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Abstract

In vitro models are fundamental in studying cell behaviour, the physiological function of organs, and their
response to drugs and toxins [1–3]. However, the shortage of accurate and reliable in vitro models calls for
the development of in vitro lung models that better recapitulate lung physiology and pathology [2, 4]. Lung-
on-a-chip models are promising alternatives to animal and traditional in vitro models [5–10]. To date, most
membranes used in these models are made of poly(dimethylsiloxane), which has significant disadvantages,
such as high ad- and absorption of small molecules [2, 5]. Moreover, there is a need to establish adequate
membrane pore sizes throughout the cell culture duration. This study aims to design and test the viability of
a novel LOC membrane containing a dynamic membrane pore size to recapitulate the pulmonary alveolar-
capillary barrier. The possibility of fabricating a membrane with an adjustable pore size is investigated to
allow for confluent monolayer formation, while also providing immune cell migration across the membrane.

Poly(octamethylene maleate (anhydride) citrate) (POMaC) is evaluated as a membrane material due to its
versatility, elasticity and degradation properties. Several aspects are studied to evaluate the concept. The first
aspect is whether spincoating could be a fabrication method for creating a uniform thin film. Second, it is
evaluated whether conical pillars printed with 2-photon polymerization could serve as a mould on the sub-
strate to create the pores. Third, the cytotoxicity of POMaC for primary lung cells is evaluated with a toxicity
assay using eluates. Furthermore, POMaC is a very versatile material, and its mechanical properties differ
significantly with different monomer ratios and curing methods. Therefore, the stiffness properties, degra-
dation rate and imaging properties are evaluated. Stiffness is evaluated by nanoindentation measurements,
degradability is measured optically under static and dynamic flow conditions, and the imaging properties
are evaluated optically and using autofluorescence measurements. Lastly, membrane integration is studied
using various bonding methods, including oxygen plasma.

The results show that POMaC can be spincoated into∼13µm thin, uniform layers and detached from the sub-
strate. Furthermore, well shaped pillars that could be used as a structural mould can be created. These results
provide promising support for a combination of fabricating and detaching a thin membrane while utilising
the coned pillars. The stiffness was in the expected range, and the bioimaging properties were found to be
suitable. The degradation results did not support the hypothesis that a structural pore size could increase,
which likely impedes the increase of pore diameter necessary for immune cell transmigration. POMaC exhib-
ited layer-by-layer softening and swelling. A model of the degradation characteristics of POMaC is proposed.
Furthermore, alternative approaches for creating a membrane with a dynamic pore size are introduced. Ad-
ditionally, more research is advised to be conducted on the cytotoxicity of POMaC to primary lung cells. If
a dynamical pore size could successfully be incorporated in a thin membrane on which both epithelial and
endothelial cells can be grown, it would be a big step forward in in vitro cell culture studies.
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1
Introduction

Among the leading causes of death worldwide are lung diseases [4]. The gas-exchanging region of the lungs
is the human body’s largest internal surface area directly exposed to the external environment. It is, besides
being a vital aspect of human life, also a region susceptible to disease and injury [11]. In recent years it
has become evident that the emergence of respiratory viruses, such as SARS-CoV-2, can have an enormous
impact on society [4]. This further emphasizes the relevance of research on lung diseases and physiology
[4]. Generally, research is conducted with in vitro models, and in vivo animal models before clinical trials
are conducted. The term in vitro describes procedures outside of living organisms, whereas in vivo covers
research done with or within an entire living organism.

In vitro models are fundamental in studying cell behaviour, the physiological function of organs, and their
response to drugs and toxins [1–3]. These physiological functions are often hard to determine since there is
a shortage of accurate and reliable in vitro models [2]. In vitro human lung models often fail to recapitulate
the in vivo environment, and preclinical animal models are increasingly being questioned because of ethical
issues and the general lack of predictability for human diseases [4, 6, 10]. One of the main concerns regarding
predictability is that animal tissues vary greatly from human tissues concerning their anatomy, immune sys-
tem, and inflammatory response [12]. Moreover, 90% of preclinical animal studies do not accurately predict
the outcome of human clinical trials [13]. Furthermore, the success rate in the clinical phase generally is only
about 10% to 20% [3]. This low success rate leads to the disregard of unsuccessful drugs in a late stage of their
development, as promising results in these models do not ensure equally successful results in humans [6, 10].
Moreover, potentially successful drugs can be disregarded unnecessarily in the earlier phase of animal and
in vitro testing. When considering the immense financial expense of drug development and the long devel-
opment time required, the pressing need for means to quickly and reliably assess drug efficacy and safety at
an early stage becomes apparent [6, 14]. Therefore, there is an increasing need for developing in vitro lung
models that better recapitulate human lung tissue [4].

Traditionally, in vitro models are organized mostly as 2D cell cultures, on, for example, Petri dishes or well
plates [1, 9]. These cell cultures lack dynamical cues and fail to mimic the complex nature of tissues, as well
as the structural, mechanical, and functional properties that this complex nature entails [9, 10]. Furthermore,
2D in vitro cultures are generally monocultures [10]. A disadvantage of using a monoculture is that it does
not recapitulate accurately, among others, cell morphology, cell division, cell secretion and physiological
functions [10]. Apart from 2D cell cultures, 3D cell cultures have been created with cells that are grown in
an extracellular matrix (ECM) gel to include more tissue-specific functions [6]. However, these 3D models
often fail to accurately capture the functional and structural complexity that in vivo tissues exhibit [2, 6]. The
architecture and spatial design of 3D models have been limited, and dynamic mechanical and biochemical
cues, which are fundamental in organ function and development, are generally not incorporated either [15].

Organ-on-a-chip (OOC) models are promising alternatives for animal models and traditional in vitro models
[5–10]. The first OOC device mimicking the lungs was the device designed by Huh et al. in 2010 [15]. They
defined OOCs as "microfluidic cell cultures with continuously perfused chambers inhabited by living cells
arranged to simulate tissue- and organ-level physiology, created with microchip manufacturing" [15, 16].
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2 1. Introduction

OOCs allow for precise mimicking of the dynamic micro-environment by incorporating microfluidics, liv-
ing cells, and dynamical cues in vitro. Thereby better recapitulating the in vivo tissue-tissue interfaces, the
microarchitectures and environments than traditional cell culture systems, and thus facilitating a more ac-
curate prediction of cell behaviour [10]. For example, they allow for mimicking the circulation in the body by
allowing continuous perfusion of the cells [9].

So far, various barrier tissue interfaces have been recapitulated by microfluidic models, such as the blood-
brain barrier, the gut, and the lungs’ blood-air barrier [5]. To date, OOC models, and more specifically
lung-on-a-chip (LOC) models, that precisely and effectively reproduce complete drug responses and dis-
ease mechanisms, have not been developed [6]. A LOC model indicates any OOC model that recapitulates
part of the lung. This study focuses on recapitulating the alveolar-capillary barrier, thus more specifically, on
alveoli-on-a-chips (AOCs).

LOC models are currently being used for lung disease modelling, cytotoxicity studies, cancer diagnosis and
drug screening assays [11]. Various respiratory diseases that are studied using LOC devices include: lung can-
cer, pulmonary oedema, pulmonary thrombosis, asthma, chronic obstructive pulmonary disease (COPD),
cystic and pulmonary fibrosis, and pulmonary hypertension [10, 17, 18]. LOC models are also used to study
the effect of air pollution [3], and emergent respiratory viruses, such as SARS-CoV-2, which can have a sig-
nificant impact on society [4, 13]. Moreover, LOC models allow the study of lung physiology [3]. A lot of the
mechanisms present in the lung are still not well understood, and LOC devices can play a prominent role in
helping to discover these physiological mechanisms [3].

1.1. The alveolar-capillary barrier
The lungs are the primary organ within the respiratory system. Within the alveoli, they allow oxygen and
carbon dioxide exchange through the alveolar-capillary barrier, also known as the respiratory membrane [19]
(Fig. 1.1 A). This thin membrane consists of epithelial and endothelial cells on top of a thin fused basement
membrane [20]. The alveoli are inflated and deflated during breathing, stretching the respiratory membrane.
Lung tissue is subjected to enormous expansions, undergoing strains of 10% to 20% [21].

The alveolar-capillary barrier contains more than 40 different cell types [22, 23]. Facing the capillary lumen,
it consists of endothelial cells, and facing the alveolar lumen, it consists of epithelial cells with a surfactant
layer [23] (Fig. 1.1 B). Between these two cell layers, the fused basement membranes form the interstitium.
This space is made up of various cells, particularly fibroblasts, and an ECM containing elastic fibres, collagen
fibrils, and laminin, which provides mechanical integrity [21]. Myofibroblasts span the inter-alveolar septum
through pores connecting both sides of this septum, which contributes to the mechanical stability [23]. An
innate immune system is also present, as macrophages transit freely around the alveolar lumen, respond-
ing to foreign microorganisms [24]. Moreover, white blood cells, such as neutrophils, migrate between the
capillary and alveolar lumen [3].

Figure 1.1: Schematic of the lungs and the alveolar-capillary barrier. (A) Overview of the airways and the alveoli [25]. (B)
The alveolar-capillary barrier, based on Nonaka et al. [26].
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1.2. The LOC environment
In vitro models need to mimic the in vivo environment and its ECM as closely as possible. The effect of
breathing, by which a periodic strain is applied to the cells, is deemed to be vital in regulating lung functions
[22]. Such a strain can be mimicked by incorporating a flexible polymeric membrane in the LOC and cyclically
stretching it [5]. However, so far, this effect has not been intensively modelled [22]. Three-dimensional ECMs
have been used to create tissue-specific phenotypes, but their architecture and spatial design have been lim-
ited [2]. Dynamic, mechanical, and biochemical cues fundamental in organ function and development and
immune characteristics are minimally incorporated as well [2].

Knudsen et al. [23] state that various structural requirements must be met to create efficient oxygen and
carbon dioxide diffusion through the barrier. First, a large surface area must be present. Second, the diffu-
sion barrier must be thin since in vivo, the alveolar-capillary barrier is about 1 µm thick [23, 27]. Third, the
membrane must be stable, which is maintained by the surfactant layer and the connective tissue within the
lung. Last, in order to recreate breathing movements, the barrier must be flexible and elastic [23]. Several
additional requirements need to be met in a LOC that will be further discussed in Section 2.4.

A simple schematic of an intersection of the membrane environment is shown in Figure 1.2. As stated previ-
ously, a cyclic stretch needs to be applied. This stretch can be applied with a frequency of 0.2 Hz, and a strain
on the membrane (orange) of 10% to 20%, to mimic normal breathing. On the side of the capillary lumen, a
continuous media flow that simulates the blood flow should ideally be present. Whereas, on the side of the
alveolar lumen, a constant gas flow, simulating airflow, should ideally be present to implement an air-liquid
interface (ALI). An ALI is the combination of the epithelial cells and the surfactant layer, which is secreted by
the cells in the presence of air. Both flows exercise shear stress on the cells seeded on the membrane. The
mean wall shear stress on endothelial cells in microvessels in vivo was found to be 1.54 N/m2 by Koutsiaris
et al. [28]. The shear stress exerted by the airflow is assumed negligible. Furthermore, a thin and porous
membrane (indicated in orange) needs to be present to mimic the in vivo gas and nutrient exchange [23].

Figure 1.2: Schematic side view of a LOC. The porous membrane is indicated in orange.

To date, most membranes used in LOC models are made of poly(dimethylsiloxane) (PDMS) [2, 5]. PDMS is
low cost, elastic, optically transparent, easy to process using soft-lithography, gas permeable and biocompat-
ible [5, 7]. However, it has high adsorption and absorption of small hydrophobic molecules, which limits its
application in drug evaluation studies [5, 7, 8]. Moreover, its intrinsic stiffness and molecular composition are
distinctly different from alveolar lung tissue [5]. It also has a high water vapour permeability, which causes
osmolarity shifts and thus influences homeostasis [8]. Therefore, other materials than PDMS will be analyzed
to create a new membrane design. Possible alternative material groups include, for example, thermoplastic
polymers, hydrogels and thermoplastic elastomers.

The material included should be elastic, sterilisable and biocompatible to facilitate cell viability. Besides
that, the membrane material used should be optically transparent to facilitate high-resolution microscopic
analyses for reliable cell characterization and assessment [7, 8]. The device should ideally also allow for cell
culture experiments having a duration of minimally two weeks, up to four weeks. Lastly, recovering the used
membrane to allow for additional testing of the cultured cells is desired.
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1.3. State-of-the-art in LOC
Based on the Literature Review, it was found that although there has been much advancement in the field of
LOC devices in recent years, there are still many improvements possible in the current designs. First, the use
of PDMS as a material in OOCs is undesirable due to its high ad- and absorption of small molecules, which
influences the accuracy of drug evaluation studies. The alveolar-capillary barrier that is aimed to be recapitu-
lated is an elastic and exceptionally thin porous barrier. When not using PDMS as a membrane material, only
a limited number of studies were able to include a thin (≤ 10 µm) membrane. Moreover, alternative materials
are often rigid or lack mechanical strength. Generally, membranes created with alternative materials were
static and used in short-term cell culture studies.

Second, a significant amount of LOC devices do not include a cyclic stretching of the membrane, a media
flow and an ALI simultaneously. Stretching should be included in order to recapitulate the effect of breathing
on the cells, and a media flow and ALI should be included to recapitulate the presence of blood flow and air,
respectively. Thereby, these LOCs do not recapitulate the shear stress and the strain on the cells, as displayed
in vivo.

Third, different phases of the cell culture may necessitate or benefit from diverse membrane characteristics.
Therefore, research containing dynamic membranes, which change throughout the cell culture, will be stud-
ied in more detail in Section 2.4. The focus will be placed on the pore size within the membrane. In the
first phase, during monolayer formation, a membrane should be non-porous or contain small-sized pores
so that cells do not travel through the membrane. Moreover, it should be wettable and bioactive, promoting
cell adhesion and growth. For the second phase, the membrane needs to be permeable and porous to allow
transport of nutrients, signalling molecules, and immune cells across it. Furthermore, it has become clear
that the membrane needs to be elastic enough to undergo a cyclic strain while being robust enough to last
the entire cell culture.

Thus, the need for a novel membrane for LOC devices became apparent in the literature review. The re-
quirements for an ideal LOC membrane to recapitulate the alveolar-capillary barrier, were set as follows: The
membrane should sustain a cyclic in-plane stretch of at least 20%, an ALI along with a physiological fluid
flow, and it should have a thickness of ≤ 10 µm. Furthermore, it should have an adequate pore size, be made
of a material that has better ad- and absorption properties than the conventionally used PDMS, and it should
be possible to culture cells for up to 4 weeks.

1.4. Research question
This thesis project aims to design and test a novel LOC membrane to recapitulate the pulmonary alveolar-
capillary barrier. This barrier is the blood-air barrier in the lungs’ gas exchanging region. However, designing
and testing a membrane with all the previously mentioned properties, next to testing and improving the prior
LOC design by the Department of Precision and Microsystems Engineering (PME) [1], would be a too large
knowledge gap and research subject to cover in the limited time span of a master’s thesis. Therefore, a small
part of this overall aim is researched. In the Literature Review, the need to establish adequate pore sizes in the
membrane throughout the cell cultures became apparent. This includes the starting pore size, which is used
when culturing the monolayers and during cell differentiation, and secondly, the pore size which is desired
to allow for immune cell migration across the membrane when strain and an ALI are applied. As explained
previously, these two pore sizes ideally need to have different pore diameters. Therefore, the possibility of
adjusting this pore size throughout the cell culture will be investigated.

Thus, the research question of this thesis is: How to fabricate a LOC membrane containing a dynamic mem-
brane pore size to be able to study the monolayer formation, adherence, and immune cell transmigration?
The membrane design should allow for the incorporation of an ALI, physiological fluid flow and in-plane
cyclic stretch.

Subquestions that will be studied in this research include:

1. What material should be used as a membrane material? This will be studied by focusing on:

1.1 material cytotoxicity and biocompatibility,

1.2 material stiffness,

1.3 material degradation and long-term stability,
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1.4 and (bio)imaging properties of the material.

2. How to fabricate a thin membrane containing a dynamic pore size? This is addressed by studying:

2.1 How to fabricate a uniform and thin membrane?

2.2 How to fabricate a dynamic pore size within the membrane?

2.3 How to integrate the membrane into the previously designed PDMS LOC device?

1.5. Report structure
This thesis report, to answer the research questions, first discusses in Chapter 2 the relevant background
theory. In Chapter 3 the membrane concept for a membrane with dynamic pores is introduced. Chapter
4 covers the methodology used in the various experiments. The results are presented in Chapter 5. The
discussion and interpretation of the results follow in Chapter 6. Finally, a conclusion and future outlook are
presented in Chapter 7. This report’s chapters all include content regarding both of the master’s programs in
Mechanical Engineering and Biomedical Engineering.





2
Background theory

This Chapter covers the relevant background theory for this research. Additional background information is
included in the Literature Review located at the end of this report. First, the lung physiology and the char-
acteristics of the alveoli are covered. Subsequently, the relevant parameters that need to be considered in
the design of a LOC membrane are discussed. Additionally, the LOC device designed previously in the PME
Department [1] will be covered. Lastly, the possibilities for an alternative material for a LOC membrane and
possible fabrication methods for a thin and porous membrane will be covered.

2.1. Lung physiology

Figure 2.1: View of capillary-alveolar
relationships [24].

The human respiratory system allows for gas exchange between
blood circulating in the body and the external environment [19]. The
lungs are the primary organ within this respiratory system, and it al-
lows the exchange of oxygen and carbon dioxide [3]. This system ex-
ists of the conducting zone, and the respiratory zone [19]. The con-
ducting zone is merely the region where the air is transported to and
from the gas exchanging region [19]. Whereas the respiratory zone is
the region where the gas exchange actually takes place, and it starts
where the terminal bronchioles turn into the respiratory bronchioles
(Fig. 2.1) [24]. This region is where the acini are located, which con-
sist of bronchioles, alveolar ducts, and alveoli [19]. There are over
30 000 acini present in the adult human lung, and each acinus holds
roughly 10 000 alveoli [11]. Overall, this accounts for about 300 mil-
lion alveoli, which make up most of the human lung volume [24].
Around every alveolus, a dense network of pulmonary capillaries is
present.

The gas exchange itself happens via diffusion through the respiratory membrane, also called the alveolar-
capillary barrier (Fig. 2.2) [24]. This thin membrane spans between the alveolar lumen and the capillary
lumen. This membrane is so thin that a single sheet of tissue paper is about 15 times thicker [24]. It is com-
prised of epithelial and endothelial cells, which are located on different sides of a fused basement membrane.
Between the alveoli, there is also a membrane, the inter-alveolar membrane, containing pores of Kohn with
a diameter of about 10 µm to 15 µm [3]. These alveolar pores equalize the air pressure throughout the alveoli
and provide secondary air routes to alveoli otherwise unreachable due to disease [24].

The alveoli are roughly ordered in a honeycomb structure with polyhedral-shaped cavities [11]. This causes
the general morphology of the alveolar blasts to be hexagonal [29]. The diameter of the individual alveoli
ranges from 200 to 300 µm [3, 29].

