for all three cases and EGM‐grown cells exhibited a smaller relative
change (Figure 8), which suggests that no upregulation of antioxidant enzymes
takes place after ACM incubation. We should note the alternative possibility
that astrocytes do excrete paracrine signalling molecules or growth factors, but
these molecules either decay on timescales shorter than the incubation time of
endothelial cells in the ACM/EGM mixture or that the local concertation of
these molecules close to astrocytes is different from the bulk concentration in
the ACM/EGM mixture.

5.3.6

General considerations

All primary and control experiments of the same class were performed with
cells of the same passage number to avoid variation due to phenotypic drift,
de‐differentiation, or senescence. However, expression of VE‐cadherin and β‐
catenin, proteins necessary for the establishment of tight junctions, in the
hCMEC/D3 cell line has been shown to remain robust over many passages 45.
Moreover, this cell line has been shown to form tight monolayers even in the
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absence of glial cells, such as astrocytes 45. We verified this observation by
growing cells in the presence and absence of ACM. Although having a cell line
that forms a tight endothelial monolayer without the need for a co‐culture or
supplementation with astrocyte‐secreted factors is a useful experimental tool,
it is clear that this cell line does not fully recapitulate the in vivo physiology. It
would be interesting to pursue experiments with other cell lines such as the
hBMEC cell line that has been shown to have a higher TEER compared to the
hCMEC/D3 cell line but shows a decrease in TEER in the presence of astrocytes
42. Quantification of the barrier tightness after H O
2 2 incubation using
immunofluorescence staining resulted consistently in a large change in ZO‐1
quantification. Other transmembrane proteins, such as Claudins, also
contribute to tight junctions. While immunostaining data only captured
differences in ZO‐1 localization, impedance data would also capture other
potential changes in the paracellular pathway, providing a more
comprehensive assessment of the physiological effect of the various ligands
used in this study. Furthermore, although immunostaining is a valuable
experimental tool due to its high specificity, unlike impedance sensing, it does
not retain any temporal information about ligand‐cell layer interactions.

5.4

Conclusion and Outlook

We have developed a microvascular microfluidic model of the human BBB. Our
device has a physiologically relevant shape and size and is designed to perform
impedance measurements. The resistance of a cultured cell layer can be
determined by performing impedance measurements, using only 2‐electrodes
measuring perpendicular through the cell layer.
In combination with the hydrogel which we describe in Chapter 4, this device
could potentially be used to co‐culture multiple cell types without the need for
a membrane. Membranes are often fabricated from non‐physiological
materials, introduce an additional electrical resistance to the system, and
numerous particles or dyes used for permeability studies can adhere to them.
Therefore, membrane‐free systems recapitulate in vivo physiology more
accurately and allow for better permeability assessment. To our knowledge,
this is the first membrane‐free BBB microfluidic model that incorporates
electrodes for impedance or TEER measurements. We tested the effect of
antioxidants and intracellular and extracellular calcium modulation on the
tight junctions. Concerning the effect of antioxidants, it would be interesting to
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test the effect of other vitamins, such as vitamin E, and compare it to vitamin C.
Another possibility would be to test lower concentrations of vitamin C, given
that the concentration used here was approximately two orders of magnitude
larger than the typical content of endothelial cell growth media. Regarding the
modulation of tight junctions, since this effect is reversible, it would be
constructive to measure impedance over an extended period of time, until we
observe recovery of tight junctions. Finally, it would be beneficial to expose the
cell layer to different concentrations of EGTA and compare the relative changes
in resistance. This would allow us to fully verify the results we obtained
through immunostaining. Last, we could experiment with different ligands that
cause a biphasic elevation of intracellular calcium. Except for ATP, compounds
such as bradykinin and acetylcholine are known to have a similar effect 38. A
limitation of the device we have developed is that it does not permit the co‐
culture of different cell types. A potential solution to that would be patterning
channels in a biocompatible hydrogel instead of PDMS. This would allow us to
culture other cell types such as astrocytes, pericytes, or neurons inside the
hydrogel. We have identified a physiologically relevant hydrogel that has
sufficient stiffness to support microfluidic channels, developed an ejection
mould for the hydrogel, and verified that astrocytes could grow and proliferate
inside this gel. We are currently actively pursuing this line of research.
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6
Microfluidic gel patterning by use of a
temporary membrane
Cell‐gel interfaces can be used to recreate in vivo tissue barriers. To make such a
barrier on chip, physical phase guides can be introduced. In this research, we
developed a method to create a cell‐gel interface by creating a temporary
membrane on chip without the use of physical guides. This temporary membrane
can be removed once a stable gel interface is formed.

This chapter is adapted from:
Microfluidic gel patterning by use of a temporary membrane for organ‐on‐chip applications
M. P. Tibbe, A. M. Leferink, A. v. d. Berg, J. C. T. Eijkel and L. I. Segerink
Advanced Materials Technologies, 2018, 3, 1700200

Chapter 6

6.1

Introduction

Traditional two‐dimensional (2D) and three‐dimensional (3D) culture systems
allow for analysis of tissue cultures comprising of one or more cell types. In 3D
cell culture systems, researchers attempt to mimic the native cellular
microenvironment in vitro by using engineered scaffolds or hydrogels allowing
for the cells to experience specific physicochemical cues. Moreover, cell culture
platforms can be designed inside microfluidic chips to allow for controlled fluid
flow resulting in a dynamic, more physiological relevant microenvironment 1.
When these microfluidic systems are used to model physiological functions of
tissues and organs, they are called organs‐on‐chips (OOCs) 2, 3. The field of
OOCs is rapidly emerging due to the growing interest in its potential
applications. In general, OOC devices contain one or multiple cell types, and can
be used for several purposes such as drug screening 4, 5 or disease modelling 6,
7. Several organ functions such as the function of the lung, the gut and the
blood‐brain barrier (BBB) have already successfully been mimicked on‐chip 8‐
12.
Most organs function due to the interaction between two tissue sides, the
parenchymal side and the vascular endothelium side. This interface is
strengthened by connective tissue that is often referred to as the basal lamina
or basement membrane 13. Recreating this native interface on‐chip is
challenging, mostly due to the limitations that come with microfluidic chip
design. Therefore, porous membranes usually made of polycarbonate (PC) 10,
11, 14‐16, polydimethylsiloxane (PDMS) 8, 9, 17 or poly‐ethylene terephthalate
(PET) 18 are used to mimic the basal lamina function acting as a mechanically
stable cell substrate and separating two microchannels from each other. As
cells are cultured in these channels, the porous membrane serves as a cell‐
support and functions as a permanent or temporary interface between
parenchymal and endothelial tissues allowing them to create basal lamina like
structures. Factors such as the porosity, pore size and membrane thickness
determine the amount of signal transportation between cell types over the
membrane. Large pores, with a pore size of approximately 5 µm and larger,
allow for cells to enter the membrane and reach the other cell layer, depending
on the thickness, the pore interconnectivity and pore tortuosity of the
membrane. Cells penetrating the membrane will have a negative influence on
transmembrane measurements, as they hinder the transport of liquid and
mass through the pores. Smaller pores allow for paracrine signalling through
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the membrane, but disallow direct cell‐cell contact. Additionally, the
commercially available polymer membranes do not resemble the physiological
basement membrane stiffness and are therefore not suitable for realistic OOC
applications. To obtain a more physiological relevant OOC system, the barrier
between the parenchymal channel and the endothelial channel should allow
for direct cell‐cell contact without inducing a negative influence on membrane
characterization. The use of a temporary membrane will create the
opportunity to remove the membrane to establish a co‐culture of multiple cell
types without having an artificial/synthetic membrane on‐chip. Removing the
artificial membrane between two cell types is thought to result in an increase
of native basal lamina production by the endothelial cells, which creates a
stable interface between parenchymal and endothelial cells 19.
In the case of a BBB on‐chip, the influence of the brain microenvironment on
the permeability of the BBB is so far unclear. There is, however, a strong
indication that an increase in endothelial tight junction complexes is induced
by direct contact between brain endothelial cells and astrocytes 20‐23. The
presence of a physical membrane separating the endothelial cells from the
astrocytes on a microfluidic chip is thought to have an influence on the
intercellular contact of the endothelial cells. Therefore, systems in which
astrocytes and endothelial cells are in direct contact with each other are
preferred.
A recent study has shown that it is possible to create a membrane on‐chip by
having an interfacial polymerization reaction at the interface of two liquids.
Zhang et al. presented a method to create free‐standing polymer films by
interfacial polymerization 24. This reaction resulted in two channels, separated
by a thin, nanoporous polyamine film. However, removal of this film requires
a chemical reaction, unfavourable for the application in an OOC system in
which cells are cultured. A reversible membrane fabrication method that will
not potentially induce cytotoxicity is therefore required. Chitosan is a
biodegradable biomaterial that is suited for membrane production in less
harsh non‐cytotoxic conditions and is therefore a promising candidate for
temporary membranes in OOCs. Chitosan is a polysaccharide derived from the
full or partial N‐deacetylation of chitin. Chitosan can be protonated after which
it becomes soluble in an acidic solution. The opposite reaction, deprotonation
of chitosan with a basic buffer, is used by Luo et al. to create a membrane on‐
chip which they used for bacterial cell signalling studies 25. With this
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deprotonation method, free‐standing, semi‐permeable chitosan membranes
can be created that have extracellular matrix‐like properties such as
comparable stiffness, high water content and good cell adhesion.
In this chapter, we propose a method to create chitosan membranes on‐chips
to be used as temporary barriers in OOC systems and we show that this can be
applied to a BBB on‐chip. We make use of the solubility of chitosan in acidic
conditions to remove the membrane, after fulfilling its primary function as cell
substrate, to obtain a membrane‐free OOC system.