On the side of the capillary lumen, endothelial cells are present, creating a monolayer called the endothelium
[3]. Whereas, on the side of the alveolar lumen, the alveolar-capillary barrier consists of a single layer of
epithelial cells covered by a thin layer of liquid surfactant. The surfactant forms the barrier between the air

7
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Figure 2.2: Detailed anatomy of the alveolar membranes [24].

and the tissue, called the air-liquid interface [19, 20]. The epithelial cell layer secretes the surfactant, which
consists of alveolar lining fluid [3, 20]. This layer of about 0.1-0.2 µm thick protects the epithelial cells from
being exposed directly to the air and plays a significant role in the immune defence of the alveoli [3, 11]. The
surfactant layer also decreases the air-liquid surface tension, which promotes molecule diffusion across the
membrane [29]. Upon film compression, which happens during exhalation, the surface tension is almost
equal to zero [11]. Along the alveolar lumen, alveolar macrophages transit around freely, which continuously
respond to infectious microorganisms that are breathed in [24].

Both the capillary endothelial and alveolar epithelial cell layers have a basement membrane, which poses as
a structural support and bonding site for the adjacent cells [30]. Each basement membrane has a thickness of
about 50 nm. They are fused together to create the alveolar interstitium [20]. This barrier forms the connec-
tive tissue between the alveoli and the blood vessel. The thickness of the interstitium itself ranges from 0.2
µm to 0.5 µm [3]. The complete alveolar-capillary barrier, including the cell monolayers, has a mean thick-
ness of 1.1 µm [3, 20, 27]. But at the gas exchange location, where the membrane is thinnest in order to allow
for efficient gas, solutes and protein diffusion, it has a thickness of 0.62 µm [20, 29].

The ECM, of which the interstitium consists, provides the lung with its most vital functionality [20]. The
ECM contains roughly 60 different cell types [20], among which elastin and collagen IV fibrils are abundantly
present. These fibers have a diameter ranging from 10 to 100 nm [3, 29, 31]. Cells present in the lungs include,
for example, epithelial cells, smooth muscle cells, endothelial cells, and a specific set of fibroblasts [19, 20].
The fibroblasts produce elastin that composes a third of the total lung dry mass [3, 27]. It creates a highly
elastic intricate woven network of nanofibers, which supports cells [31]. Furthermore, the basement mem-
brane is porous, and it contains two types of pores [20]. The specific pore sizes are still undetermined, but
it is suggested that one pore type has a size smaller than 2.5 nm and a less common second pore type has a
diameter of less than 400 nm [20].

Figure 2.3: Schematic of the alveolar-capillary barrier, showing the cellular composition and the ALI [11].

The epithelial layer consists mainly of squamous type I (AET I) and to a lesser degree cuboidal type II (AET
II) alveolar cells (Fig. 2.3) [3, 24, 29]. AET I cells make up about 95% of the alveolar wall. They maintain
homeostasis and contribute to particle transport, and gas exchange [3, 29]. They are also connected through
the basement membrane’s ECM to the capillary endothelial cells [29]. AET II cells secrete the surfactant layer,
stimulated by cell stretching [3, 29]. This surfactant is constantly produced and subsequently broken down
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and reabsorbed by macrophages [3]. The half-life time of surfactant is 5 to 10 hours [3]. AET II cells also play
a prominent role in the immune system by producing antimicrobial proteins [24]. The size of an epithelial
cell ranges between 10 µm for AET II cells and 50- 100 µm for AET I cells [32].

The AET I cells form a continuous layer with tight junctions, showing little leakage of particles [3]. Tight junc-
tions are cell-cell adhesions, which tightly connect cells, allowing for paracellular and transcellular transport.
Besides that, these junctions play a significant role in controlling intracellular signals, and cellular polarity
[30]. The AET I cells are only replaced by differentiated AET II cells, which constantly renew [3].

The endothelial cell layer is a semi-selective barrier, managing the transport of particles and migration of
white blood cells between the capillary lumen and the neighbouring alveolar tissue [3]. It has been shown by
transmission electron microscopy that alveolar fibroblasts are connected to AET I and AET II cells through
basement membrane apertures. Furthermore, the same may be possible with endothelial cells, and thus the
endothelium may also be directly connected to the epithelium via fibroblasts [30].

The dynamical aspects will be covered now that the alveoli’s anatomical structure and dimensions have been
discussed. Firstly, the lung displays unique mechanical forces: every respiratory cycle, a periodic mechanical
force is exerted on the alveolar membrane. This dynamical force makes the lung a challenging tissue to mimic
in vivo [33]. Physiological stretching of the alveoli is vital in tissue and cell development and in maintaining
homeostasis [34]. The alveoli are inflated and stretched during inspiration and deflated during expiration. At
rest, both phases are around 1.5 to 2 seconds, with a 1-second pause in between [3]. This results in a regular
breathing frequency of around 0.20 Hz [20]. The alveolar basement membrane generally undergoes a linear
strain of 4% during this rest condition [20]. During exercise and deep breathing, the respiratory frequency
can rise 3 to 5 fold [3, 20]. The corresponding linear strain roughly goes up to 12%. This strain range is the
physiological strain range [29]. Birukov et al. [35] state, based on clinical observations and models, that a
linear mechanical strain greater than 15% may be marked as pathophysiological. In comparison, Tas et al.
[34] state that overdistension of the lung happens when the strain goes over 20%. Doryab et al. [20] also state
that in pathological conditions, strains up to 20% have been observed.

Table 2.1: Characteristics of the alveoli.

Feature Value
Thickness basement membrane ∼50 nm
Total barrier thickness ∼0.6 µm
Pore size < 2.5 nm and < 400 nm
Breathing frequency 0.2 Hz
Physiological linear strain range 4% -12%
Stiffness < 10 kPa

Regarding tissue stiffness, Pasman et al. [4] state that lung tissue has a Young’s modulus of 400 Pa. According
to Doryab et al. [20], the alveolar tissue has a Young’s modulus of around 1-2 kPa. Furthermore, the Young’s
modulus of an alveolar wall is roughly 5 kPa, for a wall with an average thickness of 8 µm. However, this is a
gross oversimplification by Cavalcante et al. due to not taking into account the wall structure [36]. Generally,
the stiffness of the alveolar-capillary barrier is assumed to be less than 10 kPa.

To date, it has not been possible to exactly recapitulate these variables and the alveolar barrier structure
within a LOC membrane simultaneously. Moreover, the obtainable stretch, membrane porosity and stability
depend on, for example, the membrane thickness, structural design and the type of materials chosen for the
membrane. As such, it might not be possible or necessary to fully mimic every variable exactly, as long as the
LOC membrane mimics the native environment adequately enough. An overview of characteristics that the
alveoli exhibit is shown in Table 2.1.

2.2. Cell types used for in vitro modelling
For in vitro cell cultures, various cell types can be chosen. The leading choice is between primary cells and
immortalized cell lines, but also induced pluripotent stem cells (iPSC) have recently been tried to culture [3].
The following Section is an overview of these cell types. Table 2.2 gives a summary of the advantages and
disadvantages of each cell type that is discussed in this Section.



10 2. Background theory

Human primary cells: Primary cells are directly derived from donor tissue, using specific enzymes [1, 3].
Ideally, primary cells are used for cell cultures since they more closely resemble the in vivo cell properties [4].
However, this is often challenging since primary cells are more costly, more challenging to culture and have a
limited lifespan [1, 3, 4].

Primary epithelial cell types include: Primary human pulmonary alveolar epithelial cells (pH-PAEC), pri-
mary human bronchial epithelial cells (PBEC), primary human airway epithelial cells (hAECs) [12, 13, 37],
and thracheo-bronchial epithelial cells (AE) [38][1]. hAECs have the best characteristics that simulate in vivo
behaviour [3].
Primary endothelial cell types include: primary human umbilical vein endothelial cells (HUVEC) [27, 39–
42], human pulmonary microvascular endothelial cells (HPMEC) and primary human lung microvascular
endothelial cells (HMVEC-L) [1, 3, 4, 20, 22, 43]. Besides the frequently applied HPMEC lines, also HUVECs
are a non cancerous, and a very commonly used cell line [3].

Table 2.2: Overview of the advantages and disadvantages of the various cell types.

Cell type Advantages Disadvantages

Human primary cells
Close resemblance to in vivo
cell properties

Costly
Challenging to culture
Limited life-span

Immortalized cell lines
Increased life-span
Easier to culture

Less resemblance to in vivo properties

iPSCs
Differentiable into various tissues
Increased biological accuracy

No clear differentiation protocol

Immortalized cell lines: Since primary cells prove more challenging to use in cell cultures, for the reasons
mentioned previously, often immortalized cell lines are used [4]. The lifespan of cells is increased in immor-
talized cell lines, which are derived from primary cell lines. In order to make them immortalized, a mutation
can be induced, by which they keep dividing [3]. Thus, they keep proliferating, and they subsequently can be
grown in vitro long-term [3]. However, due to the changes they undergo, they often do not exhibit the same
phenotypes as native cells [3].

Immortalized epithelial cell types include: Lung cancer cells (NCI-H1437) [44], pulmonary alveolar epithe-
lial cells (NCI-H441) [6, 20], human airway epithelial cell line (Calu-3) [19, 45], adenocarcinomic human alve-
olar basal epithelial cells (A549) [27, 29, 39, 42, 46, 47], human bronchial epithelium cells (BEAS-2B) [1, 14, 48].
A commonly used and thoroughly characterized epithelial cell line is the A549 cell line, although these have
been found to form weak junctions. [3]. Since the A549 cell line barely exhibits barrier function, they are less
suitable for lung barrier modelling [4]. The NCI-H441 cell line particularly allows for a tight epithelium layer
and the generation of surfactant [3]. Also, Calu-3 cell lines have been extensively used to model lung barriers
since they have proper barrier function, have good availability and are relatively easy to culture [4].
Immortalized endothelial cell types include: Lung cancer cells (NCI-H1237) [1].

Induced pluripotent stem cell lines: IPSC lines are donor cells reprogrammed into stem cells [9]. These
stem cells can subsequently be differentiated into any kind of tissue [1, 3]. iPSCs have the ability to replace
primary or immortalized cell lines, and they can increase the biological accuracy by permitting experiments
on cells from multiple sources [3]. iPSCs have already been used in lung organoids [9], kidney-on-a-chip [49]
and in mimicking the blood-brain barrier [10]. However, the differentiation protocols for lung tissue are not
adequate yet, and they need further research [3, 10].

Other cell types: Other cell types have also been included in various research on the alveolar-capillary barrier.
These include, but are not limited to, fibroblasts (primary human lung fibroblasts), dendritic cells, human
bronchial smooth muscle cells (hBSMCs), or pulmonary macrophages [1, 3].

Pasman et al. [4] demonstrated that when compared to monocultures, implementing a coculture with both
endothelial and epithelial cells exhibited various benefits. This includes, for example, improved barrier func-
tion [4]. Nevertheless, many studies still apply monocultures. For each cell culture study, an adequate cell
type must be chosen by taking the aforementioned advantages and disadvantages into account.
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2.3. In vitro lung models
This Section gives background information on in vitro lung models, the state-of-art and relevant characteris-
tics that LOC devices and membranes can exhibit, and prior work on LOCs in the PME Department relevant
to this research is covered. Additional information on the state-of-art of LOC devices, the differences in LOC
device layout, membrane straining types, and examples of representative LOC devices are included in the
Literature Review included at the end of this report.

2D cell cultures
2D cell cultures, such as plastic or glass culture dishes or well plates, have been a broadly used method due
to their low cost and their ability to provide a means for standardized and consistent studies [9, 27]. Typi-
cally a single cell type is studied in these cell cultures, however, a simple cell culture does not contain the
complex functionality, and physiological/pathological conditions found in vivo, where multiple cell types are
present, which continuously give and receive signals and cues from each other [9, 10, 27]. Transwell inserts
are a popular choice and have been used to recreate an ALI with a coculture and a permeable membrane,
often between smooth muscle cells and epithelial cells [3, 11, 19]. However, generally rigid, bioinert mem-
brane materials such as polyethylene terephthalate (PET) are used. These have high stiffness and do not
mimic the ECM, both chemically and structurally [19]. Most importantly, these 2D cell cultures fail to provide
dynamical and mechanical cues to the cells, which include strain, compression and tension, shear stresses,
and the various tissue-specific dimensions and geometrical structures [10]. These cues affect cell behaviour
by influencing cell differentiation, proliferation, contractility motility, and organ development [10]. The dy-
namic shear stress-dependent response also influences the progression of several diseases such as COPD and
asthma, and it should be included if diseases such as these are studied [12].

Organoids
The limitations in 2D cell cultures (and in animal models) caused a shift in research to more extended 3D
models, such as organoids, which are multicellular 3D cultures containing clusters of cells, set up using stem
cells or tumour cells [10, 27]. These 3D models generally use biocompatible polymers or natural materials as
a scaffold for three-dimensional growth of tissue [27]. More complex 3D cell cultures can provide longer incu-
bation times and an ECM or scaffolding in which multiple cell types can grow, allowing for a more biomimetic
environment [20, 39]. Also, the tissue-specific structure and shape, and cell-cell or cell-matrix interactions,
which influence physiological functions, can be more closely mimicked [3, 27]. Therefore, these are proving to
be better models for cell migration, differentiation, growth, and general cell survival [3]. Multicell cocultures
with up to 5 different cell types have been achieved [20]. Nonetheless, these models, being static cultures,
generally fail to provide an ALI, and they omit the dynamics to mimic the breathing mechanisms [39].

LOC devices
Current developments in microfabrication techniques have allowed for the incorporation of various biome-
chanical characteristics into in vivo models, such as mechanical stimuli, microfluidics and a 3D microarchi-
tecture [3]. Mechanical stimuli, such as the breathing movement, influence not only cell development and
tissue regeneration, but also disease onset, and advancement [20]. Moreover, adding microfluidics not only
allows for more extended study durations by continuously providing nutrients to the cells, but it also allows
for the incorporation of fluid shear effects and the effects of physical, chemical and electrical stimuli [9].

LOC characteristics
The inclusion of an ALI is relevant due to several factors. It increases monolayer integrity, allows primary cells
to differentiate into epithelial cells, and incorporated air increases surfactant secretion [11, 15]. Including an
ALI also improves the molecular barrier function compared to submerged conditions [15]. It reasonably also
produces stronger tight junctions since Huh et al. [15] found an increased electrical resistance over the cell
layer under ALI conditions in their study. Moreover, including a medium flow in the device is essential since
the subsequent shear stress on the endothelial cells exerts several effects: endothelial cells align along the
flow direction, and the permeability of the cell layer and cell morphology are influenced [3]. Besides that, the
shear stress also influences inflammation and protein expression, and most critically, it influences the cells’
ability to form a tight monolayer [3]. In contrast, the shear stresses can also injure the underlying endothelial
cells when the stresses become too large [46].

The simulation of a breathing movement by including a cyclic stretch on the cells is relevant because it af-
fects multiple cellular behaviours by inducing morphological, biochemical, metabolic and genetic changes
in the cells [15, 50]. These include, but are not limited to, tight junction formation, cell proliferation, mi-
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gration and differentiation, and surfactant secretion [20, 30]. Due to the strain, cells experience mechanical
forces at their focal adhesions. From there on, this signal is transmitted to the cytoskeleton, which remodels
accordingly. The type of strain (1D, 2D or 3D), its magnitude and frequency all have a significant influence
on cell behaviour [50]. For example, Stucki et al. [41] showed that cyclic stretching of the membrane affects
barrier permeability of the epithelial layer, and Huh et al. [15] found that applying a realistic cyclic stretch
enhances nanoparticle transport through the alveolar-capillary barrier. Furthermore, the metabolic activity
of dynamically stretched cells was also higher than that of static cells [10]. Besides that, endothelial cells align
perpendicular to the straining direction, and cyclic (over)stretching influences the onset and development of
various diseases, such as ARDS-like cell injury [3, 46]. Since strain significantly affects cellular behaviours,
mechanical stimuli are vital in simulating the native (patho)physiological cell environment [20].

Lastly, the membrane must be thin enough. Membranes in LOC devices are often about 10 µm thick or
thicker, which is a factor 20 to 50 thicker than the in vivo counterpart. Consequently, inter-cellular exchanges,
such as translocation and diffusion, which are vital aspects in simulating the native environment, can not
be accurately represented [3, 11]. Besides that, most devices and their membranes are made with PDMS
[39], which has several disadvantages such as ab- and adsorption of hydrophobic molecules, which will be
further explained in Section 2.5.1. As such, membranes should ideally be designed using materials other than
PDMS. Currently, membranes mainly focus on structurally supporting the cells placed on the membrane.
However, compared to in vivo basement membranes, they are generally too thick and not elastic enough
[30]. As Douville et al. [46] state, solid and fluid mechanical stresses significantly influence the cell culture
and should be taken into account in recapitulating alveoli. Therefore, these stresses should be incorporated
with A: a breathing motion and B: a fluid flow. Furthermore, an ALI and a thin membrane are essential.

2.3.1. State-of-the-art
Based on the Literature Review, it was found that only a limited number of studies focussing on LOCs were
able to include a thin membrane (<10 µm), and only two had a membrane equal or thinner than 1 µm to
the author’s knowledge [3, 29]. Moreover, when a thin membrane was incorporated, it was generally static or
not yet tested for long-term cell cultures. For example, no thin membranes made of a different material than
PDMS had a cell culture containing a cyclic stretch for longer than 48 hours. The studies that did include a
thin membrane with the possibility of short-term stretching include the design by Laniece [3], Stucki et al.
[41], Doryab et al. [30] and Zamprogno et al. [5]. All four studies incorporated a triaxial, out-of-plane stretch
(bulging).

Second, many devices had both an ALI, a media flow, and a cyclic stretch incorporated in their devices. Al-
though not all studies were able to apply the cyclic stretch and the media flow or ALI at the same time on
the membrane [3, 22]. This means that these LOCs do not simulate shear stress on the cells, while the cells
are also subjected to a strain, as displayed in vivo. There are also differences present in the type of stretch
that was applied. One of the more common stretching types is the bulging stretch. In-plane stretch was also
widely present in the literature, although often in combination with thicker membranes.

Third, as explained by Doryab et al. [30] different phases of the cell culture may necessitate for or benefit of
diverse membrane requirements. Therefore, research containing changing membranes throughout the cell
culture were studied. These include membranes that are (partly) biodegradable. Rezaei et al. [51] designed
a biodegradable scaffold not suitable for stretching or an ALI. Zhang et al. [52] made a Poly(octamethylene
maleate (anhydride) citrate) (POMaC) scaffold, which could contain an ALI, but no strain was applied to the
membrane. Doryab et al. [30] made a membrane with variating pore size. Zamprogno et al. [5] designed a
biodegradable membrane with a support structure. As such, inspiration can be taken from these designs.