6.2

Materials and Methods

6.2.1

Device design and fabrication

SU‐8 patterned, 4” silicon wafers that will serve as mould for multiple
polydimethylsiloxane (PDMS) chips were made by photolithography in a
cleanroom environment. PDMS base agent was mixed with PDMS curing agent
in a 10:1 wt. ratio (Sylgard 184 Silicone elastomer kit, Dow Corning, MI, USA).
To remove entrapped air bubbles, the PDMS was degassed prior to pouring it
onto the SU‐8 patterned wafer using a desiccator. After pouring the PDMS over
the SU‐8 patterned wafer, the PDMS was cured at 60°C for 4 hours. The cured
PDMS slap was demoulded from the SU‐8 patterned wafer and cut into
individual chips. Fluidic inlets, with a diameter of 1 mm, were punched into
the PDMS chips. Prior to bonding the PDMS chips, the chips and glass
microscopy slides were exposed (bond‐side up) to an oxygen plasma for 45
seconds. To ensure the bond, the chips were incubated at 60°C for at least 6
hours.

6.2.2

Chitosan preparation

A chitosan solution was prepared by adding chitosan flakes (medium
molecular weight, average weight 300,000 g mol‐1, Sigma‐Aldrich Chemie
GmbH, Germany) to deionized water (DI‐water). The solution was brought to
a pH of 3 by adding 99% Hydrochloric acid (HCl, Sigma‐Aldrich Chemie GmbH,
Germany) dropwise. After stirring the solution overnight NaOH was added to
increase the pH to 5. DI‐water was added to bring the solution to 0.5% w/v if
necessary. The final chitosan solution was filtered using a 0.2 µm syringe filter
(Millex, Merck Millipore, Ireland).
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An NHS‐fluorescein solution was made by adding 2.5 mg NHS‐fluorescein
(Thermo Scientific, IL, USA) to 200 µL dimethylformamide (DMF, Sigma‐
Aldrich Chemie GmbH, Germany) and 800 µL 99% ethanol. To label chitosan
fluorescently, 1 µL of NHS‐fluorescein solution was added to 2.5 mL of chitosan
0.5% w/v.

6.2.3

Cell seeding and staining

For recreation of the parenchymal tissue in this chip, human astrocytes from
the cerebral cortex (hAstro, passage 6‐10, ScienCell Research Laboratories, CA,
USA) were used. Astrocytes were cultured in poly‐l‐lysine (PLL, 2 µg mL‐1 in
phosphate buffered saline (PBS) for 1h at 37°C)(Sigma‐Aldrich Chemie GmbH,
Germany) coated T75 tissue culture flasks with astrocyte medium (AM, 500 mL
of basal medium, 10 mL of fetal bovine serum (FBS), 5 mL of astrocyte growth
supplement (AGS, 100X) and 5 mL of penicillin/streptomycin solution (P/S,
100X) (ScienCell Research Laboratories, CA, USA)). The astrocytes were
incubated at 37°C in a humidified environment with 5% CO2. Medium was
refreshed every three days. The cell line used to create the vascular side in the
described OOC system were human cerebral microvascular endothelial cells
(hCMEC/D3 cell line, passage 28‐34, kindly provided by Dr. P.‐O. Couraud,
INSERM, France). HCMEC/D3 cells were cultured in collagen coated T75 flasks
(CELLCOAT, Greiner Bio One, Austria). Cells were incubated in humidified air
at 37°C with 5% CO2. Medium was refreshed every two days.
Astrocytes were mixed at room temperature in a 1:2 ratio with Matrigel (ECM‐
matrix, Corning, Tewksbury, MA, USA) with an end concentration of astrocytes
of 3 × 106 cells mL‐1 in the gel. After injecting 30 µL of Matrigel solution into the
chip, the chip was incubated at 37°C, humidified air with 5% CO2, for 24 hours
to let the solution form a gel. After 24 hours, the membrane was removed by
flushing an acetic acid solution (pH 5) through the opposing channel. For a
membrane of 75 µm high and 1500 µm long, 75 µL acetic acid was used. After
membrane removal, hCMEC/D3 cells in 30 µL EGM‐2 were seeded at 3 × 106
cells mL‐1 in the opposing channel. Hydrostatic pressure was applied to the
cells by placing pipette tips with unequal medium amounts on the inlets and
outlets (150 µL and 100 µL respectively).
To stain the hCMEC/D3 cells and astrocytes, detached cells were suspended at
a density of 1 × 106 cells mL‐1 in PBS. Per millilitre of cell suspension, 5 µL cell
tracker (DiI or DiO, Vybrant™, Invitrogen™, Thermo Fisher Scientific, Waltham,
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MA, USA) was added. The stained cells were incubated for 30 minutes at 37°C.
After 30 minutes, the cell suspension was centrifuged for 5 minutes at 1500
rpm. The supernatant was removed, and cells were resuspended in warm
(37°C), cell specific medium to obtain the correct concentration. The cells were
washed 2 times with medium. Cells were imaged by phase contrast and
fluorescently by use of an EVOS XL microscope (EVOS®, PA, USA).
Seeded cells were stained with ActinGreen™ 488 and NucBlue© (both
Invitrogen Molecular Probes™, Thermo Fisher Scientific, Waltham, MA, USA)
after treatment with 1% Triton‐x (Sigma‐Aldrich Chemie GmbH, Germany).
One drop of each staining solution was added to 1 mL of cell media that was
perfused through the chip.

6.3

Results and Discussion

As a starting point, the chip design described by Luo et al. was tested, whereby
we took the design that included an extra downstream input to balance the
pressure at the outlets. We observed that the downstream flow in this layout
generally prevented proper membrane attachment at the distal point
precluding a stable and reproducible membrane formation. To better guide the
growing chitosan membrane to the distal point, we therefore designed and
fabricated a new chip by adding an extra outlet (marked with number 5 in
Figure 1A) that serves as a fluidic guide for the membrane compared to the
designs of Luo et al 25, 26 (Figure 1A and Figure 1B). As can be seen in Figure 2,
the membrane starts to form 20 seconds after the chitosan arrives at the origin.
After 1 minute, the membrane has reached the extra outlet. Chitosan flow is
continued for 10 minutes to create a closed membrane from origin to distal
point with sufficient thickness to separate the two channels.
As can be seen in Figure 1A and Figure 1C, a chitosan solution of 0.5% w/v, is
focused between a neutral carbonate buffer (pH 7.0) and a basic phosphate
buffer (pH 9.6). To operate the device, first a stable fluid interface between the
phosphate and carbonate buffer is established. Since the viscosity of the two
buffers is comparable, both fluid flows are set to 200 µL min‐1. As soon as a
stable interface is established, the chitosan solution is introduced with a lower
flow rate of 20 µL min‐1, to compensate for the two times higher viscosity of
the solution 27, 28 (Figure 1C). After 10 minutes, a stable membrane is formed
from origin to distal point and the fluid flow is turned off. To ensure no further
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deprotonation, which would result in a thicker membrane, all channels are
subsequently perfused with a pH‐neutral buffer solution.

FIGURE 1 SCHEMATIC CHIP DESIGN. (A) A BASIC BUFFER (PH 9.6) IS INSERTED VIA INLET
1 (V1). THE CHITOSAN SOLUTION IS INSERTED VIA INLET 2 (V2). THE NEUTRAL BUFFER
(PH 7.0) IS INTRODUCED VIA INLET 3 (V3). THIS BUFFER FOCUSSES THE CHITOSAN TO THE
CENTRE OF THE CHIP AS INDICATED WITH NUMBER 4 TOWARDS THE EXTRA OUTLET
INDICATED WITH NUMBER 5. (B) IMAGE OF THE PDMS CHIP. (C) BRIGHT FIELD IMAGE OF
THE CHIP AT T=0. THE BASIC BUFFER V1 IS STAINED RED WHEREAS THE NEUTRAL BUFFER
V3 IS STAINED BLUE. CHITOSAN IS LEFT UNSTAINED. (D) BRIGHT FIELD IMAGE OF A
CHITOSAN MEMBRANE AFTER 10 MINUTES OF FORMATION. (E) ENLARGEMENT OF THE
CHITOSAN MEMBRANE FROM FIG 1D. THE THICKNESS OF THE MEMBRANE IS
APPROXIMATELY 80 µM.
After preparation, it was observed that the membrane had a sharp delimitation
at the acidic side and a diffuse border at the basic buffer side (Figure 1E).
During the formation of the membrane, the growth was at the acidic side of the
membrane. Since the hydroxyl ions diffuse much faster than the larger chitosan
molecules, we assume that the membrane growth is due to the diffusion of
hydroxyl ions through the chitosan membrane. We assessed the thickness by
measuring the thickness in bright field microscopy images of the formed
membrane over time (Figure 2 and Figure 3). The growth of the membrane
slows down over time as was also observed by Luo et al 25. The diffusional flux
of hydroxyl ions which determines the actual thickness is dependent on the pH
gradient and membrane thickness. The average diffusion distance (x) of ions
can be described by the following equation: x = √2Dt, with t the time and D the
diffusion constant.
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FIGURE 2 TIME‐LAPSE COLLAGE OF THE CHITOSAN MEMBRANE FORMATION. A CHITOSAN
SOLUTION (0.5 % W/V) FLOWS INTO THE CHANNEL FROM THE INLET MARKED WITH AN
ASTERISK (*) WHEREAS THE BASIC BUFFER FLOWS THROUGH THE CHANNEL MARKED WITH
A HASH SIGN (#). (A) AT T=0, BOTH FLOWS ARE TURNED ON. (B) 10 SECONDS AFTER THE
CHITOSAN FLOW IS TURNED ON, A MEMBRANE STARTS TO FORM AT THE ORIGIN. (C) THE
MEMBRANE GROWS IN A STRAIGHT LINE TOWARDS THE DISTAL POINT. (D) AFTER
APPROXIMATELY 1 MINUTE, THE MEMBRANE REACHES THE DISTAL POINT. (E AND F)
SUBSEQUENTLY, THE MEMBRANE THICKNESS INCREASES WITH TIME TOWARDS THE
CHITOSAN FILLED CHANNEL.
When we fit this equation to our measurement data, we obtain a good fit (R2 =
0.91) for a diffusion constant through the membrane of 17.1·10‐11 m2 s‐1, which
is about 100 times lower than the diffusion constant in water 29. Additionally,
we notice that, on average, the thickness of the membrane reaches a plateau,
leading to a constant thickness of 128 µm after 7 minutes, indicating that the
hydroxyl ions do not diffuse further through the membrane (Figure 3).
It is important to note that the thickness of the membrane can vary per
experiment whilst the formation is influenced by factors such as the fluid
viscosities which are dependent on room temperature. Also, small impurities
or obstructions in the microfluidic channels can cause the membrane to grow
thicker or thinner compared to the average shown in Figure 3.
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FIGURE 3 INCREASE IN CHITOSAN MEMBRANE THICKNESS OVER TIME. ASTERISKS SHOW
THE ACTUAL MEASURED THICKNESS OF THE MEMBRANE AT TIME INTERVALS OF 60
SECONDS AND THE ERROR BARS INDICATE THE STANDARD DEVIATION (N=3). THE GREEN
DOTTED LINE SHOWS THE FIT OF THE FORMULA
WITH A DIFFUSION CONSTANT
√
OF 17.1·10‐11 M2 S‐1.
As a result of a thicker membrane, the volume of the bottom channel that is
reserved for one specific cell type will be compromised. This is an issue that
may influence the read‐out of co‐culture experiments, since changes in the
ratio of two or more cell types can affect the biological outcome due to, e.g.,
variance in concentration of paracrine signals, changes in nutrient availability,
or alternated response on drugs.
TABLE 1 CHITOSAN WAS PREPARED IN THREE DIFFERENT CONCENTRATIONS AND 1500 µM
LONG MEMBRANES (N=3) WERE PRODUCED WITH THESE SOLUTIONS. THE MEMBRANE
THICKNESS OF ALL THESE MEMBRANES WAS MEASURED IN THE CENTER OF THE CHIP.
Chitosan Concentration
0.25% w/v
Measurement 1
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0.5% w/v