Fourth, there are various promising material alternatives proposed for PDMS. Alternative materials also al-
low for alternative manufacturing methods and membrane structures, such as electrospun fibres or a rigid
support structure. Support structures generally contain a hexagonal shape. Most alternative materials were
still incorporated in devices that did not mimic the breathing motion, often due to the rigidity or the limited
mechanical strength of the used material. For example, glass [44], PET, polycarbonate (PC), poly(tetrafluoro-
ethylene) (PTFE) [38, 47], polyester [12] and silicon [14] were incorporated as a rigid substitute. Promis-
ing materials replacing PDMS that were subjected to a strain include; gelatin [3, 29], poly(lactic-co-glycolic
acid) (PLGA) [27] and poly(ϵ)-caprolactone (PCL) [30, 53] in the case of electrospinning. Furthermore, gelatin
methacrylate (GelMa) [13] and a collagen-elastin (CE)-hydrogel [5] were proposed as hydrogel alternatives.
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In conclusion, several designs of LOC devices have incorporated a combination of breathing movements,
biodegradability, media and airflow while closely mimicking the lungs’ ECM. However, there are still no LOC
devices to the author’s knowledge that do not use PDMS, and which contain simultaneously: an ALI, media
flow, cyclic in-plane physiological stretching, and a membrane with a thickness under 10 µm that allows for
both endothelial and epithelial cell studies spanning multiple weeks. Besides that, generally, little informa-
tion is present on the motivation of the chosen pore size and its effect on the cell culture. Furthermore, few
studies consider that dynamic membranes could have a beneficial effect on cells in different phases of the cell
culture. The possibilities of filling this knowledge gap need to be researched for the reasons stated previously,
and will be further explored in the coming chapters. Research into an adequate membrane will be conducted
using the device previously designed by the PME Department due to its availability and previous promising
results [1].

2.3.2. Prior work in the PME group
The PME Department at the Delft University of Technology designed a LOC device to recapitulate the alveolar-
capillary barrier [1]. The membrane, which is to be designed in this project, is intended to be placed within
this LOC device. The design of the LOC consists of two stacked channels, in between which a membrane is
located. The device can provide an ALI with both a gas and media flow. The media flow in the basal chamber
is designed to exert a shear stress of 0.55 Pa on the endothelial cells at a 2.6 ml/min flow rate. The LOC is
resealable, due to PDMS slabs placed on top of the chip (Fig. 2.6). The cells can be seeded on the membrane
by direct pipetting, and they can be retrieved after the experiment for additional analyses. Furthermore, the
LOC is compatible with confocal microscopy and optical sensors to measure pH and O2 and CO2 concentra-
tions. It is also possible to include transepithelial electrical resistance (TEER) and temperature sensors. All
the materials used (PDMS, glass) have good optical transparency allowing live imaging of the cells [1].

Figure 2.4: Schematic of the LOC device designed in the PME Department [1].

Figure 2.5: Layered view of the LOC
designed in the PME Department [1].

The device (Fig. 2.4) uses a hollow actuation ring (black), which
bends the PDMS elastomeric wall inwards when negative pressure
is applied. This inward bending stretches the membrane (blue)
biaxially, up to 20% linear strain. To incorporate cyclic strain, a
triangular wave cycle with 0.2 Hz was used. The PDMS channels
were fabricated using soft-lithography, and they were sandwiched
between glass layers (Fig. 2.5). Plasma bonding was used to bond
the channels to the actuator [1].

The overall dimensions of the LOC are included in Figure 2.6.
The total length and width of the channel through which medium
flows are 2 cm and 3.2 mm, respectively. The central membrane
hole was designed to have a diameter of 3.1 mm, and the cell sup-
porting surface of the membrane had a diameter of 3 mm [1].

This device is designed for an endothelial and epithelial cell cocul-
ture, providing cyclic strain and shear stress. However, the mem-
brane is made of PDMS, which has several disadvantages that will
be further explained in Section 2.5.1. PBECs remained viable for at
least 16 days in culture on the PDMS membrane within the device,



14 2. Background theory

and they formed a monolayer after five days. The design also allows for scale-up by manufacturing an array
of LOCs next to each other so that multiple cell cultures can be performed simultaneously [1].

Figure 2.6: Schematic side view and dimensions of the LOC device designed by the PME Department [1].

2.4. LOC membrane requirements
There are various types of cell-supporting membranes. The membrane is usually a thin porous membrane
[39]. The general membrane thickness is around 10 µm. Pores present in the membrane range between 0.4
µm and 50 µm, with most pore sizes below 10 µm. Although membranes with no pores are also used [44, 46].
The membrane topology ranges from smooth, textureless membranes to 2.5D/3D membranes such as elec-
trospun membranes, which contain a distinct fibrous texture. A material that is often used as a membrane
material is PDMS, but also various synthetic polymers and hydrogels have recently been researched. When
designing a LOC device, great care should be taken to ensure that the device layout, type of strain, and mem-
brane type correspond with the desired functionality of the device. Even though significant advancement
in the design of LOC devices has been made in the past two decades, there are still many limitations in the
current designs. This Section covers the background information on LOC membranes, and discusses the re-
quirements for a LOC membrane. When setting these requirements, it was kept in mind that this membrane
is to be used in the prior designed LOC in the PME Department.

Based on the Literature Review, a set of requirements was formed for a LOC membrane to recapitulate the
alveolar-capillary barrier and to obtain the required functionality within the LOC. Table 2.3 gives a brief
overview of the requirements. Each requirement is further elaborated on in the rest of this Section.

Table 2.3: Overview of membrane requirements.

Membrane requirement Value
Membrane diameter 3 mm
Membrane thickness ≤ 10 µm
Pore size ≤ 3 µm in Phase 1, ≥ 3 µm and ≤ 8 µm in Phase 2
Permeability ∼4.3x10−6 cm/s to proteins
Chemical inertness Minimal molecule ab- and adsorption and chemical reactivity
Biocompatibility Long-term biocompatibility must be present
Wettability WCA < 70°
Stiffness 1 kPa - 300 kPa
Actuation pressure ≤ -800 mbar
Strain ≥ 20%
Stretching frequency 0.2 Hz
Shear stress on endothelial cells ∼1.54 N/m2

Optical transparency Adequate for confocal microscopy
Sterilizable 70% ethanol or 5% H2O2

Sustain x number of cycles ∼5x105 cycles
Membrane integration Leaktight, detachable after experiments
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Cell culture phases
According to Doryab et al. [30], two phases can be discerned during cell culture growth. In Phase 1, alveolar
epithelial cells adhere to the membrane. They proliferate and grow into a connecting monolayer, forming
tight junctions. In this phase, the membrane is still fully submerged on both sides of the membrane, and no
stretch is yet applied. In Phase 2, the cell layer will be further cultured under ALI conditions. ALI conditions
mean the media is interchanged with a gas flow on the apical side, initiating epithelial cell differentiation and
acclimatization. During this acclimatization, cells will polarize and secrete surfactant. In the second phase,
the cells are continuously secreting a cell-secreted ECM, which forms a layer underneath the cells between
them and the membrane. After the cells have formed a monolayer during this phase, a cyclic strain can be
applied [30].

Thus, for each phase, different membrane characteristics are desired. Figure 2.7 gives a schematic overview
of how the different characteristics could change throughout the phases. The phases begin with cell seeding,
after which a monolayer is formed. Once this monolayer has been formed, the ALI is introduced (Fig. 2.7 D).
In Phase 1, a membrane should be bioactive, promoting cell adhesion and growth, besides being wettable
and non-porous or containing small pores (Fig. 2.7 A and B). It should contain small pores so that cells do not
travel through the membrane. The elasticity of the membrane is not critical yet, as no strain is yet applied.
These characteristics are optimal for cell monolayer formation [30]. Next, after the ALI has been introduced
and the cells have differentiated, a cyclic strain can be applied to the membrane (Fig. 2.7 C). For this sec-
ond phase, the membrane needs to be permeable and porous to allow the transport of nutrients, signalling
molecules and immune cells. Furthermore, the membrane needs to have an elasticity that recapitulates the
human lung’s ECM while being tough enough to undergo a cyclic strain (Fig. 2.7 A and B) [30].

Figure 2.7: Schematic representation of the membrane properties throughout a cell culture. Based on Doryab et al. [30].

Membrane dimensions
The membrane is designed to fit in the LOC design created prior by the PME Department [1] and should
therefore have suitable dimensions. These dimensions include a membrane diameter of 3 mm, excluding the
membrane edges used for the membrane integration. Furthermore, a membrane with microscale thickness is
needed to allow for efficient gas exchange [27]. The membrane thickness should mimic the alveolar-capillary
barrier thickness as closely as possible, which is made up of 2 basement membranes of 50 nm each, creating
a membrane with a thickness of 0.1 µm overall [27]. Generally, a LOC membrane has a thickness of around
10 µm, and few membranes have been designed to be thinner than that. Most membrane thicknesses have
been determined by the manufacturing possibilities rather than a biologically based choice. This limitation is
due to the trade-off between membrane thickness and membrane strength and the achievable manufactur-
ing resolution. Thus, the thickness should adequately recapitulate the in vivo properties while considering
the materials and manufacturing methods. The device dimensions should also allow the cell culture to be
studied under a confocal microscope. When using the device of the PME department [1], a membrane with
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a thickness of 10 µm has been found to fit within the working distance of a confocal microscope (HCX PL
Fluotar L 40x objective).

Pore size and permeability
The alveolar-capillary barrier aimed to be recreated is an elastic and exceptionally thin porous membrane.
Doryab et al. [30] state that in order to allow for transport of e.g. nutrients and immune cells across the
membrane barrier, three things need to be taken into account: a low membrane thickness; a large pore size
(up to 8 µm); and high porosity (around 9%).

Pore size: Standard transwell inserts generally have a pore size between 0.4 µm and 8 µm (Corning Incorpo-
rated, Corning, NY). Most LOC devices also contain pore sizes within this range, though some membranes
do not contain pores [19, 44, 46, 54]. However, many studies do not elaborate on their decision to choose a
specific pore size.

Nutrient and cell transfer through the membrane: A permeable and porous membrane is desired to facil-
itate nutrient and protein exchange through the membrane. For example, Pasman et al. [4] found that in
static cell cultures, a higher cell density was possible on more permeable membranes since those facilitated
a better nutrient supply. Furthermore, the possibility of immune cell and protein migration across the mem-
brane is desired to recapitulate the in vivo environment more accurately. For example, neutrophil movement
needs to be observed to measure lung inflammation, as an indication of lung inflammation is the process of
neutrophil displacement from the micro-vascular channel to the alveolar chamber [10]. Also, the cytokine
interleukin-8 (IL-8) gene expression and subsequent protein release happen when inflammation is present
[30, 35]. Moreover, pore size influences macrophage migration through the membrane. Besides that, pore
size influences cell differentiation, proliferation, adhesion, growth and viability [55].

The pore size dilemma: Cell migration speed through pores diminishes linearly with decreasing pore size,
meaning that the lower response to increasing mechanical confinement is not a ’stop or go’ arrangement but
a gradual process largely dependent on cell deformation [56]. Cell deformation is limited by the nucleus, the
largest and most rigid cell organelle. Thus, cell migration efficacy is a joint function of substrate porosity, and
nuclear deformability [56]. Wolf et al. [56] found that maximal cell deformation was generally reached when
the nucleus deformed to 10% of its original cross-section, reaching the migration limit. This migration limit
ranged from 10 µm2 for tumour cells to 1 µm2 for polymorphonuclear neutrophils (PMNs) [56].

Regarding lung cells, Doryab et al. [30] state that in the first phase, no pores need to be present in the mem-
brane. If pores are present, the maximum pore size is between 1-3µm to avoid epithelial and endothelial cells
from travelling through (or into) the membrane. This migration is to be prevented since these cells need to
form a confluent monolayer on their respective membrane sides. Zhang et al. [55] also state that 2.5 – 3.5 µm
is the minimum pore size through which cells can infiltrate and migrate. However, sufficient nutrient supply
should still be present in this phase, especially on a poreless membrane where no nutrients can travel through
the membrane. Pasman et al. [4] demonstrated that cells could grow more poorly on a poreless membrane
compared to a membrane with pores. In the LOC design used in this study, a media flow containing nutrients
is present on both sides of the membrane before the ALI is introduced, diminishing the need for pores in this
phase.

To allow for innate cell migration, such as macrophage and neutrophil migration across the membrane, Do-
ryab et al. [30] stated that in Phase 2, a pore size larger than 3 µm, up to 8 µm is desired. For example,
Zhang et al. [57] reported that through their 10 µm diameter pores perfused human monocytes (THP-1) and
macrophages were able to transmigrate which indicates that a pore size of this dimension could be suitable
for recapitulating the immune system. On larger pore sizes than 8 µm, which is larger than a single epithelial
cell, Doryab et al. [30] determined that no confluent monolayers could be formed [30].

Thus, the dilemma arises that immune cells cannot pass through the membrane when pore sizes are smaller
than 3 µm (e.g. the often used 0.4 µm). However, when the pore sizes are larger than 3 µm, endothelial and
epithelial cells can pass through the membrane, which hinders their adherence and monolayer formation.

A solution for this dilemma has been proposed by Doryab et al. [30] with their PCL and gelatin composite
membrane (Fig. 2.8). They created a membrane with a variable pore size up to 8 µm, on which a confluent
epithelial cell layer was cultured. Initially, the membrane contained no pores. The porosity was also variable
throughout the cell study up to 9.4 ± 0.2%. Although a cyclic out-of-plane strain of 25% could be applied to
this membrane, this was only experimentally tested for 48 hours under submerged conditions [30]. Besides
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that, this membrane only contained a monoculture of epithelial cells. Thus, although this is a promising
approach to pore sizes, the membrane in this design has not yet been proven suitable for long-term cocultures
containing both endothelial and epithelial cells. Moreover, the LOC used in this study is designed for in-plane
stretching of the membrane.

(a) Schematic of the LOC device designed by Doryab et al.
[30].

(b) The membrane designed by Doryab et al. [30].

Figure 2.8: The LOC device designed by Doryab et al. [30].

Furthermore, Huang et al. [13] demonstrated that uniform pores are preferable to random pores in experi-
ments, even though the (average) pore size might be the same. Pasman et al. [4] also linked a less homoge-
neous pore distribution and a less confluent monolayer. This is noteworthy, since LOC devices often contain
a range of randomly distributed pores and pore sizes [3, 29, 30, 53, 58].

Thus, an ideal membrane should have a uniform pore size below 3 µm in the first phase, where a confluent
monolayer is created. After this monolayer is created, larger pore sizes are desired to mimic the in vivo trans-
membrane processes such as neutrophil migration more closely. However, little literature is present on pore
sizes and their effects in endothelial and epithelial in vitro cell cultures.

Permeability and porosity: The membrane is expected to have an increased permeability under dynamic
loading conditions compared to static conditions. This increase is because the pore size increases when
strain is applied to the membrane. For example, Doryab et al. [30] found that pore size increased by a factor
of 1.10 when a strain of 21% was applied. Even with increased permeability, the membrane combined with
the cell layer should act as a watertight barrier between the upper and lower chambers. As a reference for
the permeability value, Zhang et al. [52] stated that the permeability of mammalian capillaries to proteins is
about 4.3x10−6 cm/s. Regarding the porosity, Doryab. et al. [30] aim at a porosity of 9%, whereas Nissar [1]
aims at a porosity of 3% - 3.5%.

Biocompatibility and chemical inertness
The membrane should react minimally with any other chemical compounds present in the cell culture. Fur-
thermore, it must be non-absorbent to molecules in the medium. These molecules can include drugs, pro-
teins and growth factors [30]. This is relevant because this interaction with molecules can influence the ac-
curacy of drug screening experiments [49].

Furthermore, the membrane material should be biocompatible. Both endothelial and epithelial cells should
be able to create a confluent monolayer on the membrane without any cytotoxic effects [7, 27]. Moreover,
the material should remain biocompatible for the whole study duration so that long-term cell viability can be
acquired. Although, once the cells have formed a confluent monolayer and they have started to secrete their
own ECM, their contact with the membrane becomes less [20, 33]. Thus, since the contact diminishes, the
biocompatibility of the membrane also becomes less crucial.

Hydrophilicity and wettability
The cell substrate must have certain hydrophilicity and wettability, in order for cells to adhere adequately to
the surface. A hydrophobic material would need a surface pre-treatment to enhance cell adherence. This
surface treatment is, for example, done with a collagen coating, as is often done on a PDMS surface [39].
Regarding the wettability, Doryab et al. [30] state that a water contact angle of less than 70◦ is favourable
(WCA ≤ 70 ◦). A WCA of less than 90◦ indicates a hydrophilic surface. Most synthetic materials used in OOC
applications are hydrophobic. Therefore, this characteristic need to be taken into account when selecting
materials.
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The required wettability may also change throughout the cell culture stadia. A higher wettability is desired
during the first phase to improve cell monolayer formation. In the second phase, the cells have started to
secrete their own ECM, which creates a layer between the support membrane and the cell layer. Since the
cells have already formed a continuous layer including tight junctions and are not in direct contact with the
membrane anymore, the membrane may in this stage have a slightly diminished surface wettability (Fig. 2.7)
[30].

Membrane stiffness
The membrane must be stiff enough to support the adjacent cells, but also elastic enough to sustain cyclic
breathing movements. The pressure actuator (Elveflow, OB1 MK3+ microfluidic flow controller) used for the
LOC device of the PME Department [1] can exert a negative pressure of 800 mbar on the membrane. The
membrane should be elastic enough to provide the desired strain under this pressure or less.

Besides that, membrane stiffness influences cell behaviour. The stiffness of the ECM has an influence on cell
migration (e.g. by mechanotransduction), differentiation, cell division and maintaining homeostasis [59].
Zamprogno et al. [60] found, for example, that human fibroblast cell spread is reduced on soft surfaces com-
pared to stiffer surfaces. The stiffness also influences cytoskeleton formation [59]. Softer membranes dimin-
ish tight junction formation and augment the distribution of actin, whereas stiffer membranes enhance the
formation of F-actin cytoskeleton [30]. The stiffness of the membrane may also differ when various diseases
are studied. For example, the collagen content increases in pulmonary fibrosis, which stiffens the alveolar-
capillary barrier tissue.

Preferably, the membrane mimics the stiffness of the in vivo basement membrane [61]. The stiffness of an
alveolar wall ranges in the literature between a Young’s modulus of 1 kPa and 300 kPa, but is generally as-
sumed < 10 kPa [20, 30]. Osario et al. [61] for example, stated an elastic modulus of 3.4 kPa in uniaxial ten-
sion, and Pasman et al. [4] stated a Young’s modulus of lung tissue of 400 Pa or lower. It is relevant to note
that in the design of a membrane, the overall membrane stiffness should be widely considered next to the
material stiffness, since this greatly influences the membrane stretch that can be obtained and transferred to
the adhered cells.

Throughout the cell culture the stiffness may vary. When no stretch is yet applied in the first phase, the mem-
brane may be less elastic. In Phase 1 the membrane also largely has a support function and may therefore be
stiffer than native alveolar-capillary barrier tissue. The elasticity becomes an important variable and needs
to have a significant value when stretch is applied and the membrane is deformed (Fig. 2.7).

Cyclic stretch
The membrane should be able to sustain cyclic stretch for several weeks to recapitulate the breathing motion.
The physiological strain range is between 4% and 12% [20, 29]. Strains over 20% are considered pathophysio-
logical [34, 35]. Since an adequate membrane should be able to recapitulate the complete (patho)physiological
strain range, a strain of at least 20% must be sustained by the membrane in order to be able to mimic the
whole range of physiological breathing movements and to also be able to recapitulate a pathophysiological
environment.

The cyclic stretch, which exerts a strain on the cells, influences multiple cellular behaviours [15]. Due to the
strain, cells experience mechanical forces at their focal adhesions. From there on, this signal is transmit-
ted to the cytoskeleton, which remodels accordingly [50]. Cyclic stretching enhances the formation of tight
junctions [30]. Furthermore, it influences: pulmonary epithelial cell proliferation; differentiation; surfactant
secretion; and migration [20]. It also influences disease onset and advancement. These effects occur since
mechanical stimulation affects specific signalling pathways, which influence gene expression and protein
synthesis [20]. For example, a strain between 15% and 20% on endothelial cells increases fibroblast growth
factor release, activation of monocyte chemotactic and activating factor (MCAF/MCP-1), and production of
the inflammatory cytokine IL-8 [35]. Besides that, overstretching of the alveolar membrane can cause a dis-
ruption of the tight junctions, causing damage to the cell monolayer and loss of cells [20, 35]. This increases
vascular leakage, which can lead to oedema [33]. Thus, mechanical stimuli are vital in recapitulating the
(patho)physiological circumstances to study the effect of possible treatments in an in vitro environment [20].

The type of cyclic stretch is often a sinusoidal cyclic stretch, as applied by Doryab et al. [20] and Stucki et al.
[41], but it can also be a triangular cyclic stretch, as applied by Nissar [1] and Stucki et al. [22] three years
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later. The cyclic motion mimics the breathing motion, generally with a frequency of 0.2 Hz [13]. The type
of strain (1D, 2D or 3D), its magnitude and frequency all significantly influence cell behaviour [50]. Various
types of strain are present in LOC devices, as discussed in the Literature Review. Biaxial or triaxial stretch
simulates the in vivo environment more closely than uniaxial stretch. Huh et al. [15] observed that cells
align to the loading direction perpendicularly when uniaxially stretched. This does not resemble the in vivo
cell behaviour and thus, biaxial or triaxial stretching should be selected over uniaxial stretching. In contrast,
there is little information present in the literature on whether cells behave differently when subjected to a
two-dimensional or three-dimensional stretch and whether this influences how well cells can be cultured.

Figure 2.9: Schematic illustration of media and gas flow alongside an in-plane stretched membrane and an out-of-plane
stretched membrane. Red arrows indicate the stretching direction.

Out-of-plane biaxial or triaxial stretching, or bulging, of small diameter membranes, does resemble the in
vivo type of stretching since the alveoli also exhibit a bulging of the membrane. However, often devices can
not provide a media flow at the same time as bulging the membrane [41], because the same chambers are
used for both purposes. Furthermore, if a media flow is provided, the shear stress exerted by the fluid flow
passing by the membrane exerts a different effect on out-of-plane stretched membranes than on in-plane
stretched membranes. The media will flow parallel to the membrane for in-plane stretched membranes,
creating a uniform shear flow over the membrane. In out-of-plane stretch, the flow will not uniformly exert
a shear on the membrane since the channel itself will not deform along with the membrane (Fig. 2.9). This
creates areas where shear stress will be higher than other areas. In the human body, the pulmonary vessel
can generally be assumed to also deform along with the alveolar membrane, avoiding these local variations
in shear stresses (Fig. 2.10).

Figure 2.10: Schematic of the alveolar-capillary
barrier [30].

Although the fluid flow in these devices is generally low, this as-
pect still needs to be considered. Besides that, on larger diame-
ter membranes bidirectional in-plane stretching exerts roughly
the same effect as triaxial out-of-plane stretching, regarding
the applied surface area strain. Therefore, an in-plane biax-
ial stretch is best applied to the membrane. Furthermore, in a
membrane that uses a bulging stretch, there is at least one ac-
tuation channel that exerts the pressure difference needed to
bulge the membrane. Since this research aims to have two chan-
nels with medium flow (both gas and liquid), two flow channels
should be present. The actuation for this membrane stretch is
therefore controlled via separate actuation channels that run around the sides of the membrane (Fig. 2.4).

The air-liquid interface and shear stress
The ALI is an essential feature of healthy lungs. An ALI consists of the epithelial cell layer, on which a thin
liquid surfactant layer is present and its boundary with the air. This surfactant layer separates the epithelial
cells from the air [11]. The presence of air increases surfactant production, which is crucial in maintaining
the stability of the membrane [10, 11]. Furthermore, including airflow also introduces a more biomimetic
permeability by decreasing the surface tension [10].

Douville et al. [46] note the importance of including both solid and fluid stresses within the device. Besides
cyclic membrane straining, the LOC should also include a media flow on the basal side of the membrane and
a gas flow on the apical side. Both flows, especially the media flow, can exert a shear stress on the adjacent
cells, and this may play a role in the mechanoregulation of the cell layers [19]. It also plays a vital role in
pathology, and disease mechanisms [46].

In conclusion, the LOC device should include both an ALI and physiological shear stress. The shear stress
exerted on endothelial cells due to blood flow ranges between 0.28 – 9.55 N/m2, with a mean value of 1.54
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N/m2. The shear stress in the smallest capillaries is in the higher range [28]. Besides mimicking the physio-
logical shear stress, the ALI should remain intact under cyclic stretch: no medium leaches to the air interface
side; and no cells detach from the membrane [30]. Furthermore, an open reservoir generally makes it diffi-
cult to create fluid stresses by a pressurized fluid flow, so the fluid channels should be able to be closed off if
a pressurized fluid flow is desired [46].

Handling requirements
Various handling requirements also need to be met to make the chip suitable for laboratory use. These re-
quirements include the possibility for direct on-chip cell seeding, confocal microscope analyses, ease of use
and membrane recovery. Furthermore, the membrane needs to be designed such that it can be reproducibly
manufactured. A closed chip configuration is unfavourable regarding the standard handling principles ap-
plied in both the Erasmus Medical Center (EMC), as well as in laboratories and the pharmaceutical industry
[52]. Therefore, an open chip configuration is preferred to practically seed the cells on the chip and allow live
imaging. The device prior designed by the PME Department [1] contains a resealable chip configuration that
can later be opened when cell seeding or imaging is done.

The device, including its membrane should also be sterilizable. At the EMC this is done with 70% ethanol
or 5% H2O2. Also Jin et al. [53], Tas et al. [34] and Shresta et al. [10], for example, used these sterilization
methods. Other sterilization techniques found in literature include: ultraviolet (UV) sterilization [3, 16, 46,
51], ozone sterilization [5, 41], ethylene oxide [62] or a combination of ethanol and peracetic acid [63].

Cell culture
The chip is designed for studies ranging from 2 to 4 weeks. At a breathing frequency of 0.2 Hz a study of four
weeks contains just less than 5 x105 stretching cycles. Therefore, the membrane must maintain its intended
properties for this duration at least. The type of cells that are desired to be cultured on the membrane are
primary endothelial and epithelial cells. Since these cells are relatively hard to culture, also cancer cells could
be tested initially in order to obtain a proof of concept.

Membrane integration
The membrane should be detachable after the cell culture experiments to allow for additional testing. The
membrane integration should therefore allow for suitable membrane removal. Besides that, the membrane
integration should be robust enough to resist and prevent leakage or membrane detachment during cyclic
stretching.

The requirements presented above should ideally all be taken into account when designing an adequate
membrane for a LOC device.

2.5. Membrane material
The mechanical characteristics of a membrane, such as the geometric stiffness, elastic modulus, viscoelas-
ticity, surface hardness, tension and compression, and shear stress all influence cell activity [55]. Additional
characteristics that are important in LOC membrane design include: optical transparency; the flexibility of
the material; whether it ab- or adsorbs small molecules, and whether it is biocompatible and sterilizable.
PDMS has been a widely used material in LOC devices, but it exhibits a range of disadvantages. This Section
first discusses the disadvantages of PDMS, before the selected alternative material is introduced in Section
2.5.2, based on the requirements introduced in Section 2.4. Further background information on the various
material groups that have been used as LOC materials, and their advantages and disadvantages is included
in Appendix E in Chapter 3 on the materials and manufacturing methods for LOC devices.

2.5.1. The downside of PDMS membranes
Most OOC models are made of PDMS as their main structural and cell-interacting component [2, 5, 7, 8,
34, 39]. PDMS is a soft and versatile polymer [64]. Its elastic modulus is generally around 1 MPa, but its
stiffness can accurately be controlled between 0.8 MPa and 10 MPa, while still allowing 20% uniaxial strain
[64]. PDMS can be used in a broad range of temperatures, spanning from -100 ◦C to 200 ◦C [64]. To fabricate
PDMS structures, generally soft-lithography is used.

Using PDMS has several advantages; it is elastic, optically transparent, biocompatible, bioinert and has rela-
tively good mechanical characteristics [5, 7, 16, 64]. Its biocompatibility allows for long-term cell cultures [7].
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Moreover, its flexibility allows recapitulating the strain and elasticity present in native tissues [7]. Further-
more, it has an excellent gas permeability, which is needed in an alveolar membrane [7, 40]. Besides that, it is
easy to mould and to use in soft-lithography, and it has low material costs [7, 8].

Although this makes PDMS seem like a very suitable material for a LOC device, there are several drawbacks.
It is hydrophobic, so it needs surface treatment to enhance wettability, and cell adhesion [30]. Besides that,
it has high adsorption and absorption of small hydrophobic molecules. Especially when there is a large
surface-to-volume ratio, as is the case with a membrane. This ad- and absorption limits its application in
drug evaluation studies [5, 7, 8]. When the PDMS absorbs these molecules, there is (1) a reduction in the drug
or cell-signalling compounds that exert an effect on the cell culture, (2) cross-contamination, (3) increased
background fluorescence, and this all impairs accurate interpretations of the drug toxicity and efficacy/dose-
response effect, thereby limiting drug evaluation studies [7, 8]. Furthermore, uncured oligomers present in
the PDMS can leach out into the surrounding environment [8]. Moreover, its intrinsic stiffness (1 MPa vs 2
kPa) and molecular composition are distinctly different from alveolar lung tissue [5]. It also has a high water
vapour permeability, which causes osmolarity shifts and thus influences homeostasis [8]. Additionally, it is
autofluorescent to some extent, and it is incompatible with organic solvents [7]. Finally, it also poses a chal-
lenge when high volume manufacturing is desired due to the development time when using master moulds
[7, 8].

Therefore, materials other than PDMS need to be analyzed to create a new membrane design. For devices
that recapitulate the physiological motion of breathing, highly elastomeric materials are desired [15]. Besides
that, the membrane material must still be optically clear to facilitate high-resolution microscopic analyses
[8]. Possible material groups include hydrogels, such as Matrigel or CE/gelatin hydrogels. Moreover, in order
to create more elastic membranes that still have a diminished small molecule absorption, elastomeric materi-
als such as polyurethane, styrene-ethylene-butylene-styrene (SEBS), tetrafluoroethylene-propylene (FEPM),
polyethylene glycol diacrylate (PEGDA), POMaC, or itaconic acid-crosslinked poly(octamethylene citrate)
(PICO) can be used [7].

2.5.2. An alternative material: POMaC
The most promising biomaterials for tissue engineering, according to Wang et al. [65] and Davenport Huyer
et al. [66], are polyester biomaterials, which are a class of synthetic biodegradable polymer materials. This
is due to their controllable mechanical properties, good biodegradation and biocompatibility [65, 66]. No-
table polyester materials approved by the Food and Drug Administration (FDA) include polycaprolactone,
poly(glycolide) (PGA), poly(l-lactide) (PLLA) and poly(lactic) acid (PLA), but their use in soft tissue engineer-
ing is limited due to their high stiffness [66, 67].

Compared with traditional biodegradable synthetic polymers, citrate-based polymers, such as the poly(octa-
methylene citrate) (POC) polymer, exhibit various advantages: simple synthesis; controllable structure; good
biocompatibility; and the capacity for additional functional modification [65]. However, further function-
alization of POC polymers is necessary since the conventional POC polymer is water-insoluble and limited
with a narrow scope of mechanical properties, bioactivities and functions [65]. Therefore, many variations
of citrate-based elastomers have been created. A very promising POC-based material for soft tissue appli-
cations is POMaC, which provides large material elongation (up to 534 %), controlled physical structure and
properties, while maintaining good biocompatibility [65]. This material was developed by Tran et al. [67], by
replacing maleic acid by maleic anhydride.

Several advantages of using POMaC include:
(1) The POMaC polymer network structure recapitulates the natural tissue structure. Collagen and elastin are
crosslinked polymers that provide elasticity to the natural ECM in the same way that crosslinks in POMaC
confer elasticity [67].

(2) Moreover, fabrication employs a simple synthesis method under mild conditions. UV crosslinking gives
the advantage of short polymerization times and facilitating a wide range of geometries [67].

(3) Additionally, the dual crosslinking method and monomer ratio give rise to controllable mechanical and
degradable properties [68]. The formed ester bonds are degradable by hydrolysis [57]. Their presence in the
polymer backbone and as crosslinks provides degradability to the crosslinked polymer network [67]. The
mechanical and degradation properties can also be further fine-tuned by adjusting the monomer ratio [67].
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(4) A fourth advantage is that the monomers are inexpensive and widely used in biomaterials [67]. Citric
acid participates in the pre-polymer formation through a simple polycondensation and it provides pendant
functional groups within the biomaterial [67]. Available pendant functional groups (free -COOH and -OH
groups) can not only be utilized to form ester bonds, but they can also be modified with a variety of biologi-
cally relevant factors, controlling cell adhesion and function [67]. The next Section will provide more detailed
information on POMaC.

2.5.2.1. Background information
POMaC is a citrate-based polyester thermoset elastomer which closely mimics the mechanical properties of
a wide range of soft biological tissues [67]. Citric acid is part of the tricarboxylic acid cycle [65]. Citrate-based
biomaterials have become an important tool in advances in biomaterials science and engineering due to
their versatile material and biological characteristics such as unique antioxidant anti-inflammatory, antimi-
crobial, adhesive properties [69] and low thrombogenicity [57, 65]. These elastomers possess controllable
mechanical properties, good biodegradability and excellent biocompatibility and angiogenesis ability, which
is foundational to their use in biomedical applications [65]. POMaC is an elastomer which minimizes, though
not fully eliminates, small molecule absorption [7].

POMaC consists of the inexpensive monomers citric acid, maleic anhydride and 1,8-octanediol and it ex-
hibits a dual crosslinking mechanism [67]. It can be cured by UV photopolymerization and/or by thermal
crosslinking [67] [65], allowing for rapid assembly [57]. These different curing methods are shown in Figure
2.12.

The pre-polymer (pre-POMaC) is fabricated by mixing the monomers and heating the mixture at 140°C for
several hours under nitrogen conditions, initiating a polycondensation reaction (Fig. 2.11). In this reaction
which builds up the polymer backbone, ester bonds are formed between the monomers and H2O is released
[67]. The specific build-up of the pre-POMaC backbone is shown in Figure 2.12. The ester bonds in the
backbone are shown in blue and the vinyl carbons which remain from the maleic anhydride in red. A car-
boxylic acid (-COOH) group and a hydroxyl (-OH) group (shown in green) are remaining pendant functional
groups from the citric acid. These pendant functional groups can be utilized to form additional degradable
ester crosslinks, or to modify the polymer with a wide variety of biologically relevant factors such as proteins,
polypeptides or antibodies, which control and promote cell proliferation and adhesion [65, 67]. After the
heating step, the pre-POMaC is separated by precipitation [68].

Figure 2.11: An overview of the polycondensation reaction which takes place when ester bonds are created in the
polymer, upon heating of the material.

The pre-POMaC can be further polymerized via a dual crosslinking mechanism. Additional ester crosslinks
can be formed by heating the pre-POMaC (Fig. 2.12 C), in a polycondensation reaction via the free functional
groups (green) creating ester bond crosslinked POMaC (EPOMaC) [67]. Another crosslinking mechanism,
initiated by UV light, is carbon-carbon crosslinking via free radical polymerization, forming photocrosslinked
POMaC (PPOMaC) (Fig. 2.12 B) [67, 68]. This crosslinking mechanism takes place via the vinyl group (red)
and consists of an initiation, a propagation and a termination step.

In the initiation step, the increased energy level due to UV light breaks molecular bonds within the added
photoinitiator, which leaves each remaining side of the initial molecule containing a free radical. This reac-
tion for two photoinitiators, 2-hydroxy-1-[4(hydroxyethoxy)phenyl]-2- methyl-1 propanone (Irgacure 2959)
and diphenyl-2,4,6-trimethyl benzoyl phosphine oxide (TPO), are shown in Figures 2.13 A and 2.13 C respec-
tively [70–72]. In the propagation step, the cleaved molecule containing a free radical reacts with the vinyl
group within the pre-POMaC, creating carbon-carbon crosslinks, according to the reaction shown in Figure
2.13 B [72]. This chain reaction is terminated when a free radical encounters a second free radical, forming a
stable bond. The chemical structure of both a vinyl group and an ester bond are shown in Figure 2.14.
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Figure 2.12: A schematic overview of the POMaC synthesis and crosslinking mechanisms. (A) The monomers citric acid,
maleic anhydride and 1,8-octanediol undergo a polycondensation reaction, building the polymer backbone and

incorporating vinyl carbons (red) and ester bonds (blue). Free functional groups remain present (green). (B) After
addition of a photoinitiator to the pre-POMaC, with UV light exposure free radical polymerization is initiated. The
polymerization happens through the vinyl bonds (red), creating PPOMaC. Free functional groups remain present

(green). (C) A second crosslinking mechanism for pre-POMaC is through polycondensation, providing EPOMaC through
the free functional groups of citric acid (green). (D) After UV photopolymerization, the PPOMaC can be further

crosslinked through free functional groups (green) creating EPPOMaC. Based on Tran et al. [67], Zhang et al. [73] and
Boutry et al. [68].
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During photopolymerization, the free functional groups remaining from citric acid are not yet utilized, and
these can subsequently be used in post-polymerization to form ester bonds in a polycondensation reaction.
This combination creates ester bond crosslinked photocrosslinked POMaC (EPPOMaC) (Fig. 2.12 D) [67].

Figure 2.13: An overview of the photopolymerization mechanism. (A) Initiation step of the photoinitiator Irgacure 2959.
The molecule is cleaved upon UV irradiation presenting free radicals within the material. Based on Zhang et al. and

Liang [70, 72]. (B) Propagation step of the photoinitiator Irgacure 2959. The molecules containing a free radical react and
bond with the vinyl groups, initiating a chain reaction throughout the material due to the remaining presence of free
radicals. Based on work of Liang [72]. (C) Initiation step of the photoinitiator TPO. The molecule is cleaved upon UV

irradiation presenting free radicals within the material. The propagation mechanism is similar to the reaction shown in
B. Based on Ruhland et al. [71].