1.0% w/v

129.3

139.6

94.03

Measurement 2

85.82

133.7

91.67

Measurement 3

73.94

89.91

89.90

Average Thickness (µm)

96.33

121.1

91.86
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To assess the influence of the concentration of chitosan in the solution on the
thickness of the membrane, two solutions with concentrations of 0.25% and
1.0% w/v were also applied to produce membranes. However, no major
differences were observed in the formation and final thicknesses of these
membranes (Table 1).
The membrane formation is a reversible process. A membrane‐free system is
created by dissolving the chitosan membrane via protonation. This is induced
by flushing an acetic acid solution (pH 5.0) through one channel. With a flow
speed of 75 µL min‐1, it takes the acid 60 seconds to fully dissolve a membrane
with a length of 1500 µm. Consequently, 2000 µm long membranes with the
same thickness will need 25% more acid and time to dissolve. To validate full
membrane removal, chitosan is fluorescently labelled with NHS‐fluorescein
prior to membrane formation (Supplementary Figure C1). Perfusing the
system longer using acetic acid would remove the chitosan membrane entirely.
However, when using the appropriate amount of acetic acid such that it does
not influence the Matrigel, approximately 10% of chitosan remains at the distal
point (Supplementary Figure C1). For viability of the cells in the system, this
will not be an issue since chitosan is known for its biocompatibility in in vitro
systems. Yet, when a thin sheet of chitosan remains on the Matrigel, this may
influence the diffusion of water‐soluble components and may influence the cell
adherence of endothelial cells on the Matrigel. Therefore, the complete
removal of the chitosan membrane will have to be carefully assessed for every
single experiment.
To explore the applicability of this removable membrane in an OOC device and
more specifically in a BBB on‐chip, cells are seeded and cultured into the chip.
Human astrocytes (retrieved from the cerebral cortex) are chosen as the
parenchymal cell type to be cultured in this BBB on‐chip system. Once a stable
chitosan membrane is formed in the chip, astrocytes incorporated into the
natural ECM based Matrigel are seeded through inlet 2 and 3 (Figure 1A).
Matrigel is a temperature responsive hydrogel that forms a solid gel after a few
hours at 37°C. The chitosan membrane provides a mechanically strong barrier
preventing the cell‐laden Matrigel from running into the opposite channel as is
shown in Figure 4A.
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FIGURE 4 ASTROCYTES IN MATRIGEL ARE SEEDED FROM THE OUTLET MARKED WITH AN
ASTERIX (*). ASTROCYTES ARE HOMOGENEOUSLY DISTRIBUTED THROUGH THE MATRIGEL
(A, D). MORPHOLOGY AFTER MEMBRANE REMOVAL IS NOT CHANGED (B, E). HCMEC/D3
CELLS WERE STAINED GREEN WITH A DIO CELL‐TRACKER (C, F). ASTROCYTES WERE
STAINED RED WITH A DII CELL‐TRACKER TO ASSESS CELL DISTRIBUTION INSIDE THE
CHANNEL.
The opposing channel is continuously perfused with astrocyte medium during
seeding to prevent the membrane from collapsing due to pressure differences.
The morphology of the astrocytes seeded in the Matrigel is similar to the
morphology of the same type of astrocytes cultured in a standard tissue culture
flask (Figure 5). Astrocytes are stained fluorescently with a cell tracker (Figure
4D) to see whether they would be able to pass the membrane. As can be seen
from Figure 4A and Figure 4C, astrocytes are only present in the channel in
which they were seeded indicating the disability of the cells to pass the
chitosan membrane. After 18 hours, the astrocytes become attached to the
hydrogel and start to adapt their elongated morphology (Figure 5A) which they
also show in their physiological microenvironment 30, 31. A next step is to
remove the chitosan membrane using a mild acetic solution. Due to the high
collagen content in Matrigel, it will be dissolved slowly when it encounters
acetic acid upon membrane removal. Therefore, in contrast to membrane‐
removal in the gel‐free system as mentioned above, the exact amount and
residence time of acetic acid required to dissolve only the chitosan and not the
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Matrigel was determined from observations and found to be 75 µL and 60
seconds, respectively (Figure 4B and Figure 4E).

FIGURE 5 ASTROCYTES CULTURED IN A MATRIGEL HYDROGEL (A) SHOW THE SAME
MORPHOLOGY AS ASTROCYTES CULTURED IN A NORMAL, UNCOATED TISSUE CULTURE FLASK
(B).
PBS was perfused continuously through the empty channel, prior to, and after
removal of the membrane with acetic acid to remove excess acid. Comparing
the morphology of the astrocytes in Figure 4D and Figure 4E, it can be
concluded that membrane removal does not have an influence on cell
morphology in the gel. To control cell viability after membrane removal, a
live/dead cell viability assay was conducted on the astrocytes at the interface
(Figure 6). In Figure 6B it can be observed that the cells remained viable and
kept their sprouted morphology in the Matrigel, despite the membrane
removal with an acidic solution

FIGURE 6 ASTROCYTES IN MATRIGEL WERE SEEDED IN THE CHIP WHILE THE CHITOSAN
MEMBRANE FUNCTIONED AS A TEMPORARY BARRIER. (A) AFTER 24 HOURS THE CELLS
SHOWED THEIR SPROUTED MORPHOLOGY. FIGURE B SHOWS VIABLE ASTROCYTES IN GREEN
AND DEAD CELLS IN RED. (C) SUBSEQUENTLY, THE CELLS WERE TREATED WITH TRITON‐X
AS A POSITIVE CONTROL FOR CELL DEATH IN THE LIVE/DEAD STAINING.
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FIGURE 7 HIGH QUALITY FLUORESCENCE IMAGE OF A CO‐CULTURE OF HUMAN ASTROCYTES
IN THE BOTTOM CHANNEL AND HCMEC/D3 IN THE TOP CHANNEL. THE IMAGE IS OBTAINED
BY STITCHING SIX SEPARATE HIGH MAGNIFICATION IMAGES. ACTIN FILAMENTS AND NUCLEI
ARE STAINED WITH ACTINGREEN™ AND NUCBLUE© RESPECTIVELY. THE SCALE BAR
REPRESENTS 200 µM.
After membrane removal, brain microvascular endothelial cells (BMVECs,
hCMEC/D3) were seeded into the empty channel (inlet 1 in Figure 1). These
endothelial cells grew on the surface of the Matrigel forming an interface with
the astrocytes (Figure 4C and Figure 4F in green), without having a membrane
between the cell types. To show cell‐cell contact at the interface, high
magnification images were taken at various focal planes, combined as a z‐
project image in Fiji 32 and stitched in a full channel‐width figure in Photoshop
(Figure 7). Direct cell‐cell can be observed in the centre of the image in which
a large amount of overlapping cells is found.
As a proof of concept, we applied a slight adjustment in the chip design and
demonstrated that two membranes can be made in a single chip creating three
separated channels (Figure 8). Chitosan is introduced through a small, 100 µm
wide, middle inlet where it comes in contact on two sides with the basic buffer
and gets deprotonated. By increasing the flow speed of chitosan to 30 µl min‐1
and decreasing the flow speed of the basic buffer to 100 µl min‐1 an open
channel in between the two membranes is formed. Increasing the basic buffer
flow rate will result in merging of the membranes and thus a closed centre
channel. Decreasing the basic buffer flow rate will result in a wider middle
channel, up to 100 µm.

122

Chapter 6

FIGURE 8 DOUBLE CHITOSAN MEMBRANE SEPARATING THREE CHANNELS FROM EACH
OTHER. THE MIDDLE CHANNEL IS STILL FLUIDICALLY ACCESSIBLE AFTER MEMBRANE
FORMATION WHICH IS SHOWN BY APPLYING A COLOURED FOOD DYE.
In this study, a method to obtain a mechanically stable membrane of chitosan
in a microfluidic channel was presented. Although this method translates to
any other cross‐linkable material that can have their polymerization or
gelation reaction on a liquid‐liquid interface 24, 33, a reversible and
biocompatible reaction, such as the reaction shown in this study, can only be
achieved when the membrane material is not covalently cross‐linked. A
candidate material for a method similar as the one presented here is the
polysaccharide alginate that is ionically cross‐linked by divalent cations to
form a hydrogel. However, despite the biocompatibility of alginate, it lacks the
ability for cells to bind to the extremely hydrophilic polymer chains. Yet, the
cell binding capability of alginate can be improved by the addition of
arginylglycylaspartic acid (RGD) groups 34‐36.