Figure 2.14: (A) a vinyl group and (B) an ester bond.

The most used photoinitiator for POMaC is Irgacure 2959 [67]. In combination with POMaC, it has been used
in a concentration of 1 wt% [67, 68] and 5 wt% [52, 66, 74]. Another photoinitiator widely used in curing poly-
mers is TPO. TPO has a relatively high photoinitiation efficiency, which could leave relatively fewer unreacted
free radicals within the polymer [75]. Moreover, Irgacure 2959 is suitable for hydrophilic polymers. TPO is
suitable for both hydrophilic and hydrophobic polymers. Wang et al. [75] used 1 wt% TPO to cure various
prepolymers.

Complete curing of the polymer is critical, as any unreacted photoinitiator and unreacted free radicals might
elicit cytotoxic reactions. Moreover, high concentrations of Irgacure 2959 and TPO increase cytotoxicity [75,
76]. Irgacure 2959 at low concentrations (≤ 0.015% w/v) was found to be cytocompatible [76]. A 1 wt% TPO
concentration in poly(glycerol sebacate) acrylate (PGSA) polymer was also found to be cytocompatible [75].
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Biodegradability
Polymer erosion can be classified as either bulk erosion or surface erosion [77]. In bulk erosion the rate in
which water penetrates into the material exceeds the rate in which the polymer is broken down into water-
soluble fragments [78]. In surface erosion, the water penetration rate into the polymer is slower than the
polymer breakdown into soluble fragments [78]. Therefore, bulk erosion causes a reduction in molecular
weight and mechanical strength throughout the specimen (Fig. 2.15 A) whereas, surface erosion results in
specimen thinning (Fig. 2.15 B) while preserving bulk integrity and characteristics [77, 78].

Figure 2.15: Schematic of the degradation behaviour of materials by (A) bulk erosion and (B) surface erosion [77].

Bulk erosion generally occurs in two phases. In the first phase, water penetrates the bulk of the material where
it converts long polymer chains into shorter, eventually water-soluble, fragments [78, 79]. This causes a de-
crease in the molecular weight of the polymer essentially from the beginning of the hydrolytic degradation
process [77]. Structural integrity of the matrix is initially maintained due to the remaining (cross)links. This
molecular weight reduction is followed by a decrease in the mechanical and physical properties as water be-
gins to fragment the material [78]. Mass loss is notably delayed until short chain fragments are fully detached
from the polymer network [77]. Expectedly, the loss in material strength precedes mass loss [77]. The second
phase includes enzymatic attack on the short polymer fragments [78, 79]. Metabolizing of these fragments
results in rapid polymer mass loss. [78]. This order of events is illustrated in Figure 2.16 A.

Figure 2.16: Generic curves illustrating the sequence of (A) the bulk erosion process and (B) the surface erosion process
of degradable polymers over time [77, 78].

In surface erosion, the degradation reactions are limited to the surface of the polymer and the rate of hydrol-
ysis of bonds is relatively fast compared to the diffusion rate of water into the bulk material [77]. Slow loss of
mechanical strength relative to mass loss occurs meaning that a material maintains almost its full mechanical
strength over the course of degradation [80]. Both the mass and mechanical strength decrease linearly over
time, where mass loss precedes the loss of mechanical strength and molecular weight which remain about
the same over time (Fig. 2.16 B) [77, 80].

Most biodegradable polyesters that are currently available, such as PLLA, PLA, or PGA, degrade by a bulk ero-
sion process which predominantly involves simple hydrolysis of main chain (carboxylic) ester bonds [77–79,
81]. Although, some polymers undergo surface erosion characteristics: polyanhydrides and poly(orthoesters),
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due to their very hydrolytically labile bonds (which react rapidly with water) in the polymer backbone [77].
This surface erosion is due to more hydrophobic parts that limit water penetration into the bulk material,
limiting the hydrolysis of the ortho ester bonds to the surface layer and hydrolysis of the labile bonds too fast
to allow water penetration into the bulk material [82]. For example, poly(glycerol sebacate) (PGS) has been
reported to undergo surface erosion in vivo, by an unknown mechanism [83], exhibiting slow loss of mechan-
ical strength relative to mass loss [80]. PGS also has the main degradation mechanism of cleavage of the ester
linkages [80].

Literature reports that the degradation behaviour of POMaC is based on surface erosion instead of bulk ero-
sion, thus in a layer-by-layer manner [66–68, 84], which allows for a linear loss of mechanical properties dur-
ing degradation [84]. This makes POMaC especially suited for applications requiring mechanical strength
and stretch fatigue resistance [84]. Daniele et al. [85], whose research is yet to be peer reviewed, found a
linear mass loss of POMaC, with a mass loss rate of ∼0.02% and ∼1.7% in deionized (DI) water and phosphate
buffered saline solution (PBS) respectively [85].

POMaC is an organic material exhibiting biodegradability, allowing for decomposition by cells. Its breakdown
products are fully soluble [67]. In addition, POMaC exhibits excellent biocompatibility upon degradation
[68]. POMaC undergoes biodegradation by hydrolysis of carboxylic ester bonds (Fig. 2.17 A), due to scission
of hydrolytically unstable bonds in the polymer backbone and ester bond crosslinks[57, 67].

The carbon-carbon bonds created by UV crosslinking are generally not considered to be degradable bonds,
as no labile bonds are present [77]. However, due to in vivo cellular action (enzymatic activity, cellular degra-
dation), such bonds could undergo scission in which radical species are formed [77]. Moreover, the bonds
present in the polymer backbone mainly exist of hydrolysable ester bonds.

The presence of hydrophilic degradable copolymers within the polymer network provides an increased degra-
dation rate with respect to many polyethylene glycol (PEG) hydrogels [67].

Figure 2.17: (A) Overview of the hydrolysis reaction, where ester bonds are broken down to a carboxylic acid and an
alcohol group. (B) A carboxylic acid group can act as a proton donor [86].

The rate of ester bond degradation is influenced by the pH level, since the ester bonds are affected by acidic
(H3O+) or basic (OH− ) species [81, 87]. For this reason, for example, Tran et al. [67] could find increased
degradation rate of POMaC in NaOH solution when compared to a PBS solution. Upon degradation, a car-
boxyl group (-COOH), (Fig. 2.17 A) is present in the network. Carboxylic acids are Brønsted-Lowry acids since
they are proton (H+) donors (Fig. 2.17 B) [86, 88]. Weak acids such as these typically only partially dissociate
into their conjugates in neutral aqueous solutions. POMaC degradation could be slighlty autocatalytic since
one of the reaction products, the carboxylic acid end group (-COOH) accelerates the hydrolysis reaction by
serving as proton donor, and since H+ acts as a catalyst in this reaction, it enables the acid-catalyzed reaction
mechanism [81, 89, 90].

This auto-catalytic effect of the presence of carboxylic acid end groups in polymers, was also reported by
Tracy [91] who noticed that water uptake and degradation rate increased when replacing ester end groups
with carboxylic acid end groups since these acid end groups enhance the hydrophilicity of the polymer and
act as a catalysator in degradation [78]. Presumably, POMaC would also exhibit this auto-catalytic effect,
since the method of degradation is also primarily by carboxylic ester hydrolysis and thus largely comparable.

Both the mechanical and degradation properties of citrate-based elastomers, such as POMaC, can be con-
trolled by adjusting the molar ratio of the initial monomers, and the crosslinking method, temperature and



2.5. Membrane material 27

time during synthesis and curing [65] since this has an influence on the type of polymer bonds, their density,
and the average molecular weight of the polymer. Increasing the crosslinking time, for example, increases
the crosslinking density [65]. The crosslinking density of a polymer influences the strength of the material,
the degree of swelling, and the diffusion of a solute through the material which influences the rate of degra-
dation [92]. Tran et al. [67] found that when increasing crosslinking through ester bond formation resulted
in longer degradation rates. Moreover, the average molecular weight of the formed polymer is dependent on
the POMaC synthesis and curing procedure. A lower average molecular weight (shorter chains) increases the
degradation rate [81].

Adjusting the monomer ratio also influences the rate of degradation. For example, the rate of degradation
heavily relies on the citric acid monomer ratio [57]. Increasing citric acid content increases the number of
hydrolysable ester bonds and thus increases degradation rate. On the other hand, a higher maleic anhydride
ratio results in slower degradation since this provides more non-hydrolysable photocrosslinks [67].

Photocrosslinks within the material that are non-hydrolysable remain during degradation and maintain the
mechanical cohesion [68]. This means that POMaC cured only by ester bond crosslinking and missing these
non-hydrolysable crosslinks, has a higher degradation rate than also photocrosslinked POMaC [68]. For this
reason, the curing method also has an influence on the degradation rate, since that influences the presence
and density of hydrolysable ester bonds and non-hydrolysable carbon-carbon crosslinks. This difference
in degradation rate for POMaC with different monomer ratios and curing method can be observed in the
degradation rates found by Tran et al. [67], where PPOMaC 4 (citric acid: maleic anhydride: 1,8-octanediol
ratio of 3:2:5, resp.) was degraded by 77.50 ± 1.93%, and EPPOMaC 8 (2 days) (1:4:5 ratio, resp.) degraded only
18.45 ± 4.44% by week 10 in PBS [67].

A further indication of the degradation rate is given by Zhang et al. [57] who found that their 50 µm thick
POMaC channel wall did not degrade appreciably in one week. Furthermore, biodegradation studies showed
that POMaC polymer disks (8 mm diameter and 1 mm height) persisted in vivo for at least 5 weeks [57].
In general, polymer degradation is accelerated by a greater hydrophilicity in the polymer backbone or end
groups and greater reactivity among hydrolytic groups in the backbone [78].

Other factors affecting degradation include: flow rate; strain; porosity; temperature; composition and en-
zymes [81]. According to Urbina et al. [79] multiple studies reported that the rate of hydrolysis increases
faster at a higher temperature [79, 81]. Moreover, degradation rate can be increased by the presence of cells
within the cell culture due to the action of various enzymes [65]. For example, fungi and bacteria can further
assimilate the degraded polymer [79].

2.5.2.2. Additional material specifications
Several other relevant parameters of POMaC include: the elastic properties; biocompatibility; optical trans-
parency and fluorescent properties; swelling properties and the bonding ability to other materials. This Sec-
tion elaborates on these aspects and the information present in literature.

Elastic properties
POMaC is able to closely mimic the mechanical properties of a wide range of soft biological tissues due to
its relatively low stiffness [67]. The material properties, such as the stiffness and the degradation profiles of
POMaC, depend on the monomer ratio, the UV and heat exposure, and additions of porogens [57, 67]. For
example, Tran et al. [67] found that upon reduction of the maleic anhydride molar concentration the elastic
modulus decreased, the elongation at break increased and the crosslinking density decreased [67]. Zhang et
al. [57] reported a stiffness range of POMaC between 53 ± 8 to 1423 ± 651 kPa. Tran et al. [67] reported a
range between 0.03 and 1.54 MPa, with an ultimate tensile strength of ∼0.99 MPa. The elongation at break
was reported by Tran et al. [67] to be between 48% and 534% strain. Boutry et al. [68] could apply a constant
strain of 10%, releasing to 5% strain, to POMaC for 20,000 cycles. As stated, these values depend on the type
of POMaC and fabrication method chosen.

Biocompatibility
POMaC has good cell and tissue biocompatibility, according to in vitro and in vivo evaluation conducted
by Tran et al. [67] on EPPOMaC discs, who reported good cell adhesion and proliferation of 3T3 fibroblasts.
Also research by Boutry et al. [68] found excellent biocompatibility in in vitro and in in vivo rat models, with
stable operation over 2 to 3 weeks. Zhang et al. [57] found that one week after implantation of the AngioChip
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cardiac tissues, native angiogenesis occurred around the implant. Moreover, the cardiac patch fabricated by
Montgomery et al. [65] possessed vascularization, macrophage recruitment, and cell survival comparable to
those of surgical patches.

POMaC has predominantly been utilised with cardiac cells. Zhang et al. [57] focused mainly on cardiac and
hepatic (liver) cells and studied them on POMaC for 7 days, creating a fully endothelialized lumen within
their scaffold. Also Zhao et al. [93] focussed on culturing cardiac cells. The cells cultured on POMaC so far
include: human mesenchymal stem cells (hMSCs) [57]; human embryonic stem cells (hESCs) [57]; HUVECs
[57]; Primary rat hepatocytes mixed with primary rat fibroblasts [57]; NIH 3T3 fibroblasts [67] and human
cardiac fibroblasts (cFBs) [93]. A study with epithelial lung cells has not yet been conducted to the author’s
knowledge.

Figure 2.18: Fluorescent image of
endothelial cells (green) on the

AngioChip. Scale bar, 100 µm [57].

Three different ECM proteins have been used as coating to effec-
tively support cell adhesion on POC scaffolds: fibronectin; laminin;
and collagen [65]. Regarding sterilization of POMaC, steam steriliza-
tion is not possible since the penetrating high pressure steam would
initiate hydrolysis of the polymer [81]. In addition sterilization by ir-
radiation could adjust the mechanical properties by influencing the
degree of crosslinking [81]. POMaC has been sterilized by using 70%
ethanol [67].

Bioimaging properties
POMaC is an optically transparent material, and Zhang et al. [57]
used confocal microscopy to image cells. Furthermore, regarding the
fluorescent properties of POMaC, Zhang et al. [57] reported no lim-
itation. An image of their set-up under fluorescent light is shown in
Figure 2.18, where the cultured endothelial cells are seen to light up
green. Zhao et al. [93] reported an intrinsic autofluorescence when
illuminated with blue light ( λex = 350nm/ λem = 470nm). Citrate-
based elastomers exhibit good photoluminescence characteristics
upon functional modification with for example, amino acids, silox-
anes or polyamides, due to their specific chemical structures [65, 69].

Swelling properties
Tran et al. [67] calculated the swelling properties of POMaC in dimethylsulfoxide (DMSO) and PBS using its
dry and wet weight. Their results showed that EPPOMaC showed the least swelling, followed by EPOMaC and
PPOMaC, respectively. Moreover, swelling is inversely related to the concentration of maleic anhydride in the
polymer network and to the duration of the ester bond crosslinking time [67]. They found that swelling in
PBS for EPPOMaC (UV irradiated for 10 minutes) decreased after heat curing for 2 days instead of 1 day, from
around 150% to around 50%, respectively [67].

POMaC bonding to other materials
To integrate the designed membrane into the LOC device, a strong and elastic integration bond is needed
between the POMaC membrane and the PDMS device. Zhang et al. [57] reported that POMaC exhibits strong
(temporary) adhesion to glass and a weak adhesion to PDMS. Zhang et al. [57] reported that POMaC exhibited
a weak adhesion to PDMS when being photo-crosslinked on PDMS, due to oxygen-induced inhibition of the
free radical polymerization on the POMaC surface connected to the PDMS. This creates a non-polymerized
POMaC layer at this interface, causing the weak adhesion [57].

It is important that the bond between the POMaC membrane and the PDMS device does not impede the
material elasticity. The place on the edge of the membrane where the materials should bind is also the place
where the actuator is located which stretches the membrane. This stretching happens by creating a negative
pressure which strains the membrane and the actuator part of the chip (Section 2.6). Thus an elastic bond is
essential. Montgomery et al. [74] used cyanoacrylate glue to bind POMaC and PDMS together in tensile tests.
However, this bond is a rigid non-elastic bond, and therefore this bonding method was discarded.
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Previous applications of POMaC
Citrate based materials have been used as a new type of surgical fixation biomaterial ’Citregen’ in order to
promote tissue healing after material degradation. This material has been approved by the FDA for fixation
screws and it manufactured and sold by Acuitive Technologies, Inc. [65]. Several examples of cell constructs
for which POMaC specifically has been used are the fabrication of a scaffold for parenchymal cells, called the
AngioChip by Zhang et al. [57]. This scaffold was fabricated using a 3D stamping technique using a layer
thickness of 25 µm [57]. Tran et al. [67] utilised a PDMS mould to cure the POMaC and form a microchannel
for tissue engineering applications. Moreover, Boutry et al. [68] made an implantable pressure and strain sen-
sor covered by POMaC, and Zhao et al. [93] used POMaC in their Biowire II platform as a wire around which
cardiac cells could attach to enable drug testing under electrical pacing. POMaC has been broadly used for
cardiac tissue engineering and vascular engineering due to its excellent elastomeric mechanical properties
[65, 84]. Montgomery et al. constructed a flexible shape-memory POMaC scaffold polymer with a microfab-
ricated lattice to create patches for minimally invasive delivery of functional tissues [65].

2.6. Membrane fabrication
OOC devices are typically manufactured using soft-lithography. Other applied manufacturing techniques in-
clude electrospinning, micromoulding, microetching, micromilling, solid object printing, 3D printing, pho-
topolymerization, laser etching, and injection moulding [9]. These fabrication techniques are disscussed in
greater detail in the Literature Review. Furthermore, a LOC device ideally must be produced in a way that is
low-cost, high throughput and applicable repetitively. In order to make LOCs low-cost and broadly available,
the throughput must be on a significant scale or at least able to scale up. In combination with the mate-
rial, the manufacturing method has a significant influence on the device’s eventual structural resolution and
properties. Selecting a correct manufacturing method is therefore of great importance.

The most common fabrication techniques using POMaC are 3D-stamping and soft-lithography by PDMS-
POMaC moulding. 3D-stamping of POMaC was used by Zhang et al. [52] for their AngioChip. This technique
involves pre-patterning POMaC sheets within PDMS moulds and stamping these sheets layer-by-layer on top
of each other on a glass base substrate. POMaC layer thickness went down to 25 µm, with 10 to 20 µm holes
[52]. Secondly, since POMaC exhibits weak adherence to PDMS, POMaC can be cured in a PDMS mould
and subsequently extracted [52]. This method was applied by Zhang et al. [52], Davenport Huyer et al. [66],
Montgomery et al. [74] and Boutry et al. [68], among others.

Another widely used method to create uniform thin films is spincoating. Spincoating has been used with a
broad range of polymers such as PDMS, GelMa, or POMaC [1, 13, 94, 95]. Spincoating works by placing a
drop of viscous medium on a substrate which is placed under a certain r.p.m. for a specific time, to create
a thin film. POMaC has been spincoated and UV cured with a layer thickness of 35 µm on silicon at 500
r.p.m. for 45 seconds and subsequently 1500 r.p.m. for 1 minute [95]. Daniele et al. [85], not yet peer-
reviewed, also conducted spincoating experiments with POMaC. They spincoated a POMaC layer of 412 ±
13 µm with a 20 wt% dextran solution in MilliQ water as a sacrificial layer. In order to control POMaC film
thickness, a spreading agent (e.g. dioxane) was deemed necessary. Curing was first done by UV light using 5
wt% Irgacure 2959 as a photoinitiator, and oven post-polymerization was subsequently applied [85]. Various
parameters have an effect on the uniformity and stability of the spincoated layer: the type of material and
its viscosity during spincoating; the spincoating parameters; the type of substrate and substrate priming; the
curing method; and the method of membrane detachment.