6.4

Conclusion and Outlook

Summarizing we demonstrated successful cell‐laden hydrogel patterning
inside a microfluidic chip by use of a removable chitosan membrane without
the need for structural additions such as columns in the channel to hold the gel
in place 37. The latter is the traditional approach limiting the interfacial contact
area which resembles the cell‐barrier. It was possible to create a co‐culture of
human astrocytes and brain endothelial cells inside our microfluidic system
using a temporary barrier of the polysaccharide chitosan. A biocompatible,
astrocyte containing, hydrogel was patterned against the chitosan “wall” after
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which the chitosan can be dissolved by use of a mild acidic solution which did
not influence the cell containing gel layer. Endothelial cells were subsequently
seeded against the hydrogel surface to create direct contact between the
endothelial cells and the astrocytes. We observed direct cell‐cell contact
between the two cell types over the entire length of the hydrogel surface
(Figure 7). This technique offers the user a tool to temporarily create barriers
on‐chip to be used for hydrogel or cell patterning.
We also showed that by adding an extra inlet to the chip, it was possible to
create two membranes simultaneously. The system described in Figure
8Figure can be used to co‐culture more than two different cell types separately
in one device without having a physical membrane for separation. Using this
device, complex OOC systems can be created to simulate tissues comprised of
multiple cell types.
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7
Endothelial cell‐sheets as a replacement for
non‐physiological membranes in organs‐on‐
chips
Most organ‐on‐chip systems that incorporate two compartments with a
membrane in between utilize a thick, non‐transparent and physiologically
irrelevant membrane to separate multiple cell types from each other. As these
horizontal cell culture systems need a support structure for cells to attach to, we
cannot fully remove the physical interface between the two compartments. Here,
we try to produce a brain endothelial cell sheet to replace the currently used
membranes in a microfluidic blood‐brain barrier on‐chip system. This monolayer
of cells should be able to remain viable after transfer to the organ‐on‐chip system.

Chapter 7

7.1

Introduction

Cell sheet engineering is a method that makes use of different methods to
detach a full‐grown cell sheet from its growing surface, to be used for tissue
engineering purposes. It is a method that has originally been developed for
tissue reconstruction of organ structures, as these show a cell sheet structure
in vivo 1, 2. The big advantage of this technique is the fact that there is no need
for proteolytic enzymes to detach the cells leaving the intercellular bonds and
the connected extracellular matrix (ECM) intact. With this technique the cells
are able to detach by changing the surface characteristics instead of having to
break protein cell to cell bonds using for example trypsin. The most used
method of cell sheet harvesting is by use of temperature responsive surfaces.
These are standard cell culture surfaces with a thin (∼20 nm) layer of a
temperature responsive polymer grafted onto the surface. Poly(‐
isopropylacrylamide) (PIPAAm) is an example of such a polymer which can be
grafted onto culture dish surfaces using electron beam polymerization.
PIPAAm has a lower critical solution temperature (LCST) of 32°C in aqueous
solution 3, at which the polymer chains undergo a sharp coil‐globule transition
resulting in an increased hydrophilicity once the temperature drops below the
LCST (Figure 1A). Below LCST, a hydration layer between the polymer chains
and the cell layer arising from the hydrophilicity, causes the cells to detach.
Above the LCST, the polymer chains repel water molecules which results in a
hydrophobic surface, ideal for cell attachment 1, 2. So far, multiple different cell
types have been used to create cell sheets. Shimizu et al. used cells sheet
engineering to create a viable, pulsatile layer of cardiac tissue. The cellular
contact that facilitates the electrical transmission, resulting in pulsation of the
tissue remains intact after transfer using a temperature responsive PIPAAm
surface . On top of that, due to the mechanical stability of the cell layers, it is
possible to stack them onto each other to create a three‐dimensional (3D)
cardiac tissue 4. Additionally corneal epithelial cells have been successfully
used in cell sheet transfer. The direct transfer of such a cell sheet onto the host
stroma without having to use a transfer membrane is beneficial for further
recovery 5. So far, cell sheet engineering has only been applied for a few tissues
and it has been used to create tissue surrogates in vitro 6, 7.
For decades, people have been co‐culturing cells in numerous different
configurations. The recent development of organs‐on‐chip (OOC) systems
creates a whole new way of co‐culturing different cell types 8. In these systems,
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cells are typically cultured separately in different microfluidic channels,
separated by a physical membrane. This way, the in vivo cellular interaction
can be simulated in vitro, offering a new platform for disease modelling and
drug studies. The porosity allows for communication between the two
compartments. Most used membranes are relatively thick (~15 µm) compared
to the in vivo structure of a basement membrane in vivo (~20 – 200 nm) 9, 10.
Therefore, it might have an influence on the actual behaviour of the cells inside
the OOC system as they do not have the direct contact they would experience
in vivo. Thin (~ 500 nm) membranes such as the silicon nitride membrane
presented by Ma et al. decreases the distance between cultured cells 11.
However, these membranes have a Young’s modulus in the GPa range 12
whereas tissue culture plastic has a Young’s modulus of ~10 MPa 13. This
increased stiffness is assumed to have an influence on the cultured cell layer as
the brain tissue only has an elastic modulus of 0.5 – 1 kPa 14.
The blood‐brain barrier (BBB) is an endothelial cell barrier that separates the
peripheral blood from the brain’s interstitial fluid. The BBB is regulated by
direct contact of endothelial cells with pericytes, astrocytes and other
microglia 15. The highly specialized endothelial cells that form the barrier are
known to form a very tight barrier that does not allow for molecular diffusion
into the brain tissue. The tightness of the barrier is maintained by the
continuous tight junctions between the endothelial cells 16. To recreate direct
cell‐cell contact in vitro, we propose to use cell sheet engineering to create an
endothelial cell sheet with intact ECM to replace the currently used, 10 µm
thick, polymer membrane in a BBB on‐chip system. In the past, cell sheets have
successfully been fabricated using different cell types such as muscle and
epithelial cells. Moran et al. has shown that although creating a cell sheet from
endothelial is possible, transferring it intact onto another surface is extremely
challenging, if not impossible 17. The main problems they faced were the
folding and shrinking of the sheets due to the high cytoskeletal tension caused
partially by the tight intercellular junctions. To ensure cell sheets to remain flat
upon release, a method using a plunger‐like manipulator was developed by
Haraguchi et al. 18. By placing a thick hydrogel such as gelatin on top of the cell
sheet prior to release, the sheet is stabilized and endothelial cells will be able
to attach to it 19. The gelatin mould is then attached to a plunger which is used
to pick up the gelatin with the attached cell sheet and transfer it onto or into
another device such as a cell culture surface. By increasing the temperature
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again, the gelatin will dissolve resulting in full release of the transferred cell
sheet. In this chapter we make use of this plunger‐like manipulator to facilitate
endothelial cell sheet transfer.
Here, we create cell sheets using human cerebral microvascular endothelial
cells (hCMEC/D3) which have the potential to be used in our BBB on‐chip
system 20. As has been shown before, endothelial cell sheets tend to fold over
itself. We hypothesize that hCMEC/D3 cells show a similar or even increased
cellular tension due to the large number of tight junctions between the cells.
The viability of the cell layer and the transfer ability are studied by use of a
live/dead viability assay and phase contrast microscopy. Proliferation of the
cells after transfer is an important feature of cell layer viability, therefore a
scratch test is used. After analysing the transfer applicability of the cells onto a
new cell culture surface, as a proof of concept, the transfer of a hCMEC/D3 cell
sheet onto an ECM coated chip is analysed.

7.2

Materials and Methods

7.2.1

Cell sheet formation

HCMEC/D3 cells (Merck Millipore, Germany) were cultured in collagen‐I pre‐
coated T75 flasks (Cellcoat, Greiner Bio‐One) at 37 °C and 5% CO2. Endothelial
cell growth medium (ECGM, Sigma Aldrich, Germany) was replaced every 2
days until cells reached full confluency. After reaching the desired confluency
levels, cells are detached using Trypsin‐EDTA (0.05%, Thermo Fisher
Scientific). To create a cell sheet, cells are seeded onto temperature responsive
surfaces (Figure 1B), therefore, thermoresponsive PIPAAm grafted surfaces
(96 and 24 wells plates and 35 mm dishes, Nunc ™ UpCell, Thermo Fisher
Scientific) were used. To test whether adding ECM proteins to the culture
surface prior to cell seeding improves the structure of the cell layer, different
ECM protein coatings were added to the thermoresponsive surfaces. Three
different coatings were tested being: collagen‐I (rat‐tail, 200 µg mL‐1, Corning,
MA, USA), laminin (human fibroblasts, 10 µg mL‐1, Sigma Aldrich, USA) and
fibronectin (human, 40 µg mL‐1, YoProteins, Sweden). All proteins were diluted
in 1x phosphate buffered saline (PBS, Merck, Germany) and surfaces were fully
covered with protein solution prior to 2 hours incubation at 37°C and 5% CO2.
After incubation, excess protein solution was removed and ECGM was placed
on top of the surface until cell seeding. For each experiment, 50,000 cells cm‐2
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were seeded onto the pre‐treated surface. As a control, cells were also seeded
on bare PIPAAm surfaces. Cells were grown at 37°C and 5% CO2 until they
reach 95% confluency after 3‐4 days (Figure 1C).