2.6.1. Fabricating pores
Pores in a membrane are often created simultaneously and with the same manufacturing technique used to
fabricate the membrane itself. For example, in soft-lithography, 3D printing and electrospinning, the pores
can be formed during the fabrication process. However, these pores generally have a relatively large diameter.
In soft-lithography, which uses moulding, pore sizes rarely are below 10 µm. In 3D printing, the printing
resolution limits the pore size, which is already a limitation in the fabrication process. Electrospinning gives
a wide range of possible pore sizes, depending on, e.g. the spinning time, fibre diameter and material used.

Other fabrication methods used to create pores in LOC membranes include: track etching, laser etched pores,
nanosphere lithography (NSL) and block-copolymers. Track etching can fabricate pores ranging from 10
nm to tens of micrometers in diameter with a pore density ranging from 1 to 1010 cm−2 [96]. Laser etch-
ing is suited for small surfaces and pores larger than several micrometres [37]. Nanosphere lithography can
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achieve a resolution smaller than the conventional photolithography resolution limit of 2 µm, reaching pore
sizes below 500 nm, relying on the use of self-assembling nanospheres in the etch mask fabrication [97]. The
block-copolymer technique uses a combination of block polymers, which microphase-seperate. By chem-
ically etching one of the block polymers away, monoliths with a porous structure are fabricated [98]. This
technique is suited for relatively small surfaces and mesopores, which are pores between 2 nm and 50 nm
[99]. However, electrospinning, block-copolymers and track etching give a random pore distribution. As
stated in Section 2.4, a uniform pore distribution is preferable to random pore distribution [13]. Moreover,
NSL and block-copolymers provide pores much smaller than the 3 µm to 8 µm aimed for.

Another approach to create pores is to use a degrading material. This approach was used by Doryab et al.
[30] and Huang et al. [13]. Doryab et al. [30] designed a hybrid AOC membrane that was non-porous during
cell seeding and the initial growth phase. When cell stretching and an ALI were introduced, the membrane
became porous to allow for cell migration and nutrient exchange in a later stage of the cell culture. The mem-
brane was thinner than 5 µm and made of gelatin and PCL. The membrane was fabricated by spincoating a
PCL and gelatin emulsion. The gelatin bubbles present in the PCL membrane initially provide increased sur-
face wettability, favourable in cell adherence and growth. When cells grow and proliferate, they will secrete
their own ECM. This ECM will allow the cells to migrate to less wettable materials, in this case, the PCL. Sub-
sequently, they will form a continuous monolayer spanning both the gelatin and the PCL regions. Eventually,
the gelatin will gradually degrade, leaving pores in the PCL membrane. This degradation also increases the
elasticity since the more elastic PCL will remain, and the stiffer gelatin will dissolve. The pore size ranged
between 1.1 and 7.9 µm and had a mean of 4.5 ± 1.7 µm [30]. This membrane poses a very interesting and
promising approach to the use of biodegradable membranes.

Figure 2.19: The LOC device designed by Huang et al. [13].

Huang et al. [13] created pores prior to cell cul-
ture by creating an inverse opal GelMA structure,
recapitulating the in vivo alveolar sac dimensions
and the interconnecting windows. The structure
was created by curing GelMa around alginate mi-
crobeads, which were subsequently dissolved. Each
alveoli pore had a diameter of 200 µm, and within
their design, they were able to recreate about 7050
alveoli. The total membrane thickness was less than
3 mm, and the scaffold structure itself had a thick-
ness of 546.4 µm, which consisted of about three
stacked layers of simulated alveoli [13]. Overall, this
is a relatively thick membrane (Fig. 2.19).

Like the design by Huang et al. [13], there have been
other studies into creating a three-dimensional hy-
drogel scaffold for lung cells [13, 44, 51]. However, it
remains an issue that a three-dimensional scaffold
does not directly resemble a membrane. The human body contains a dense network of capillaries encapsu-
lating and wrapping around the alveoli. If a three-dimensional scaffold is created, a design needs to ensure
that the scaffold is not too porous or too thick. Simultaneously, thin barriers need to exist between the en-
dothelial and epithelial cells, while nutrients should reach all the cultured cells. This means that a barrier or
membrane with limited porosity and thickness should always be present.

Micropore fabrication in POMaC
Currently, nanopore fabrication in POMaC is possible with the use of porogen leaching. The AngioChip of
Zhang et al. [57] contained both micro and nanopores in the walls. The smallest micropores had a diameter
of 10 µm and was created using 3D stamping techniques. The nanopores, incorporated to further enhance
oxygen and nutrient exchange, were created using porogen leaching [57]. Tran et al. [67] fabricated porous
POMaC scaffolds by mixing pre-POMaC with 1,4-dioxane and sieved sodium chloride salts in a 106 µm to 150
µm size range before curing. By immersion in DI water, the salts were leached out and a porous structure
remained.
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2.6.2. Membrane integration methods
When no cyclic stretch needs to be applied, a standard integration frequently used with various membrane
materials is to sandwich the membrane between two layers of PDMS. These layers are sealed together by
slow-curing liquid PDMS between them. This was done by Nalayanda et al. [47], who used a porous PET
membrane. This method, however, produces a membrane integration that is often not strong enough to re-
main intact when cyclic stretching is applied. When using a PDMS membrane in a PDMS device, the integra-
tion bond is often a lot stronger than when using different materials, allowing for straining of the membrane.
Oxygen or corona plasma treatment can bond the membrane and the rest of the device together. This treat-
ment was done in the devices of both Jain et al. [43], Douville et al. [46] and Nissar [1]. They were able to
create a leak-tight membrane undergoing a cyclic bulging stretch.

For the design of a good membrane integration when an in-plane strain is applied on the membrane, several
factors play a role: First, the materials of the contact surfaces of the membrane and the device should be
compatible. This means that a strong bond between these surfaces should be possible. Second, the strength
of this bond can be increased by a larger contact surface area. Last, a clamping device could help with further
eliminating any possible leakage.

This chapter provided an overview of different manufacturing methods that are promising, or have been
used with POMaC. The next chapter will discuss the proposed concept for the LOC membrane, using the
information provided in the previous chapters.
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Concept introduction

The aim of this research is to evaluate the possibility of creating a membrane with a dynamic pore size, mean-
ing that it features a pore size that increases during the cell culture. This dynamic pore size aims to allow for
confluent monolayer formation while also providing immune cell migration across the membrane in a later
phase of the cell culture. This membrane could, in future, be used to conduct further research on the effect
that pore size has on cell cultures. Based on the Literature Review, summarized in Table 2.3, the aim is to
create a membrane that is about 10 µm thick. Pore sizes should start with a diameter smaller than 3 µm,
and increase to a diameter between 3 µm and 8 µm once a confluent cell layer has been formed and the ALI
is introduced. Moreover, uniform pore size and a homogeneous spatial pore distribution are preferable to
randomly distributed pore sizes, and inhomogeneously located pores [4, 13]. The stiffness of the membrane
should ideally approach alveolar lung tissue stiffness, to mimic the stiffness of the in vivo alveolar wall. Lung
tissue has a reported range between 1 kPa and 300 kPa, with most literature stating a stiffness lower than 10
kPa [20, 30]. This Section discusses the concept proposed for an AOC membrane with a dynamic pore size.

Material
The concept for the membrane designed in this study depends on degradability of the membrane material.
The basic concept of the membrane is that when membrane material degrades away during cell culture,
the pore size increases (Fig. 3.1). POMaC could be a suitable material in this regard, since it degrades by
surface erosion [68, 84]. Moreover, it has lower small molecule absorption than PDMS and long-term reported
biocompatibility for a large range of cells. In addition, it allows for large strains, is sterilizable and optically
transparent. Also, the elastic modulus of this material could fit within the desired range for this membrane.

Fabrication
It is desirable to create an array of uniform pores in the membrane. To achieve this, fabrication by moulding
could be promising. The possibility of creating small conical pillars that could be used as a mould to imprint
the pore structure in POMaC is researched and tested in this study. Figure 3.1 shows a schematic of the
fabrication steps to create the membrane. To fabricate the conical pillars, it will be evaluated whether 2-
photon polymerization (2PP)-printing could be a suitable option (Fig. 3.1 B). On top of these pillars a thin
layer of POMaC is to be deposited and cured (Fig. 3.1 C). After detaching, the POMaC contains the pillared
imprint within its layer (Fig. 3.1 D). Upon degradation of this layer, which for POMaC happens layer-by-layer,
it is hypothesized that the pore size increases (Fig. 3.1 F).

Dimensions
The dimensions of the designed conical pillars are shown in Figure 3.2. The pillars have a height of 9 µm. The
base of the cones is set at 10 µm and the top is set at 2 µm. The top of the cones is kept flat, to facilitate easier
removal of the membrane from them. 2PP-printing is a widely used method to create structures at this scale.
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Figure 3.1: A schematic of the concept for the fabrication of a membrane with a dynamic pore size. (A) A substrate is
chosen (dark blue). (B) On the substrate coned pillars are fabricated (light blue). (C) On top of the substrate and the

pillars a polymer layer (orange) is spincoated. (D) The polymer layer is detached, creating a membrane with a structural
imprint from the pillars. (E) during cell culture on the membrane, the membrane slowly biodegrades. (F) When the cell

layers are confluent, the pore size in the membrane increases, due to material degradation.

Figure 3.2: A drawing of the concept dimensions for a single pillar. (Left) Top view of the pillar. (Right) Section view of
the pillar. Dimensions are in µm.

If a 10µm thick membrane is created on top of this mould, an additional layer of 1µm thick POMaC is present
on top of the pillars. This layer initially creates a poreless and smooth membrane in which pores slowly should
be formed. In the beginning of the cell culture no pores are needed yet and the pore diameter is to be smaller
than 3 µm. A confluent cell layer is generally present after about one week. After this week, the pore diameter
is to increase beyond 3 µm. With the proposed dimensions, the degradability rate in this concept should be
about 0.5 µm per week to create pores with a diameter larger than 3 µm by the second week (Fig. 3.3).

Equations 3.1 to 3.5 describe how the degradation rate per week can be calculated, based on the membrane
dimensions. There are two critical points in the dimension of the membrane. First, the membrane needs to
contain an open pore, where the additional top layer (tadd ) is fully degraded away. The amount of degradation
needed to obtain an open pore is indicated with ldeg 1 (Eq. 3.1). Second, the pore diameter needs to increase
to the desired pore diameter. The amount of degradation needed for this is denoted with ldeg 2 (Eq. 3.5).



35

Figure 3.3: Schematic of a pore in the membrane. (left) The general membrane dimensions. (right) A close-up of the
relevant membrane dimensions and parameters during degradation. The blue line indicates the POMaC degradation

boundary.

ldeg 1 =
tmembr ane −hpi l l ar

2
(3.1)

Where: ldeg 1 = the amount of degradation desired in order to obtain an open pore.
tmembr ane = the thickness of the fabricated pillar.
hpi l l ar = the height of the conical pillar.

α= tan−1
(

wbase −wtop

2hpi l l ar

)
(3.2)

Where: α = the angle of the designed pillars, in this design 24°.
hpi l l ar = the height of the designed pillar, in this concept 9 µm.
wbase = the width of the base of the pillar, here 10 µm.
wtop = the width of the top of the pillar, here 2 µm.

lpor e =
dpor e −wtop

2
(3.3)

Where: lpor e = the increase in pore radius that needs to be present to obtain the ideal pore size after one week.
dpor e = the desired pore size after one week, here 3 µm.

ldeg 2 = lpor e · cos(α) (3.4)

Where: ldeg 2 = the degradation desired to increase the pore size to the desired diameter after one week (Fig. 3.3).

The combined equation is shown in Equation 3.1.

ldeg 2 =
dpor e −wtop

2
· cos

(
t an−1

(
2hpi l l ar

wbase −wtop

))
(3.5)

The combined effect of ldeg 1 and ldeg 2, indicated by the pink line in Figure 3.3 is not included in the calcula-
tions, since its effect is negligible (about 0.2 µm for a 10 µm thick POMaC membrane).

Based on the geometry set in this design, ldeg 1 and ldeg 2 are 0.50 µm and 0.46 µm, respectively. This means
that in order to obtain an open pore with a diameter of 3 µm by week 1, a degradation rate of 0.5 µm is ideal.
The pore will then have a diameter of 3.1 µm. Depending on the actual degradation rate of the used POMaC,
the height and angle of the pillars or the thickness of the additional POMaC layer can be adjusted.
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In these calculations an ideal surface erosion model is assumed. Moreover, in assuming the calculated degra-
dation rate as the ideal rate of degradation of POMaC, no effect of cell activity, flow or temperature on the
degradation rate is yet incorporated. It is also assumed that no shrinkage or expansion of the membrane
takes place once it is detached from the mould. Also, it is assumed that the larger bottom pore size wbase does
not allow cell migration, due to the smaller pore diameter at the top of the membrane. By using a conical pore
structure, less POMaC has to degrade to achieve an increase in pore size during the cell culture. Furthermore,
based on the observed POMaC degradation rate, the pillar dimensions can be adjusted accordingly.

Porosity
The porosity of the membrane, based on literature should be between 3% and 9% for an optimal ALI [1, 30].
The porosity of the membrane changes with the pore size and the pitch of the pores (distance between pore
centers) (Eq 3.6). Figure 3.4 illustrates the porosity increase within the membrane for various pitches and pore
radii. As the membrane degrades, pore size increases. The ideal porosity, based on literature, is indicated in
grey. No pitch provides for every pore radius a porosity within this range. A pitch of 35 µm was deemed
optimal, as it gives a porosity of 3% at a pore diameter roughly of 3.4 µm and at a pore size of 5.9 µm a
porosity of 9%. In order to obtain a pillar array of 3 x 3 mm, with a pillar pitch of 35 µm, 86 x 86 pillars should
be fabricated.

Por osi t y (%) = πr 2

pi tch2 ·100% (3.6)

Figure 3.4: The porosity of the membrane as function of the pore diameter indicates for various pitches between the
pillars.

In this Chapter, a concept for a LOC membrane was proposed. Chapter 4 will focus on the methodology used
to evaluate the proposed concept.
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Methodology

To evaluate the concept viability, several aspects were studied. First, the optimal method of synthesizing
and curing POMaC was studied. Second, it was determined whether a thin film of POMaC can be created
and detached from a substrate. It was evaluated whether spincoating could serve as fabrication method for
creating a uniform thin film. To create the pore structure, it was assessed whether a mould with 2PP-printed
pillars could be created on the substrate. Third, the biocompatibility and toxicity of POMaC for lung cells was
evaluated. Therefore, a toxicity assay with the use of an eluate was conducted on primary lung cells.

Furthermore, since POMaC is a very versatile material, its mechanical properties differ greatly with different
monomer ratios and curing methods. Therefore, the stiffness properties and degradation rate were evalu-
ated. Regarding the degradation rate, the volumetric degradation rate is relevant, since this influences the
membrane dimensions and therefore the pore size. A method to determine the volumetric degradation rate
was designed. Fifth, autofluorescence of POMaC was studied, to assess whether this could influence fluores-
cent cell culture imaging. Lastly, membrane integration should be leaktight. Since the prior designed LOC is
made of PDMS, bonding between PDMS and POMaC was assessed.

This Chapter covers the materials and experimental methods used in this research. The POMaC synthesis was
conducted at the Else Kooi Lab (EKL) located at the Delft University of Technology. The moulding, spincoating
and curing of POMaC, in addition to the 2PP-printing, stiffness, and degradation measurements, were done
at the 3ME faculty of the Delft University of Technology. The bonding experiment took place at both EKL and
the 3ME faculty. The autofluorescence measurement, cytotoxicity assay and cell cultures were conducted at
the EMC in Rotterdam. 3D printing of the moulds was conducted at all three facilities.

4.1. Synthesizing POMaC
Pre-POMaC is synthesized in a controlled condensation reaction (Fig. 2.12) with three different monomers;
1,8-octanediol (Sigma-Aldrich, CAS 629-41-4), citric acid (Sigma-Aldrich, CAS 77-92-9) and maleic acid (Sigma-
Aldrich, CAS 110-16-7) [67]. The molar ratio for mixing these monomers is 5:1:4, respectively, based on Zhang
et al. [57] and the POMaC 8 of Tran et al. [67]. The synthesis method is based on the methodology used by
Boutry et al. [68], Zhang et al. [73], and Tran et al. [67].

Synthesizing methodology
The three monomers were mixed in a 250 ml three-necked flask with a round bottom. All glasswork was
cleaned with acetone, isopropanol (IPA), DI water and dried with a nitrogen air gun. The flask content was
placed under a nitrogen atmosphere and gradually heated to 140 °C while being magnetically stirred at 200
r.p.m. (Fig. 4.1 A). Two types of pre-POMaC were fabricated: one that was heated for 2.5 hours (POMaC,
2.5h) and one that was heated for 3 hours (POMaC, 3h). As a purification step, the contents were dissolved
in 1,4 dioxane (99.8%, Sigma-Aldrich, CAS 123-91-1) and via precipitation dropwise added to DI water to
remove any unreacted oligomers and monomers (Fig. 4.1 B). Lastly, the precipitated POMaC was collected
and lyophilized (dried) overnight under nitrogen conditions (Fig. 4.1 C).
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Figure 4.1: (A) Heating the monomer mixture to 140 °C to initiate the poly-condensation reaction. (B) The precipitation
step to purify the material. (C) The lyophilization step.

Photoinitiators
Two types of photoinitiators were evaluated: Irgacure 2959 (Sigma-Aldrich, CAS 106797-53-9) and TPO (Sigma-
Aldrich, CAS 75980-60-8). The amount of photoinitiator added is 5 wt% and 1 wt% respectively, based on
research by Zhang et al. [57], Tran et al. [67] and Wang et al. [75]. The POMaC was heated on a hot plate at
80 °C for 1 min. before adding the photoinitiator and mixing with a magnetic stirrer for 5 min. at the same
temperature.

Curing methods
Various curing methods were applied to evaluate different polymer characteristics. PPOMaC networks are
formed through free radical polymerization [67]. The pre-POMaC containing photoinitiator was placed un-
der a UV point source (Bluepoint 4 Ecocure, Hönle, Germany) at a distance of 1 to 2.5 cm, containing a UVA-
intensity of 2000 - 14000 mW/cm2 and a wavelength range between 310 and 570 nm, initiating the polymer-
ization reaction. The UV light intensity at the substrate is inversely proportional to the square of the distance
from the UV source [100]. Polymerization times differed and will be further elaborated on in the respective
experimental sections. PPOMaC can be further crosslinked by ester bonding to create EPPOMaC, or pre-
POMaC can solely be crosslinked by ester bonding to create EPOMaC (Fig. 2.12). Ester bonds were formed
via oven post-polymerization at 80°C for either 48 hours or 72 hours, based on methodology of Tran et al.
[67].

Storing
The pre-polymer was wrapped in aluminium foil and stored in a dark fridge at 4°C. Since these polymers are
hydrolytically unstable, any moisture present can degrade the material in storage [77]. Moreover, crosslinking
can be initiated by both heat and UV light. The polymers are stored at a low temperature to eliminate the
formation of bonds and limit the moisture present.

4.2. POMaC moulding
It was evaluated whether POMaC could be moulded into various structures using both 3D printed moulds and
PDMS moulds. The 3D printed moulds had a square area of 16 x 16 mm2 and a thickness of 1 mm. A pillar with
a diameter of 3 mm was placed in the middle of the mould, to create a hole in the 1 mm thick POMaC sample,
so the sample could also be utilized to evaluate POMaC thin film detachment from the substrate (Section 4.7).
The fabricated PDMS mould creates a POMaC sample with a square area of 18 x 18 mm2 and a thickness of
2 mm, with a hole of 3.5 mm in diameter in the middle. The PDMS mould was fabricated using a 3D printed
mould. of which the dimensional drawing can be found in Appendix A.1.1 as well. The dimensional drawings
of all the 3D printed moulds are included in Appendix A.1.1.

The POMaC in the moulds was cured both with UV light and heat. Heat curing was conducted by oven-curing
at 80°C for 48 and 72 hours, based on research by Tran et al. [67]. The samples were post-cured with UV light
for 30 minutes at 100% light intensity (IUV = 100%) with a UV point source (Bluepoint 4 Ecocure) at a source
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height of 1.5 cm above the substrate. The 3D printed moulds were fabricated on a DLP 3D printer (Max X,
Asiga, Australia) with clear resin (Tech Clear, Moiin, Germany). Post-processing consisted of cleaning in an
IPA bath for 10 minutes and post-curing with a UV flood light.

4.2.1. Moulding POMaC in a 3D printed mould
Directly moulding POMaC in a 3D printed mould was evaluated via the following method: The 3D printed
mould was placed in a 5% Pluronic F-127 (Sigma-Aldrich, CAS 9003-11-6) solution for 5 minutes and air
dried. Subsequently, POMaC (3h, with 1 wt% TPO) was heated at 80°C on a hot plate for 1 minute to decrease
its viscosity and ease its pouring into the mould. After pouring, the POMaC was UV cured for 30 minutes
(2x15 min, IUV = 100%) with the UV point source, which was placed 2.5 cm above the mould to cure a wider
area. Subsequently, the mould was placed in the oven for 48 hours at 80°C. UV post-curing was equal to the
first curing step. The sample was extracted from the mould by placing it in DI water for 2 days.

4.2.2. Moulding POMaC in a PDMS mould
Fabricating a PDMS mould
The following procedure was followed, to make a PDMS mould: First, the 3D printed moulds and glass mi-
croscope slides were placed in a 5% Pluronic F-127 solution for 5 minutes and subsequently air dried. Then
uncured PDMS (Sylgard-184, Dow Chemical, USA ) with a 1:15 (w/w) (base: curing agent) was added to the
3D printed mould. The mould was placed in a desiccator at -900 mbar for 30 minutes or until all air bub-
bles disappeared. The mould was then covered with the glass slides without creating air bubbles, bonded
with small rubber bands, and placed in the oven at 75°C for 3 hours to cure the PDMS. After oven curing, the
mould was cooled down to room temperature. The mould was placed in IPA for 10 minutes to release the
PDMS from the mould and the glass slide. This causes the PDMS to swell and thus eases its release [1]. Lastly,
the PDMS mould was cleaned with DI water and left to dry.

Fabricating a POMaC sample
The following steps were taken to cure POMaC in the PDMS moulds: The PDMS moulds were placed in a 5%
solution of Pluronic F-127 for 5 minutes and air dried. Then, POMaC (3h, 1 wt% TPO) was heated at 80°C on
a hot plate for 1 minute to decrease its viscosity and to ease pouring into the PDMS mould. After pouring, it
was placed in the desiccator overnight for 14 hours to release all bubbles. Any remaining gas bubbles were
scraped off or pricked through. The sample was UV cured for 30 minutes (2x15 min, IUV = 100%) with the UV
point source placed 2.5 cm above the mould to cure a wider area. Next, the mould was placed in the oven for
48 hours at 80°C. The PDMS mould with POMaC was subsequently UV post-cured for 30 minutes. The height
of the UV lamp was 2.5 cm above the sample. Afterwards, the mould was placed in PBS for a day, to facilitate
easy removal of the POMaC from the mould.

Deviations from methodology above
Samples that were oven cured for 72 hours instead of 48 hours, not subjected to UV curing, or not placed
in the desiccator were also evaluated. Also, samples were fabricated where the UV curing step prior to oven
curing was omitted. Moreover, various concentrations of Pluronic F-127 (1%, 5% and 10%) were evaluated as
a surface primer.

4.3. Spincoating POMaC
The option of spincoating POMaC was researched, to produce a thin membrane. Various variables affect the
uniformity and stability of the spincoated layer: the type of POMaC; POMaC viscosity during spincoating; the
spincoating parameters; the type of substrate and substrate priming; the curing method; and the method of
membrane detachment. Pre-POMaC (2.5h and 3h), with 5 wt% Irgacure 2959 was used to assess the spincoat-
ing possibilities. POMaC is stored at 4 °C, at which temperature it exhibits a high viscosity. Since preheating
POMaC decreases the viscosity, POMaC at room temperature and POMaC preheated in the oven for 20 min.
at 50 °C were used in the experiments. An overview of several experiments is included in Appendix A.2.

Substrate
The types of substrate used were glass, due to its ready availability, and silicon. Silicon was chosen since
adherence of 2PP-printed structures is stronger to silicon than to glass, making it a more optimal substrate
for pore fabrication with 2PP-printed moulds. Four substrate primings were tested to evaluate the adher-
ence of POMaC to the substrate: no priming; a polymerized PTFE layer (SlickTM Sheet, Oil Slick, Bellingham,
USA); Pluronic F-127 coating (Sigma-Aldrich, CAS 9003-11-6); and an hexamethyldisilazane (HMDS) (Sigma-
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Aldrich, CAS 999-97-3) coating. The methods used to prime the substrate are listed in Appendix A.3. PDMS as
a substrate primer was not tested since this would necessitate an extra spincoating step which might impair
the substrates surface smoothness.

The substrate priming, besides affecting layer uniformity and stability, aids in membrane detachment. Non-
toxic Pluronic F-127 dissolves in aqueous solutions, allowing for the detachment of the thin layer by acting
as a sacrificial layer. It is a hydrogel used in tissue engineering as a mould, track patterning, and sacrificial
material [101]. HMDS is a silanization agent that increases surface hydrophobicity and decreases the adher-
ence of added compounds. It can be applied on surfaces containing hydroxyl groups (-OH), such as glass and
metal oxide surfaces [102]. Nontoxic PTFE exhibits high hydrophobicity and chemical inertness, diminishing
adherence of added compounds [103] (Fig. 4.2).

Figure 4.2: An overview of creating a PTFE layer on the substrate.

Spincoating parameters
After substrate priming, about 2 mL of POMaC was placed in the middle of the substrate and aligned with the
center point of the spincoater (Spin150i, SPS-POLOS, Germany). The spincoating parameters were based on
spincoating parameters for PDMS and are listed in Table 4.1 [1]. The objective is to obtain a POMaC layer of
about 10 µm. POMaC is more viscous than PDMS, so the expectation is that the POMaC layer will be slightly
thicker than indicated in the table.

Table 4.1: Overview of the used spincoating parameters and the corresponding layer thickness for PDMS [1].

Spinning acceleration Spinning speed Spinning duration Thickness for PDMS
1000 r.p.m./s 2500 r.p.m. 5 min. 10 µm
1000 r.p.m./s 1000 r.p.m. 2.5 min. 40 µm
1000 r.p.m./s 400 r.p.m. 1 min. 200 µm

Curing methods
Both UV and heat curing methods were applied. Heat curing was conducted via a hot plate between 100°C,
and 150°C. UV curing was conducted initially with the Photopol UV light curing unit (Photopol light, Dental-
farm, Italy) and subsequently with the UV point source (Bluepoint 4 Ecocure). Curing lengths ranged between
15 and 30 min. The exact curing method is included in Appendix A.2.

Membrane detachment
The substrate with the membrane was placed in a PBS solution or DI water for 1 to 2 days to detach the
membrane. The PBS solution was fabricated by dissolving a phosphate buffered saline tablet (Sigma-Aldrich,
LOT SLCK3649) in 200 ml DI water. The membrane was subsequently detached using tweezers, an attached
POMaC support structure, or tape to divide the detachment force over a larger area of the membrane to
diminish the chance of rupturing the membrane.

Layer thickness measurement
The thickness of the POMaC spincoated layer was measured with a White Light Interferometer (3D Optical
Profilometer, Bruker). POMaC is transparent, and silicon is a reflective material. Therefore, the interferom-
etry measurement was taken in the range where no reflecting light interferes with the measurement. The
measurement was taken under green light illumination with a 2.5x objective, and a Vertical Scanning Inter-
ferometry (VSI) processing method was used.
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4.4. Pillar fabrication by 2PP-printing
The possibility of using 2PP-printed moulds is evaluated to fabricate a conical structure within the mem-
brane (Ch. 3). This was assessed with the Photonic Professional GT+ (Nanoscribe GmbH & Co.), which is a
3D printer designed for ultra-precise and rapid microfabrication [104]. 2PP is based on direct laser writing,
where two photons are absorbed simultaneously by a single molecule when light intensity exceeds the poly-
merization threshold. (Fig. 4.3) [105]. With respect to one photon absorption, 2-photon absorption exhibits
a much smaller area where light intensity exceeds the polymerization threshold, initiating polymerization
only within the focal spot, allowing for a high resolution and localized printing [105]. This 2PP-printer has an
average output power of <180 mW and peak power of 25 kW [104].

Figure 4.3: Schematic comparison of one photon polymerization and two-photon polymerization. The area where
polymerization is initiated is limited to only the focal spot in two-photon polymerization. S1 indicates a first excited

state, and S2 indicates a second excited state. Based on Anderson et al. [106].

The printing configuration used was Dip-in Laser Lithography (DiLL) (Fig. 4.4) [104, 106]. The smallest fea-
ture size and the total printable volume are determined by the combination of objective, dose and resin type
[104]. Furthermore, the slicing and hatching lines are the horizontal and vertical printing lines that the printer
follows. The typical slicing and hatching distances for the 25x and 63x objective are 1 µm and 0.5 µm, and 0.3
µm and 0.2 µm, respectively [104]. The 25x objective has a theoretical lateral (xy) and axial (z) resolution of
595 nm and 3313 nm, respectively. In comparison, the 63x objective has a resolution of 340 nm and 826 nm,
respectively (Tab. 4.2). The smallest part of the conical pillar has a dimension of 2 µm (Fig. 3.2). Therefore,
both the 63x and the 25x objectives are evaluated, where the 25x objective has the advantage that printing
speed and printing field are higher than for the 63x objective [104].

Figure 4.4: Schematic of the Dip-in Laser Lithography (DiLL) configuration [104].
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Table 4.2: Photonic Professional GT+ Nanoscribe 2PP-printer parameters.

25x Objective 63x Objective
Standard slicing distance 1 µm 0.3 µm

Standard hatching distance 0.5 µm 0.2 µm
Theoretical lateral resolution 595 nm 340 nm
Theoretical axial resolution 3313 nm 826 nm

The prints were conducted in the galvo scanning mode instead of the piezo scanning mode since this opti-
mizes print time. Hatch lines were taken both one way (↑↑) and alternate (↑↓). During the dose tests, the dose
was kept constant as much as possible while changing the laser power (LP, %) and scanning speed (SS, µm/s).
The equation for the dose is given in Eq 4.1, where n = 2 since the technique uses 2-photon polymerization
[104].

Dose = LP n

SS
(4.1)

The resins used were IP-S (IP-S, Nanoscribe GmbH, LOT 1-600-0157) for the 25x objective and IP-Dip (IP-Dip,
Nanoscribe GmbH, LOT 1-600-0410) for the 63x objective. All prints were conducted on silicon wafers or
indium-tin oxide (ITO)-coated glass substrates. Silicon was selected as the final substrate, due to increased
attachment of the 2PP-resin, compared to the other ITO-coated glass option. When using silicon as substrate,
there may be interference problems where light is reflected off the surface, which creates extra unwanted
cured areas or areas exposed to a too high dose. A lower LP or higher SS could be used to mitigate this effect.

Standard printing protocol included cleaning the sample beforehand with acetone and IPA and subsequently
blow drying the sample with nitrogen. After cleaning, samples underwent a plasma oxygen treatment to
enhance the bond of the polymer structure to the substrate. This treatment was conducted on a plasma
cleaner (FEMTO plasma cleaner, Diener Electronic, Germany) for 15 min at 0.14 mbar and the power set at
80%. After printing, the sample was developed in propylene glycol monomethyl ether acetate (PGMEA) for
25 minutes to dissolve any unreacted resin and subsequently placed in IPA for 5 minutes. Afterwards, the
structure was delicately air-dried with an air gun.

Several dose and array printing tests were conducted to select the optimal printing parameters. The dose tests
were conducted to find the optimal printing parameters for the conical pillars. Subsequently, several array
printing tests were conducted to test the uniformity and dimension accuracy of the printed array. The pitch
used in these array tests was 20 µm. An overview of the parameters used can be found in Appendix A.4. The
job execution software used was NanoWrite (Nanoscribe GmbH), and the print job creation software used
was DeScribe (Nanoscribe GmbH). The DeScribe codes used for the printing tests are included in Appendix
B. During all prints, the PowerScaling used was 1. The PowerScaling times the LP determines the actual laser
emission of the printer [104]. In order to speed up the printing process, the GalvoAcceleration parameter
was increased from 1 to 10. In addition, the use of the Swift printing mode was evaluated. The Swift Mode
can increase print speeds up to ten times by combining an outer structure shell with a coarsely sliced and
hatched core [104]. The Swift Mode could decrease the surface quality compared to printing in the solid
mode. Moreover, UV post-curing of the print is generally not required but could increase overall stability
[104].

Imaging of the pillars was conducted using a scanning electron microscope (SEM) (JSM-6010LA analytical
scanning electron microscope, JEOL, Japan). The imaging was done using Secondary Electron Imaging (SEI),
measuring the surface morphology with an electron acceleration voltage of 10 kV or 15 kV. A gold coating was
applied to make the surface of the samples conductive, using gold sputtering at 30 mA for 30 seconds. The
gold sputterer used was the JFC-1300 auto fine coater (JEOL, Japan).
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4.5. POMaC stiffness quantification
Indentation tests have been widely applied to study the mechanical properties of soft materials such as soft
polymers and biological tissues, e.g. articular cartilage and subcutaneous tissues [107, 108]. These tests mea-
sure material stiffness very locally and, as such, have been used to quantify the difference between the surface
and the interior of polymers, such as PDMS [108]. The effective Young’s modulus at the surface of the POMaC
sample was measured with the Optics11 Life Piuma Nanoindenter (Optics11 Life, the Netherlands) (Fig. 4.5).
Three different samples containing POMaC (3h, 1 wt% TPO) were tested, listed in Table 4.3. All samples had
the same dimensions and were 2 mm thick. The samples were cured with UV light and oven curing at 80 °C for
48 hours. The difference between the samples is A) the UV light intensity during curing and B) the duration
the sample has been submerged.

Figure 4.5: The test set-up with the Piuma Nanoindenter and a submerged sample.

Table 4.3: Samples evaluated for their effective Young’s moduli.

Sample POMaC type UV curing intensity (IUV ) Oven curing Submersion
1. EPPOMaC (TPO) 100% for 30 min. 80°C for 48 hours <1 hour in DI water
2. EPPOMaC (TPO) 60% for 30 min. 80°C for 48 hours <1 hour in DI water
3. EPPOMaC (TPO) 100% for 30 min. 80°C for 48 hours 2 weeks in PBS

When in contact with the sample surface, the Nanoindenter cantilever deflects depending on the stiffness of
the surface. An optical interferometer measures this deflection. The measurements were conducted in PBS
and DI water, as this aids measurements on surfaces with adhesive properties. The first two samples were
placed in DI water for a relatively short time; they were submerged only during the measurement, which took
about an hour and 30 minutes, respectively. The third sample was submerged in PBS for 2 weeks to measure
the effect of long-term submersion. The measurement took place in fresh PBS.

To avoid the stiffness of the underlying substrate affecting the measurement, maximally 5% of the total sam-
ple thickness can be taken as cantilever indentation depth [109]. Since the samples have a thickness of 2 mm,
they can be indented for 10 µm. Moreover, the type of cantilever affects the allowed indentation depth. The
probe used for the measurements of the first two samples had a cantilever stiffness of 3.62 N/m and a tip
radius of 29 µm. For the third sample, the probe had a cantilever stiffness of 3.71 N/m and a tip radius of
28.5 µm. The indentation limitation of the probes is 3 µm, including a 0.9 µm safety margin. Therefore, the
indentation depth was set at 3 µm.
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Figure 4.6: An overview of the measurement points for the various samples. A) The measurement points for Sample 1
and Sample 3. B) The measurement points for Sample 2.

A matrix scan was conducted at several locations on the samples (Fig. 4.6). This scan measured 9 points close
together in a 3 by 3 square with 100 µm between each measurement point. A matrix scan provides multi-
ple measurement points without measuring exactly the same point multiple times, as previously measuring
might influence the subsequent measurements.

With nanoindentation, the effective Young’s Modulus is calculated. This modulus takes an assumed Poisson’s
ratio into account. The Poisson’s ratio (ν) is assumed to be 0.5 for soft (elastic) materials, with a bulk modulus
higher than the shear modulus [109]. The correlation between the effective Young’s modulus and the Young’s
modulus is given by

E = Ee f f (1−ν2) (4.2)

where E is the Young’s modulus, Ee f f is the effective Young’s modulus, and ν is the Poisson’s ratio [109]. The
model used as fit to calculate the effective Young’s modulus is the Hertzian model, where a single fit with
Pmax = 100% was used, meaning that all measurement data of the indentation are taken into account. The
Hertzian model is commonly used for measuring the elasticity of purely elastic linear materials in the kPa
stiffness range [109], and it does not take into account viscoelastic behaviour [108]. The effective Young’s
modulus with respect to the applied load in the Hertzian model is given by

P = 4

3
Ee f f R

1
2 h

3
2 (4.3)

Where P is the indentation load, R is the radius of the round indenter tip, and h is the indentation depth [109].

4.6. POMaC degradation
The concept for a dynamical pore size in the membrane rests upon the principle of the degradation of the
membrane material (Ch. 3). As the material degrades away, the pore diameter is hypothesised to increase
via surface degradation. Therefore, the effect of POMaC degradation on its geometry is measured. The
biodegradability rate changes with the monomer ratio, synthesis, and curing method. Thus, the degradability
process of the specific type of POMaC used in this study should be characterised. Moreover, measuring the
degradability rate should be conducted via a relatively simple method in order to be able to get fast insight
into the rate of degradation once a part of the previously mentioned aspects has been altered. A simple as-
sessment method allows future research to fine-tune the degradation rate of the material for its respective
applications.