7.2.2

Cell sheet transfer

Initially two different methods were used for cell sheet transfer: gelatin coated
plunger like manipulators and cell adhesive membranes. The cell adhesive
membranes, that is recommended by the thermoresponsive culture surface
manufacturer, turned out to be unsuitable for the cell type used in these
experiments as the endothelial cells would not attach properly to the
membrane. Therefore, we focus on the cell sheet transfer by use of a plunger
like manipulator, henceforth plunger, with gelatin.
The plunger was designed in SolidWorks® 2018 (Dassault Systèmes, France)
and 3D printed using a FormLabs Form2 SLA printer (USA) with Form4 clear
resin. After printing, the devices were washed with >99.5% isopropanol (IPA)
(Sigma Aldrich, USA) for 20 minutes to remove uncured material from the
outside prior to exposing the devices to ultra‐violet (UV)‐light (wavelength:
405 nm) for 60 minutes to fully cure the material. Devices were hardened in an
oven at 60°C for 2 hours to completely polymerize the surface. A mould for
gelatin was made by pouring a 6 mm thick slap of polydimethylsiloxane
(PDMS) (1 : 10, curing agent : base agent, Sylgard 184 Silicone elastomer kit,
Dow Corning, USA) around the plungers in a culture dish. The PDMS slap
containing the holes is cut into small 2 x 2 cm pieces all containing one hole,
which we call “gel holder”. Gelatin did not stick properly to the 3D‐printed
devices, therefore, a coating of 3‐aminopropyl triethoxysilane (APTES, Sigma
Aldrich, USA) and glutaraldehyde (Sigma Aldrich, USA) was applied to the
devices. First, the devices were immersed in APTES solution for 30 minutes (1
: 30, APTES : dH2O). The devices were rinsed thoroughly with 99.9% ethanol
(Sigma Aldrich, USA) after which they were immersed in 10% glutaraldehyde
(Sigma Aldrich, USA) for 30 minutes. The devices were rinsed with dH2O prior
to drying them using N2. The gelatin hydrogel used to attach to the coated
devices was prepared by dissolving gelatin from porcine skin (13% w/v, Sigma
Aldrich, USA) in PBS and heating it up to 60°C while continuously being stirred
for 15 minutes. Subsequently, the solution was neutralized by adding 1 mL of
1 M NaOH. The coated plungers were placed upside down with the PDMS gel
holder on top of the plunger. The liquid gelatin was filter sterilized (0.22 µm
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pore size syringe filter, Millex®, Ireland) and poured into the hole of the PDMS
gel holder. The devices are kept upside down and were placed at 4°C to solidify
the gelatin in 15 minutes. Medium was removed from the cells and the plungers
were placed, gelatin side down, onto the cell layer (Figure 1D). ECGM at room
temperature (RT) was added to the wells and the cells were incubated for 15
to 30 minutes at 4°C. The plungers were lifted gently after the cell layers had
detached from the thermoresponsive surface (Figure 1E). The plunger with the
attached cell sheets were transferred into a new, fibronectin coated well plate
and incubated for 30 minutes at 37°C to melt the gelatin (Figure 1F). Once the
gelatin was melted, the plungers were removed, and the wells were washed
with warm (37°C) ECGM. Cell culture was continued for at least 6 days after
transfer.
A different method, also using gelatin was applied to part of the samples. This
method did not use a PDMS mould to pre‐form the gelatin, as the gelatin was
poured directly onto the cell layer with the idea to bind the detaching cells
while the gelatin cures. A warm (37 °C), gelatin solution of 13% w/v in PBS was
poured onto the detaching cell layer and the plate was incubated at 4 °C for 15
minutes to allow for further detachment and fast solidification of the gelatin.
The release of the cell layer onto a new surface was initiated by heating the
plate to 37 °C which resulted in melting of the gelatin. A second, method for cell
transfer was deployed by pouring warm (37 °C) gelatin directly onto the cell
sheet, and placing the plungers on the still liquid gelatin. The gelatin was
solidified by placing the well plates, including the gelatin and plungers, in the
refrigerator. After 15 minutes the gelatin was hard enough to start the cell
sheet transfer.
To test whether it is possible to attach an endothelial cell sheet onto a
microfluidic chip, cell sheets were produced as reported before and
transferred onto an ECM‐coated microfluidic chip. The chip, containing a
straight channel (500 µm wide, 300 µm deep), was fabricated by mixing PDMS
curing agent with base agent in a 1 : 10 ratio (Sylgard 184 Silicone elastomer
kit, Dow Corning, USA). After mixing, the PDMS was degassed for 30 minutes
in a desiccator and poured onto a SU‐8 photo‐patterned mould. After curing
the PDMS for 2 hours at 60 °C, the PDMS was peeled off from the mould and cut
into separate chips which can be divided into top and bottom parts. Holes of 1
mm, that serve as fluidic inlets in the chip, were punched in the top part of the
chips using a biopsy punch. The cell sheet was attached to the bottom side of
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the chip, which must be coated with an ECM protein prior to cell sheet transfer.
The chips were immersed in APTES solution for 30 minutes (1 : 30, APTES :
dH2O). The chips were rinsed thoroughly with 99.9% ethanol (Sigma Aldrich,
USA) prior to immersion in 10% glutaraldehyde (Sigma Aldrich, USA) for 30
minutes. A 100 µg mL‐1 collagen‐I coating was applied by immersing the entire
chip in a collagen‐I solution in PBS. After detaching the cell sheet using the
gelatin cast method, the detached sheet was placed on top of the collagen‐I
coated chip. The whole set‐up was then incubated at 37°C while being
immersed in ECGM (Figure 1F). After the gelatin was dissolved, the chip with
cells is washed and optically analysed. As cell sheet transfer was not always
successful, closure of the chip with the top part has not yet been achieved.

7.2.3

Cell sheet analysis

The analysis of the cell sheet transfer has been divided into multiple steps. The
first being the optical analysis of the cell layers prior to transfer using a phase
contrast microscope (EVOS®, Thermo Fisher Scientific, USA). After transfer, the
cells were again analysed by phase contrast microscopy to observe the cell
morphology. The viability of the cells after transfer is a tell‐tale marker of the
impact the transfer has on the cell layer. Therefore, a live/dead viability assay
was conducted after transfer of the cells to a new surface. The transferred and
adhered cells were allowed to grow for 6 days prior to applying the live/dead
viability assay (LIVE/DEAD™ Viability/Cytotoxicity Kit for mammalian cells,
Thermo Fisher Scientific, USA) following the manufacturer’s protocol. To test
proliferation of the transferred cell layer, a scratch test was performed. As soon
as the cell sheet had adhered to the new surface, approximately 24 hours after
transfer, a scratch was made in the cell layer using a pipette tip. Closure of the
gap was observed daily using phase contrast microscopy.
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FIGURE 1 SCHEMATIC REPRESENTATION OF THE CELL SHEET FORMATION AND TRANSFER.
(A) A PIPAAM COATED WELL WHICH IS HYDROPHILIC BELOW 20 °C (B) HCMEC/D3 ARE
SEEDED ONTO THE HYDROPHOBIC PIPAAM SURFACE AT 37 °C TO INITIATE CELL
ATTACHMENT. (C) CELLS FORM A MONOLAYER AFTER APPROXIMATELY 3 TO 4 DAYS. (D)
MELTED GELATIN (37 °C), OR A PLUNGER LIKE MANIPULATOR WITH SOLID GELATIN
ATTACHED TO IT IS PLACED ONTO THE MONOLAYER SO NEUTRALIZE THE FOLDING
BEHAVIOUR OF THE CELLS. (E) WHEN DECREASING THE TEMPERATURE OF THE SYSTEM
BELOW 20 °C, THE PIPAAM SURFACE BECOMES HYDROPHILIC RESULTING IN DETACHMENT
OF THE CELL LAYER. (F) THE GELATIN WITH THE ATTACHED CELL SHEET CAN NOW BE
TRANSFERRED TO A NEW, ECM COATED WELL.
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7.3

Results and Discussion

Several experiments have been conducted to study the transfer ability of
hCMEC/D3 cells. First, hCMEC/D3 cells were grown on PIPAAm coated tissue
culture plastic (TCP) and on fibronectin coated PIPAAm to see whether these
cells can form a proper monolayer on these surfaces. It can be seen in Figure
2A that after 3 to 4 days, with a starting seeding density of 50,000 cells cm‐2
cells form a monolayer that is interrupted in the middle of the wells on the
untreated culture surface. Cells cultured on fibronectin form an uninterrupted
monolayer after 3 to 4 days (Figure 2C). No significant differences in cells
cultured on laminin, collagen‐I and fibronectin coated PIPAAm plates were
observed, therefore we chose to only show fibronectin (Figure 2).

FIGURE 2 PHASE CONTRAST IMAGES OF THE SEEDED HCMEC/D3 AFTER 3 DAYS OF
GROWTH. (A) AN INTERRUPTED CELL LAYER IS SEEN ON THE UN‐COATED SURFACE. (B)
AFTER TRANSFER USING A GELATIN COATED PLUNGER, THE UNCOATED WELL IS EMPTY. (C)
A CLOSED MONOLAYER OF CELLS IS OBTAINED WHEN GROWING HCMEC/D3 FOR 3 TO 4
DAYS ON A FIBRONECTIN COATED SURFACE. (D) AFTER TRANSFER OF THE CELL SHEET THAT
WAS GROWN ON A FIBRONECTIN COATED WELL, PART OF THE CELL SHEET REMAINS
ATTACHED TO THE SURFACE. SCALE BARS REPRESENT 1000 µM (A, B AND D) AND 400 µM
(C).
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After lowering the temperature below the LCST of PIPAAm, the cells start to
detach quickly. The plungers were placed onto the cells and after incubation at
4°C the detached cells were transferred to a new well. However, from Figure
2D it becomes clear the cells grown on fibronectin remain partially on the
original culture surface resulting in a ruptured cell sheet whereas all the cells
were removed from the untreated well (Figure 2B). We assume that the
fibronectin protein structure gets entangled with the PIPAAm brushes causing
a bond which prevents detachment of the cells. Similar behaviour was seen for
cells sheets cultured on laminin and collagen‐I coated wells (data not shown).
In a second experiment, the cell layer cultured on uncoated PIPAAm did not
attach to the gelatin before it detached from the surface and thus, remained in
the original well. Since it detached from the surface already, it was observed
that the cell sheet folds upon release as described by Moran et al. 17. Cell sheet
folding is probably caused by the high intercellular tension present in the brain
endothelial cells. Attachment to a surface causes high tension inside the
cytoskeleton of the cells 21. Once they detach, the tension is released, resulting
in shrinkage of the surface area, similar to the behaviour cells show when they
are treated with a digestive enzyme and become spherical. Because in most
experiments the cell sheets did not attach properly to the gelatin layer, the
resulting detached cell layer showed different results such as folded sheets,
disintegrated sheets and shrivelled cells (Figure 3).

FIGURE 3 PHASE CONTRAST IMAGES OF THREE DIFFERENT, NEGATIVE OUTCOMES OF
HCMEC/D3 SHEET TRANSFER. (A) CELL SHEETS THAT ARE NOT PROPERLY RE‐ATTACHED
AFTER TRANSFER FOLD INTO CELL CLUMPS. (B) CELLS DETACH FROM EACH OTHER DUE TO
DISTURBANCES IN THE CYTOSKELETON LEADING TO A DISINTEGRATION OF THE CELL SHEET.
(C) CELLS THAT ARE NOT ABLE TO RE‐ATTACH TO THE NEW SURFACE BECOME SHRIVELLED.
SCALEBARS REPRESENT 750 µM.
Abovementioned results show that picking up cell sheets using plunger‐like
manipulators is possible but far from consistent. Therefore, a new method was
developed that makes use of liquid gelatin. With this so‐called gel casting
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method, a layer of liquid gelatin is casted onto the detaching cell sheet after
which the cells are captured inside the gel as the gelatin solidifies. To test this
method, cells were seeded on a PIPAAm coated well plate containing no
additional ECM coating. Once a monolayer of cells had formed, gelatin was
poured on top of the layer. The solid gelatin with the incorporated cell layer
was transferred onto a new cell culture surface. The original cell culture
surface did not contain any cells after the casted gelatin was removed.
Therefore, we expect a full cell sheet to be transferred to the new culture
surface. However, it turned out that one hour after transfer approximately 10%
of the culture surface is confluent with newly attached cells. This indicates no
successful re‐attachment of a full cell sheet. It is possible that cells that were
not able to attach after transfer were washed away during the washing steps
that are necessary to remove excess gelatin from the well. Despite the low
number of transferred cells, we looked at the cell viability (Figure 4) and
proliferation (Figure 5).

FIGURE 4 LIVE/DEAD VIABILITY ASSAY. (A) MERGED FLUORESCENCE IMAGE OF A
TRANSFERRED CELL SHEET, LIVING CELLS ARE STAINED GREEN USING CALCEIN‐AM AND
DEAD CELLS ARE STAINED RED USING ETHIDIUM HOMODIMER. SEPARATE GREEN (B) AND
RED (C) CHANNELS ARE SHOWN IN GRAYSCALE. (D) A MAGNIFICATION OF (A) WHERE
CLUSTERS OF DEAD CELLS CAN BE OBSERVED. SEPARATE GREEN (E) AND RED (F) CHANNELS
ARE SHOWN IN GRAYSCALE. SCALEBARS REPRESENT 800 µM (A – C) AND 250 µM (D – F).
Results from the live/dead viability assay show that there is a high amount of
dead cells and a low amount of live cells indicating that parts of the transferred
sheet are still viable whilst other parts did not survive the transfer (Figure 4).
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The dead cells are more clustered which suggests that the cell sheet is folded
at these spots making it unable to attach to the new, fibronectin coated surface,
resulting in apoptotic or necrotic cell clusters. After five days of re‐attachment,
the cells have formed a proper monolayer again which indicates good
proliferation. To validate this proliferation, a scratch test, where a wound area
is created by making a scratch in the cell layer (Figure 5A), is conducted. In the
middle of the cell monolayer, a gap is created by scratching away part of the
cell layer. After 1 day, the cells start to proliferate and migrate towards the
centre of the opened area (Figure 5B). After five days of culture, the entire
wound area is closed again as can be seen in Figure 5C.

FIGURE 5 PHASE CONTRAST IMAGES OF THE SCRATCH TEST PERFORMED ON A CELL LAYER
WHICH ORIGINATED FROM RE‐ATTACHED HCMEC/D3. (A) A SCRATCH IS MADE IN THE
CELL LAYER AT T=0. (B) AFTER 24 HOURS, THE CELLS START TO MIGRATE TOWARDS THE
CENTRE OF THE WOUND AREA. (C) AFTER 5 DAYS, THE WOUND AREA IS FULLY CLOSED BY A
MONOLAYER OF CELLS. SCALEBARS REPRESENT 750 µM.
Together with the live/dead viability assay, we can conclude that the cells that
are able to attach after transfer stay viable and proliferative. A combined
method, which makes use of both a plunger and gelatin casting was tested as
well. Once the liquid gelatin was poured onto the cells, a plunger with
additional pillars for stability (Supplementary Figure D1), was placed on top of
the gelatin. Once the gelatin solidifies, the gel was cut loose from the well plate
and the plunger facilitated transfer of the gel to a new well.
To be able to use the technique of cell sheet engineering in an OOC system, the
attachment of a transferred cell sheet onto a PDMS microfluidic chip must be
tested. We chose to use collagen‐I to coat the PDMS chips as it has proven to
have a good affinity with PDMS 22 and in our experiments the cells behave
similar on collagen as on fibronectin. Cells were cultured into a monolayer and
after picking them up with the gel cast method, they were placed on top of the
coated and uncoated PDMS surface. The chips show good homogeneous
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coverage of the cell layer as can be seen in Figure 6A, whereas the cell sheet
appears to break above the channels (Figure 6B). The cells that are covering
the chip show an unhealthy morphology, as they appear to have shrivelled
(Figure 6). These preliminary results show that transfer of a cell sheet onto a
coated microfluidic chip is possible. However, the channels used in these
experiments are relatively large (500 µm wide) which makes the cell sheet
above the channel prone to collapsing. As this is an open cell culture system,
the culture is very prone to infections. Therefore, closure of the chip system
with an additional PDMS layer directly after cell attachment is preferable. This
will possibly result in necrosis of the cells that are in between the two layers.
The negative influence of the cell necrosis on the healthy cells in the open
cross‐sectional area of the chip has to be considered 23, 24.

FIGURE 6 PHASE CONTRAST IMAGE OF A CELL SHEET TRANSFERRED TO A CHIP CONTAINING
A 500 µM WIDE, STRAIGHT CHANNEL. (A) AN INTACT CELL SHEET IS TRANSFERRED TO THE
CHIP, HOWEVER; CELLS ON THE SURFACE OF THE CHIP SHOW A SLIGHTLY SHRIVELLED
MORPHOLOGY. (B) CELLS ON TOP OF THE CHANNEL HAVE COLLAPSED INTO THE CHANNEL
AS CAN BE SEEN BY THE DIFFERENCE IN FOCUS PLANE. SCALEBARS REPRESENT 800 µM.

7.4

Conclusion and Outlook

We show the formation and transfer of cell sheets from the brain endothelial
cell line hCMEC/D3. Transfer of these cell sheets depends on multiple factors.
The first one being the original surface on which they are grown. Cell sheets
grown on an additional layer of fibronectin form a monolayer faster compared
to cells grown on a PIPAAm surface. However, adding a layer of fibronectin
onto the PIPAAm coated surface prior to cell seeding results in unequal
detachment of the cell layer. The first transfer method that was tested made
use of a pre‐formed gelatin plug attached to a plunger. This solid gelatin plug
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is placed onto the cell layer after which the layer can be detached. After transfer
with this method, parts of the cell layer remain on the original surface, possibly
due to the inhomogeneity of the gelatin surface that is in contact with the cells.
Parts of the cell sheet that were successfully transferred to a new surface show
clear signs of cellular instability. Cell sheets that are unable to re‐attach tend to
fold or disintegrate whereas individual cells shrivel.
To be able to transfer a more consistent cell layer, a new method was tested
where the solid gelatin is replaced by liquid gelatin that was poured directly
onto the detaching cell layer. Using this way, the full layer is covered with
gelatin resulting in entrapment of the complete cell sheet inside the gel. During
the solidification of the gelatin, a plunger was placed on top of the gelatin to
facilitate the gel transfer. After transferring the cell sheet to a new surface, only
partial re‐attachment was observed in all occasions. The attached cells were
viable and proliferative, as shown by the scratch test. As a proof of concept, we
showed the transfer of a hCMEC/D3 cell sheet onto a collagen coated PDMS
microfluidic chip. The used chips have a rather large channel width which the
cell sheet cannot bridge, resulting in a collapsed cell layer above the channel.
In future experiments, the dimensions of the chip must be optimized so that
the channel is small enough for the cell sheet to not break. When a cell sheet
has been successfully attached to a PDMS chip, the chip has to be closed onto a
glass slide or onto a second PDMS layer. As has been shown in the past, cell
sheet engineering allows for the formation of large cell sheets. Once the
endothelial cell sheet formation has been optimized, it is possible to create a
large monolayer of cells which can be divided into multiple smaller samples to
be transferred onto individual devices. To create a more realistic BBB on‐chip
system, a combination of brain endothelial cells and pericytes is preferred.
Haraguchi et al. have shown that stacking multiple cell types to create a tissue
structure in vitro is possible 18. In future experiments a cell sheet of pericytes
can be incorporated with endothelial cells and astrocytes to create a
mechanically strong cell sheet construct to be used as an in vivo BBB model.
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8
Summary and outlook
This chapter summarizes all the results and conclusions that are reported in this
thesis. In the final outlook, suggestions for further research as well as the answer
to the question “what is the best membrane for my chip” is being discussed.

Chapter 8

8.1

Summary

Organs‐on‐chips are devices that are used to engineer an organ‐specific
microenvironment into a microfluidic chip. These realistic systems serve as
models for disease modelling and drug research. The ease of fabrication, small
scale and low amount of used volumes make the systems very cost effective for
in vitro studies. Several factors such as material choice, device design and cell
choice contribute to a controlled cell culture environment. Although these
systems have shown promising results so far, there are still hurdles to be taken
before these systems can replace the current gold standard which is still the
use of animal models. Organ‐on‐chip systems often contain two microfluidic
compartments or channels in which cells are cultured. These compartments
are separated by a porous, polymer membrane which allows for diffusion of
molecules from one channel to the other, while it offers a cell culture surface
for the cells to attach to. In this thesis, the role and necessity of the membrane
inside organ‐on‐chip systems and specifically inside a blood‐brain barrier
(BBB) on‐chip, is being studied.
Traditionally, the membrane used is a relatively thick (tens of μm), porous
polymer membrane which introduces a large distance between the cell culture
compartments. As this cell separation distance is a lot smaller in the
physiological situation (few nm), we chose to look at the ability to either fully
remove or replace the currently used membranes in organs‐on‐chips. In
Chapter 2 the most used organ‐on‐chip systems and the membranes they
include are being described. When a membrane is used, its biocompatibility
can be increased by changing the morphology and topology of the membrane.
In Chapter 3 the use of thin, polydimethylsiloxane (PDMS) membranes as an
alternative for the currently used thick polycarbonate membranes in a
Transwell set‐up was discussed, whereas Chapter 4‐7 focused on the
fabrication of membrane‐free systems. In Chapter 4 the development of a
hydrogel chip with a physiologically relevant size and structure was shown.
The development of a standardized trans epithelial electrical resistance
(TEER) measurement set‐up inside a semi‐circular organ‐on‐chip system was
described in Chapter 5. Another method to create a membrane‐free system is
the use of a temporary barrier inside a microfluidic chip as was described in
Chapter 6. Finally, in Chapter 7 a tissue engineering technique, namely cell
sheet engineering was proposed to be used with brain endothelial cells.
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As the membrane in an organ‐on‐chip system replaces the in vivo basement
membrane, it should resemble its thickness and mechanical properties. In
Chapter 3 the thickness of the membrane used was addressed by comparing
cell cultures on an often used, 10 µm thick polycarbonate membrane which has
a random pore distribution, with a 5‐fold thinner PDMS membrane with a
controllable pore layout. Our PDMS membranes are optically transparent
which is caused by the small thickness in combination with the orientation of
the pores on the surface which is due to the fabrication process fully
perpendicular to the surface. A co‐culture of human brain endothelial cells and
human astrocytes was initiated onto the PDMS membranes as well as on the
PC membranes to compare the cell culture behaviour in a Transwell cell culture
set‐up. Visualization of the tight junction protein ZO‐1 showed no relevant
differences between the cells cultured on both membranes. Using scanning
electron microscopy, it was shown that the PDMS membranes with a pore size
of 5 µm allow for cell migration towards the other side of the membrane. A
permeability study was performed to observe the transport of 4 kDa FITC‐
Dextran through the cell layer that was cultured onto the membranes. It
revealed that cell layers cultured on polycarbonate membranes are 6x more
permeable compared to PDMS membranes with the same pore size. Although
the porosity of the polycarbonate is 4x higher compared to that of the PDMS
membrane, it also indicates that the endothelial cell barrier on a polycarbonate
membrane is less tight. The optical clarity together with the decreased
permeability of the cell layer on PDMS membranes are two improvements of
this newly developed membrane making it a good alternative for the
traditionally used polycarbonate membrane.
The development of a membrane free system was studied in Chapter 4 by the
development of a hydrogel‐based chip system. To increase the physiological
relevance of an organ‐on‐chip system, the environment in which the cells are
cultured should resemble the in vivo situation in the best possible way. We
used soft lithography to create a semi‐circular channel structure inside a
hyaluronic acid based hydrogel. A gel holder and a gel injection set‐up were
developed to ensure good reproducibility of each fabricated chip. To close the
channel, the gel was placed onto a glass slide. By flushing a solution containing
microbeads through the channel, leakages were detected. Attempts were made
to improve sealing of the gel to the glass slide by adding a chemically reactive
group to the surface to which the hydrogel could bind. However, to allow for
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good transfer of the channel structure into the gel, it has to be fully cured
leaving no functional groups available to bind to the modified glass surface.
This system provides the physiologically relevant shape, size and structural
environment of a brain microvessel.
Chapter 5 describes an impedance measurement method that can be applied
to the system developed in Chapter 4. The hydrogel was replaced by PDMS to
allow for quick and cheap reproduction of the chip. To assess the quality of a
cell layer cultured in the device, an impedance measurement set‐up consisting
of 44 electrodes in each microchannel, was included into the bottom glass slide.
To assess the electrodes, the gel holder developed in Chapter 4 was adjusted
to fit spring pins that connect to the electrodes on the glass slide. The array of
electrodes on which the brain endothelial cells are grown allows for direct
impedance measurements of the cell layer, which is a direct measure for cell
layer integrity. A problem that many organ‐on‐chip systems face when using
TEER or impedance for cell layer assessment is the cell layer integrity. Which,
if not intact, has a big influence on the measured impedance. This system
allows for site specific impedance measurements after optical analyses of the
cell layer. To analyse the measurement method, brain endothelial cells that
were cultured in the device were exposed to a chelating agent that depletes the
external calcium leading to breakdown of the tight junctions. Results from the
impedance measurements were not sufficient to draw conclusions from. This
decrease in tight junctions was observed as a decrease in ZO‐1 localization in
the endothelial cell layer. Furthermore, we applied oxidative stress to the
endothelial cells after we treated them with astrocyte conditioned media to
study the influence of astrocyte secreted factors on endothelial cells that
experience oxidative stress. The influence of the astrocyte secreted medium
did not contribute significantly to the amount of tight junctions and thus the
tightness of the layer, which suggests that the used brain endothelial cells form
a proper tight cell layer in the absence of astrocytes.
A totally different approach to create a cell‐gel interface on chip was shown in
Chapter 6. Chitosan is a polysaccharide that can form a gel‐like solid upon
contact with a basic buffer. In Chapter 6 we designed a microfluidic device in
which we were able to form a chitosan membrane in the middle of the channel
by bringing a laminar flow of chitosan in contact with a laminal flow of basic
buffer. Once the membrane had formed a physical barrier inside the chip, a cell‐
laden hydrogel was seeded on one side of the chitosan membrane. After the gel

147

Summary and outlook

had become solid, the chitosan membrane could easily be removed again by
flushing a mild acidic solution along the surface. The acidity of this solution did
not have a negative effect on the astrocytes that were present inside the
hydrogel. Following the membrane removal, a layer of brain endothelial cells
was seeded along the length of the gel. Direct cell‐cell contact between
astrocytes and endothelial cells was observed along the length of the hydrogel.
Finally, in Chapter 7 we tried to transfer a brain endothelial cell layer from one
surface to another to assess the potential use of cell sheet engineering for
organ‐on‐chip purposes. First, a monolayer of brain endothelial cells was
grown onto a temperature responsive cell culture surface after which the
temperature was reduced to detach the cell layer. To allow transfer of the layer,
a gelatin coated plunger was placed on top of the endothelial cells prior to
detachment. The gelatin layer was supposed to prevent the cell layer from
shrinking due to the high intracellular tension. Cell detachment occurred faster
than re‐attachment to the gelatin layer, causing the cell layer to rupture. To
overcome this problem, warm gelatin was poured onto the cell layer prior to
cell detachment. Solidification of the gelatin at 4 °C led to cell entrapment in
the gel. Once the gel was transferred the cells were not able to re‐attach fast
enough to the new surface, resulting again in rupture and folding of the cell
layer. These results indicated that this technique is not suitable for the cell type
that is needed inside a BBB on chip.

8.2

Outlook

8.2.1

Material choice

The BBB is a complex organ of which the function and drug response is being
studied thoroughly in vitro. The development of organ‐on‐chip systems led to
the development of the BBB on‐chip 1‐5. The majority of BBB on‐chip systems
is made from PDMS because of its good material properties such as the gas
permeability, transparency, biocompatibility and flexibility. A big
disadvantage of PDMS is its ability to absorb small molecules such as drugs and
tracers 6. P‐glycoprotein is an important transporter protein which acts as a
drug transporter mechanism in brain endothelial cells. It can be assessed by
the lipophilic, positron emission tomography (PET), tracer molecule (R)‐
[11C]verapamil 7. However, verapamil is known to absorb to untreated PDMS 6,
like also other molecules of interest for BBB research. Therefore, developing a
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proper coating or creating a PDMS free organ‐on‐chip system is preferable to
allow the use of PDMS in drug permeability studies. Van Meer et al. tested the
use of a lipid‐based cell binding coating and showed that less molecules were
absorbed by the PDMS surface while still allowing for good cell adhesion 8. The
PDMS membrane developed in Chapter 3 is not suitable for certain drug
permeability studies. Therefore it should also be treated with a coating which
should not influence the permeability of the membrane. A lipid bilayer coating
as proposed by van Weerd et al. would be suitable 8.
In Chapter 4 a chip solely consisting of a hyaluronic acid‐based hydrogel was
developed. The extracellular matrix inside an in vivo neurovascular unit
consists mainly of laminin and hyaluronic acid 9. Although the used gel
resembled the hyaluronic acid component inside the neurovascular unit, the
elastic modulus was much higher 10 compared to the elastic modulus of brain
tissue 11. Therefore, endothelial cells grown on these hydrogels might behave
unnaturally as it is known that the cell culture surface stiffness influences cell
behaviour 12. However, it was not possible to replicate a channel structure
inside a gel with a lower elastic modulus. The in vivo extracellular matrix is a
mixture of multiple proteins and cells which all contribute to the structural
integrity. It is expected that introducing other proteins and cells inside the
hydrogel structure leads to an improved cell culture environment for brain
endothelial cells. Such a complete, but complex hydrogel might also be used in
the system described in Chapter 6.

8.2.2

Readout methods

In organ‐on‐chip systems, the integrity of the cultured endothelial cell layer
can be assessed in multiple ways. In 2D systems such as Transwell cell cultures,
the permeability can be studied by looking at the diffusion of small molecules
through a cell layer. This method is also applicable in organ‐on‐chip systems
where it is more prone to erroneous measurement outcomes. Sampling the
effluents from the outlet is a difficult process that is susceptible to
measurements variability. A more consistent measurement method is by
measuring the TEER or impedance of a cell layer. This method can be applied
in 2D as well as in 3D systems. Van der Helm et al. showed the possibility of
measuring TEER inside a BBB on‐chip with integrated electrodes 13. Although
this method has proven its functionality, the manual electrode placement can
cause measurement variations. The impedance measurement that was
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described in Chapter 5 allows for reproducible impedance measurements of
cell layers inside a semi‐circular microfluidic device. Here, we cultured
endothelial cells inside a PDMS channel. To improve the physiological
relevance of the system, the PDMS should be replaced with a cell‐laden
hydrogel. However, including an extra conducting volume would also
contribute to the impedance measurement. In that case, the model we propose
here should be adapted to the new situation. The simplicity of the
measurement design makes it applicable in multiple cell culture devices that
have a direct connection of the cell culture chamber with a glass slide.
However, the measurement set‐up has to be reconsidered each time to obtain
the most complete and reliable results for each measurement.

8.2.3

Membrane: yes or no?

During this thesis, the question whether a membrane in an organ‐on‐chip
system is necessary or not was addressed. There is no short and simple answer
to this question. We found that choosing a membrane or choosing a membrane‐
free system all depends on the final application and design of the system. Some
systems simply do not allow for the removal of the membrane as the cells use
it as a cell culture surface. In these systems, the currently used, thick
membranes can potentially be replaced by the thin PDMS membrane we
developed and which we describe in Chapter 2. Multiple studies have shown
that it is possible to integrate a PDMS membrane in a microfluidic system. Cell
culture on these membranes inside a microfluidic chip was so far not
successful. Incorporating this thin membrane inside a microfluidic chip would
allow for direct cell‐cell contact whilst the cells are experiencing
physiologically relevant culture conditions with fluid flow that induces shear
stress.
In Chapter 6 we showed that there is an opportunity to create a membrane‐
free chip system in which a co‐culture of brain endothelial cells and astrocytes
was established. Getting this system to work in a reproducible way turned out
to be a challenge due to external variations such as temperature, chip
cleanliness and fluid flow variations. The created polysaccharide membranes
show variations in thickness and placement. Physical phase guides would solve
this problem 14. However, these guides introduce an extra surface area where
there cannot be any cell‐gel contact. In large systems such as the OrganoPlate®
of Mimetas, this surface area can be neglected. When designing smaller
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channels, the cell‐gel area should be as large as possible to create the most cell‐
cell contact. Another approach which can be applied to create micrometer
sized membrane‐free BBB on‐chip systems is a technique shown by Loessberg‐
Zahl et al. who make use of laminar flow patterning of hydrogels inside a
microfluidic system 15. One problem with these flow patterning devices is the
vertical structure of the cell‐gel interface, which makes observation and
characterization of the cell layer challenging.
In Chapter 7 we studied the possibility of obtaining a free‐standing endothelial
cell sheet using hCMEC/D3 cells. However, due to the high inter‐ and
intracellular tension of the cells, it was not possible to transfer an intact cell
sheet from one substrate to another. By including multiple cell types in a single
cell sheet, it might be possible to increase its rigidity which would prevent
folding and disintegration. This way, a complex tissue structure can be created
and transferred to, for example, a microfluidic chip as a replacement of the
currently used polymer membranes.
It can be concluded that there is an ideal solution for each application which
depends on the goal of the application, the used cells, the chip design and the
readout method. Each of these individual components contribute to the choice
whether to use or not to use a membrane in an organ‐on‐chip system.
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Appendix

A. Supplementary information Chapter 3

SUPPLEMENTARY FIGURE A1 LIVE/DEAD VIABILITY ASSAY ANALYSIS USING IMAGEJ
FUNCTION “FIND MAXIMA” WHICH HIGHLIGHTS AND COUNTS PIXELS ABOVE A CERTAIN
INTENSITY THRESHOLD. THE AMOUNT OF LIVING CELLS (A) IS APPROXIMATELY 80%
WHEREAS THE AMOUNT OF DEAD CELLS (B) IS APPROXIMATELY 20%. SCALEBARS
REPRESENT 250 µM.

SUPPLEMENTARY FIGURE A2 SEM IMAGE OF HCMEC/D3 CELLS CULTURED FOR 4 DAYS
ON A PDMS MEMBRANE WITH 5 µM PORE SIZE. (A) THE TOP SIDE OF THE MEMBRANE
SHOWS A PROPER MONOLAYER OF CELLS WITH THE CHARACTERISTIC COBBLESTONE
MORPHOLOGY. (B) ON THE BACKSIDE OF THE MEMBRANE, WHERE NO CELLS WERE SEEDED,
ENDOTHELIAL CELLS ARE FOUND AS A RESULT OF CELL MIGRATION THROUGH THE 5 µM
PORES.
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SUPPLEMENTARY FIGURE A3 SCANNING ELECTRON MICROSCOPY IMAGE OF HCMEC/D3
CULTURED ON POLYCARBONATE MEMBRANES IN THE PRESENCE (A & B) AND ABSENCE (C
& D) OF HUMAN ASTROCYTES.
First the channels of the live/dead image are split into a GFP and a RFP image.
The window/levels are equalized for all images as well as the
brightness/contrast. After standardization of the images, the function “find
maxima” is used to count the fluorescent pixels. The noise tolerance is set to
2000 for GFP and 2500 for RFP to correct for the background noise
(Supplementary Figure A1).
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SUPPLEMENTARY FIGURE A4 LIVE DEAD VIABILITY ASSAY SHOWING THE AVERAGE
MEASURED PERCENTAGE (ERROR BARS = 1SD, N=3) OF LIVING CELLS ON PDMS AND PC
MEMBRANES AT T=4 DAYS AND T=7 DAYS. THE AMOUNT OF LIVE AND DEAD CELLS IS
COUNTED USING THE “FIND MAXIMA” METHOD IN IMAGEJ. FOR EACH SAMPLE, AT LEAST
1500 CELLS WERE COUNTED. NO SIGNIFICANCE DIFFERENCE IN VIABILITY BETWEEN THE
TWO MEMBRANES AT BOTH TIME POINTS WAS FOUND (P‐VALUE > 0.05, “NS” REPRESENTS
NOT SIGNIFICANT).
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B. Supplementary information Chapter 5

SUPPLEMENTARY FIGURE B1 SCHEMATIC ILLUSTRATION OF THE SENSITIVITY
DISTRIBUTION OF A FOUR‐PROBE IMPEDANCE SENSING SET‐UP INSIDE A CYLINDER. IF THE
FIELDS ALIGN, THE SENSITIVITY IS HIGH. IF THE FIELDS ARE PERPENDICULAR TO EACH
OTHER, THE SENSITIVITY IS 0. WHEN THE FIELDS ARE OPPOSITE FROM EACH OTHER, THE
NET SENSITIVITY IS NEGATIVE.
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SUPPLEMENTARY FIGURE B2 CONNECTION TOPOLOGY OF THE IMPEDANCE SPECTROSCOPE. (A) “REGULAR” TOPOLOGY. (B)
“INTERCHANGED” TOPOLOGY.
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SUPPLEMENTARY FIGURE B3 SCALING RELATIONSHIP BETWEEN ELECTRODE WIDTH AND
SENSITIVITY. THE AREA BETWEEN A SINGLE CURRENT CARRYING ELECTRODE AND A PICKUP
ELECTRODE IS SHOWN. THE SHARP INCREASE IN SENSITIVITY IS ALWAYS FOUND IN THE
REGION BETWEEN THE TWO ELECTRODES. FITTED LINE: Y = X1.6 – 31.

SUPPLEMENTARY FIGURE B4 SCALING RELATIONSHIP BETWEEN ELECTRODE SEPARATION
AND SENSITIVITY. THE AREA BETWEEN A SINGLE CC AND PU IS SHOWN
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SUPPLEMENTARY FIGURE B5 SCALING RELATIONSHIP BETWEEN SEPARATION OF CC AND
PU ELECTRODE SETS AND SENSITIVITY. THE AREA BETWEEN A SINGLE CC AND PU IS
SHOWN.
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SUPPLEMENTARY FIGURE B6 SCHEMATIC 2D ILLUSTRATION OF THE FINAL ELECTRODE
DESIGN. (A) THE “REGULAR” TOPOLOGY. (B) THE “INTERCHANGED” TOPOLOGY.

SUPPLEMENTARY FIGURE B7 ELECTRODE SENSITIVITY OF “REGULAR” ELECTRODE
CONFIGURATION. THE POSITIONS OF ELECTRODES ARE INDICATED ON THE BOTTOM OF THE
GRAPH. THE AREA WITH THE DASHED RECTANGLE IS USED TO EXTRACT THE RELATIONSHIP
BETWEEN RESISTANCE AND TEER (FIGURE 2 OF THE MAIN TEXT).
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SUPPLEMENTARY FIGURE B8 SENSITIVITY OF “INTERCHANGED” ELECTRODE
CONFIGURATION. THE POSITIONS OF THE ELECTRODES ARE INDICATED ON THE BOTTOM OF
THE GRAPH. THE AREA WITHIN THE DASHED RECTANGLE IS USED TO EXTRACT THE
RELATIONSHIP BETWEEN RESISTANCE AND TEER (FIGURE 2 OF THE MAIN TEXT).
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C. Supplementary information Chapter 6

SUPPLEMENTARY FIGURE C1 TIME LAPSE OF CHITOSAN MEMBRANE REMOVAL. TO
VISUALIZE THE REMOVAL OF THE CHITOSAN MEMBRANE BY USE OF AN ACETIC ACID
SOLUTION, THE CHITOSAN IS LABELED FLUORESCENTLY WITH A NHS‐FLUORESCEIN. THE
ACIDIC SOLUTION IS INTRODUCED FROM THE SIDE MARKED WITH A #‐SIGN. AFTER
APPROXIMATELY 3 MINUTES, 90% OF THE MEMBRANE IS DISSOLVED LEAVING A SMALL
TRAIL AT THE DISTAL POINT. THIS PART IS NOT REMOVED ENTIRELY AS THIS WOULD CAUSE
HARM TO THE MATRIGEL LAYER.
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D. Supplementary information Chapter 7

SUPPLEMENTARY FIGURE D1 SCHEMATIC OVERVIEW OF PLUNGER DESIGN. CLOCKWISE
STARTING LEFT: SIDE VIEW OF PLUNGER. ISOMETRIC VIEW OF PLUNGER. TOP VIEW OF
PLUNGER.
The plunger shown in Supplementary Figure D1 is designed to fit in a 24‐wells
plate, with space left to fit a needle next to the base to remove excess gelatin.
The plunger has 6 pillars on which it can stand. These pillars are 1.7 mm tall,
span 30 degrees of the base and are 0.7 mm thick. The pillars are strong enough
to support the whole plunger, whilst giving space for the gelatin to solidify
under it. The centre of gravity is designed to be low, so the plunger would not
tip over. This means that the handle is smaller than the base of the plunger, 10
mm and 14 mm respectively. The total height of the plunger is 28.5 mm. All
corners are rounded with a fillet, to smoothen the 3D printing process.
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