The environment within the LOC was recapitulated regarding the shear stress at the material surface and the
medium flow present to measure the degradation rate. A channel was designed with embedded structures
(App. A.1.3). These structures can be filled with POMaC and are slowly exposed when the material degrades
away (Fig. 4.7). The structures consist of steps with a set height from each other. Each step exposed indicates
a certain layer height that the POMaC has degraded away. For fabrication of the set-up, 3D printing of the
mould was selected due to versatile geometry and rapid fabrication options.

Dimensions
The flow rate in the LOC is set at 137.5 ml/h [1], which gives a shear stress of 0.55 Pa at the top and bottom of
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Figure 4.7: Schematic of the insert with embedded structures placed in the channel. The exact dimensions are included
in Appendix A.1.3.

the LOC channels, according to Hele-Shaw flow (Equation 4.4). Where τ is the shear stress, η is the viscosity,
Q is the flow rate, and w and h are the channel width and height, respectively. To have a similar flow effect on
the POMaC as in the LOC, the shear stress in the degradation measurement set-up is also aimed at 0.55 Pa.
In order to calculate the dimensions of the biodegradability channel, a Matlab script was used, which can be
found in Appendix A.5.

τ= 6ηQ

wh2 (4.4)

The width of the channel was set at 5 mm. Under equal shear stress at the channel surface, the channel height
depends on the volumetric flow rate. The higher the channel height, the higher the flow rate needed (Fig. 4.8).
The viscosity of PBS is assumed constant since Yeom et al. [110] showed that the viscosity of PBS is hardly
flow-dependent. Selecting a realistic channel height of 3 mm requires a volumetric flow rate of 135 ml/min
(Fig. 4.8).

Figure 4.8: The channel height versus the volumetric flow rate for a constant shear stress (0.55 Pa) and a channel width of
0.5 cm.

The height and width of the fabricated channel are 3 mm and 5 mm, respectively. The channel length is 19
cm, restricted by the 3D printbed. The casing thickness around the channel is 3 mm, and the flow channel
inlets are placed in the middle of the flow channel.

Since the shear stress is aimed to be a constant value, the dynamic flow has to be fully developed to mitigate
any entrance effects, which is after the channel entrance length [111]. The entrance length would have to
be 12 cm to get a fully developed laminar flow (App. A.5.). This length would make the complete design too
long for 3D printing. Moreover, in the LOC device, a turbulent flow is present. In most practical engineering
applications, the entrance effect becomes insignificant beyond a pipe length of 10 times the diameter [111,
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112]. For a non-circular channel, the hydraulic diameter dh can be calculated as follows:

dh = 4 · h ·w

2w +2h
(4.5)

This gives a minimal entrance length for turbulent flow of 3.8 cm. Therefore, an entrance length of 5 cm is
included in the channel. The exit length may be smaller than the entrance length and is therefore set at 3 cm
[111, 112].

Various embedded structure geometries are used in the channel, both inverted cones and square stairs (Fig.
4.7). Structures are similar at the beginning, and the end of the channel and the structures are placed in
multiple orientations to mitigate the effect of location and orientation in the channel (App. A.1.3). There
is little initial guess on the biodegradability rate since it depends significantly on the type of POMaC used.
Therefore, the step size was taken as small as possible. The vertical step size in the structures is set at 0.11 mm,
at the limit of the 3D printer resolution. Each structure consists of 18 steps. A total POMaC layer thickness
of 2 mm was selected since that was the thickest layer cured up to then and could, therefore, certainly be
cured. The radius of the structures covers (almost) the whole range of the channel to observe the effect of
degradation over the whole channel width. The dimensions are optimized for a 3D printer resolution of 27
µm.

Fabrication
For fabricating the channel mould, the methodology for the toxicity assay moulds was used (Section 4.8).
The sole difference is that after the first 10 minutes in the UV post-curing step, weights were placed on the
biodegradability moulds to prevent bending of the long structures. This bending would prevent the top and
bottom parts of the channel from fitting together and forming a leak-tight channel. After post-curing the
parts were completely straight. Next, the biodegradability mould top and bottom parts were cooled down to
room temperature, placed on top of each other and taped together to preserve a lasting fitting shape. The
mould was made leak tight by adding a layer of polyurethane tape (eVatmaster Consulting GmbH, Germany)
between the two channel parts. This tape is a transparent, reusable tape which prevents any leaks. The
channel mould surface in contact with the tape was cleaned with ethanol and dried prior. Additional elastic
bands and clips were used to increase the tightening force.

Set-up

Figure 4.9: The experimental set-up
with both the channels under static

and dynamic flow conditions.

Syringe pumps do not support the recirculation of media. In contrast,
peristaltic pumps allow for recirculation, although peristaltic pumps pro-
vide a pulsed flow. Despite the pulsed flow, a peristaltic pump (MCP-
Process IP65, Ismatec, Germany) was selected for the experiment. This
pump theoretically has a flow rate of up to 230 ml/min for an inner tube
diameter of 3.2 mm. However, the set-up for this pump only provided a
maximum flow rate of 65 ml/min, where 135 ml/min would have been
ideal. A future design of the channel should therefore have a height of 1.4
mm. Alternatively, another pump could be used. This was not done in this
study due to time constraints.

The medium used was Dulbecco’s Modified Eagle’s Medium (DMEM)
medium. This medium was used since it has roughly the same compo-
sition as the medium used in cell cultures aimed to be eventually realized
on the membrane. The experiment was conducted at room temperature.
The degradation rate might be slightly higher during cell culture due to
temperature differences and the presence of cells.

The PPOMaC was added to the channel as follows: The 3D printed mould
was cleaned with ethanol, IPA, and water and dried. Then pre-POMaC,
(3h, 1 wt% TPO) was heated for 20 min. at 50°C to decrease the viscosity, and it was subsequently added to
the mould. The mould was placed in the desiccator to remove any air. Next, any excess POMaC was scraped
off using a flat blade. The POMaC was cured under the UV point source, with IUV = 100% for 30 minutes at
a height of 1.5 cm. Since there are various structures containing POMaC and they can not fit under the UV
lamp simultaneously, the structures not exposed to UV were covered with aluminium foil.
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Both the degradation rate under dynamic flow and under static conditions are relevant since both condi-
tions are present in the LOC. Therefore, POMaC is evaluated under both static and dynamic flow conditions.
Images during the experiment were taken on a digital microscope (VHX-6000 digital microscope, Keyence
International, Belgium). Figure 4.9 shows the experimental set-up used.

4.7. POMaC bonding
Several options were studied for integrating the POMaC membrane into the PDMS LOC device with a strong
and elastic bond: fabricating the complete device out of POMaC, and PDMS to POMaC bonding using various
methods.

POMaC-POMaC bonding
Since moulding of POMaC was possible (Section 5.2), fabricating the whole device out of POMaC could be an
option. In this approach, it was assessed to what extent POMaC could be bonded to POMaC. This was tested
by spreading a thin layer of uncured POMaC between two fully cured slabs of POMaC using a spatula. The
structure was UV cured for 30 min. under the UV point source, IUV = 100%, at a height of 1.5 cm. Subse-
quently, it was placed on a hot plate for 30 min. at 150 °C. Next, the bond strength was tested by pulling on
the respective slabs with tweezers.

PDMS-POMaC bonding
Whether POMaC could be bonded to the PDMS LOC chip directly was tested using three different methods:
(1) directly bonding PDMS and POMaC together using UV and heat curing; (2) bonding the two materials
together by placing either liquid PDMS or POMaC in between and subsequently UV or heat curing; and (3)
using oxygen plasma on the PDMS surface to activate it, before bonding it to POMaC.

Plasma surface pre-treatment is commonly used for bonding polymers, such as PDMS, by activating the sur-
face [113]. Domansky et al. [113], for example, performed surface bonding of PDMS and polyurethane via
air plasma treatment. During surface activation, the surface energy increases and short-lived highly reactive
species are produced in the plasma and bound to the surface. With oxygen plasma, mainly hydroxyl groups
are formed. In PDMS, for example, these replace the present methyl groups [114]. When the hydroxyl groups
fabricated on the polymer surface come into contact, a condensation reaction occurs, where a covalent bond
is formed, and water is expulsed [114] (Fig. 4.10). Oxygen plasma treatment could allow for a bond that
maintains the elasticity needed when bonding the membrane to the LOC since it does not introduce a stiff
material.

Figure 4.10: Schematic illustration of the mechanism of polymer bonding by oxygen plasma surface activation. Hydroxyl
groups are added to the surface during plasma activation. A condensation reaction is initiated by placing two activated
surfaces onto each other, where the formed hydroxyl groups react into water and an a covalent bond. Loose adaptation

of Ramakrishna [114].

(1) To test whether POMaC and PDMS could be directly bonded, previously cured POMaC and PDMS samples
were placed on top of each other and exposed to UV light for 30 min. at IUV = 100% under the UV point source
at a distance of 1.5 cm. Afterwards, the samples were oven-cured at 85 °C for 1 hour, after which the bond
strength was tested by pulling on the material with tweezers.

(2) To test the bonding of POMaC to PDMS with a liquid POMaC layer, a PDMS LOC actuator layer was at-
tached to a thin spincoated POMaC layer, using a thin uncured liquid POMaC layer in between. The spin-
coated and cured POMaC was spincoated on a silicon substrate primed with HMDS. The liquid POMaC layer
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was subsequently cured for 30 min under the UV point source at IUV = 100% at a height of 1.5 cm. Subse-
quently, the substrate was oven post-cured at 85 °C for 1 hour. After curing, the whole substrate, including
the PDMS, was submerged in DI water to loosen the adherence of the spincoated membrane to the substrate.
Subsequently, the adherence of PDMS to POMaC was tested. The same methodology was used for testing the
bond using a liquid PDMS layer.

(3) To test the bonding of POMaC to PDMS using oxygen plasma, a cured PDMS piece was placed in the
plasma cleaner (ATTO plasma cleaner, Diener Electronic, Germany). Two tests were performed. First, only
the PDMS was exposed to plasma at a power of 100 W (50% intensity) for 1 minute. Second, exposure at a
power of 200 W (100 % intensity) for 3 minutes was conducted on both the PDMS and POMaC samples. After
exposure, the PDMS and POMaC samples were placed on top of each other and left for 30 minutes. Next, the
sample adherence was evaluated by pulling with tweezers on the respective samples.

4.8. POMaC cytotoxicity assay
A toxicity assay was conducted to evaluate the cytotoxicity of POMaC and the photoinitiators Irgacure 2959
and TPO. A cytotoxicity assay uses an eluate of a material to study to what extent cell apoptosis and metabolism
are present to get an indication of the cytocompatibility of the material [115]. An eluate results from elution
and is the solution of solvent and dissolved matter. It is obtained by extracting material from a base material,
in this case POMaC, by placing it in a solvent, here cell culture medium [115, 116]. This eluate, containing
degraded POMaC, is added to a healthy cell culture. By tracking cell viability after adding the eluate, cytotoxic
effects of the material on the cell culture can be studied.

The cytotoxicity of 4 different POMaC configurations were evaluated (Tab. 4.4). The differences between the
eluate samples were: A) the type and concentration of photoinitiator present in the POMaC and the curing
method and B) the elution time. The elution time is the period that a POMaC sample is in contact with the
cell culture medium, during which it leaches. The elution times evaluated are one, two and five days. A
further explanation will given in Section 4.8.4. To evaluate the cytotoxicity of pure POMaC, EPOMaC without
any photoinitiator was utilized (Sample 1). An EPOMaC sample with an uncured photoinitiator was tested
to study how the cell culture would be affected when the uncured photoinitiator remained present in the
material (Sample 2). Only oven curing was used to cure these samples. Additionally, PPOMaC samples with
different photoinitiators (Irgacure 2959 and TPO) were studied to evaluate their cytotoxicity combined with
POMaC (Samples 3 and 4).

Table 4.4: Samples evaluated in the toxicity assay.

Sample Type of POMaC, photoinitiator Curing method
1. EPOMaC, no photoinitiator Oven curing, 80°C for 72 hrs.
2. EPOMaC, uncured 1 wt% TPO Oven curing, 80°C for 72 hrs.
3. PPOMaC, 5 wt% Irgacure 2595 UV curing, IUV = 100%, h = 1.5 cm, 45 min.
4. PPOMaC, 1 wt% TPO UV curing, IUV = 60%, h = 1.5 cm, 30 min.

4.8.1. Sample dimensions
The amount of eluate fabricated is 10 ml to have enough cell culture medium to exchange medium every
two to three days (allowing for three exchanges overall) for all experimental runs on a 48-well plate. The
concentration of eluate in the toxicity assay was taken as the highest possible eluate concentration that the
cells could theoretically encounter in the LOC device. Therefore, the same medium: POMaC volume ratio
in the toxicity assay is used, as the medium: POMaC volume ratio of the membrane in the LOC device in
the static state. This static state is taken as the volume of the POMaC membrane and the volume of the cell
culture medium present when the complete lower LOC channel is filled and no flow, tubing, or extra medium
is present.

The dimensions of the LOC were taken as stated in Section 2.3.2. The thickness of the membrane is ideally
10 µm. However, this is a very thin membrane, and the feasibility of fabricating this thickness is not yet
apparent. Therefore, a thicker membrane (60 µm) is used in the dimension calculations of the sample since
POMaC should be nontoxic for a possible thicker membrane incorporated in the LOC as well.

Ideally, the sample also has the same aspect ratio as the membrane. However, since the membrane has a very
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high aspect ratio and to preserve handleability, the thickness of the disc sample was set at 1 mm. Keeping
the medium: POMaC volume ratio constant provided a disc with a thickness of 1 mm and a diameter of 2
cm to be placed in 10 ml cell culture medium. The complete calculations can be found in Appendix A.6. The
corresponding mould dimensions for the 3D printed moulds can be found in Appendix A.1.2.

4.8.2. Mould fabrication
Figure 4.11 shows a schematic of the experimental protocol.

Figure 4.11: Schematic illustration of the experimental protocol.

PDMS moulding was used to fabricate the POMaC structures. PDMS moulds were fabricated by curing liquid
PDMS in a 3D printed mould (Fig. 4.11 step 1-3.). The 3D printed moulds for the toxicity and degradability
measurements were printed on a high-resolution stereolithography (SLA) printer (Form 3B+, Formlabs, USA).
This SLA printer uses Low Force Stereolithography (LFS) with 250 mW laser power. The resolution used to
print the moulds is 25 µm, and the resin used for printing is the Clear Resin V4 (Formlabs, USA). This material
has cured an ultimate tensile strength of 65 MPa and a tensile modulus of 2.8 Gpa. It has a heat deflection
temperature of 73.1 °C at 4.55 bar, meaning that at an applied load of 4.55 bar, the mould starts to deform at
73 °C [117]. It was found that the mould for the POMaC samples did not deform when placed at 80 °C in the
oven for two days.

After printing, the prints were placed in the freezer for about an hour to ease release from the print plate.
The supports were broken with a knife. Subsequently, the structures were placed in an IPA bath ( >99.8%
(GC), Honeywell/Riedel-de Haën, CAS 67-63-0) for 15 minutes and blown free of any remaining resin and IPA
with an airgun. This process was repeated. The moulds were post-cured at 60 °C for 40 minutes. The PDMS
moulds were fabricated using the 3D printed moulds according to the protocol described in Section 4.2.2.

4.8.3. POMaC sample fabrication
To fabricate the POMaC samples using PDMS moulding, depicted in Figure 4.11 step 4, the following protocol
was used:

1. The PDMS moulds were placed in a 5% Pluronic F-127 solution for 5 minutes and, subsequently, air
dried.

2. Then POMaC was preheated for 20 minutes at 50 °C in the oven to decrease the viscosity and to ease its
pouring into the PDMS mould.

3. Subsequently, a specific type of POMaC was poured into the dry PDMS mould, and any excess POMaC
was scraped off the top using a flat knife. No glass plate was added to allow for easier removal when
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cured. No desiccator step was used as it was found that without this step, fewer air bubbles were formed
during oven curing.

To fabricate an EPPOMaC sample:

4.A.1. An initial UV curing step was conducted using the UV point source. The UV source was placed 1.5 cm
above the sample. The samples containing TPO were cured at IUV = 100% for 3 x 15 min. Samples
containing Irgacure 2959 were cured for 2 x 15 min at IUV = 60%.

Note: Various UV curing lengths and intensities were tried. This is the advised protocol for the samples
used in the cytotoxicity assay based on the previous experiments.

4.A.2. The moulds were placed in the oven at 80 °C for 48 hours.

4.A.3. After oven curing, the sample was UV post-cured for 2x15 min. at IUV = 100% with the UV point source
1.5 cm above the sample.

Note: No EPPOMaC samples were used in the toxicology experiment, only EPOMaC and PPOMaC sam-
ples.

To fabricate an EPOMaC sample:

4.B. An EPOMaC sample is only ester-crosslinked by oven curing, so no photocrosslinking was applied.
The EPOMaC samples for the toxicology experiments were oven cured at 80 °C for 72 hours, based on
research by Zhang et al. [57].

To fabricate a PPOMaC sample:

4.C. The samples were photo-crosslinked using the UV point source. The UV lamp was placed at a height
of 1.5 cm above the sample. The samples containing TPO were cured at IUV = 100% for 3 x 15 min.
Samples containing Irgacure 2959 were cured at IUV = 60% for 2 x 15 min.

5. For all samples, the mould was placed in PBS for one day after curing to leach out the remaining un-
cured polymer and photoinitiator and to facilitate easy removal of POMaC from the mould. Samples
containing uncured photoinitiator were wrapped in aluminium foil to prevent the photoinitiator from
post-curing.

4.8.4. Cell culture protocol
All samples were placed in PBS for 24 hours to leach out. After 24 hours, they were demoulded from the
PDMS mould and placed in PBS again for 24 hours (Fig. 4.11 step 5-7). Subsequently, the samples were
used at the EMC for an autofluorescence test (Section 4.9). Subsequently, the samples were sterilised in 70%
ethanol for 10 seconds, air dried for 50 seconds and washed twice in PBS (Fig. 4.11 step 8). Afterwards, they
were immersed in 10 ml Keratinocyte Serum-Free Growth Medium (KSFM) cell culture medium for specified
elution times in the incubator at 37.0 °C and 5.0% CO2 (Fig. 4.11 step 9).

After 1, 2, and 5 days 3 ml of the medium was separated from the POMaC discs and placed in sterile tubes
to create eluates with various contact times ( T=1, T=2 and T=5) with POMaC (Fig. 4.11 step 10). Each time
3 ml of medium was separated and placed in a new sterile tube. The separated eluates were placed in the
incubator until they were added to the cell culture (Fig. 4.11 step 11). Table 4.5 gives an overview of the
elution time, the four different samples and the run number of each well. For each configuration, two wells
were utilised to minimise any deviant effects.

The type of cells used are PBECs (PBEC D23 P6) since these are more sensitive to environmental conditions
than immortalized cell lines. A 48-well plate was used with about 50 000 cells per plate. Twenty-four hours
after the cells were inoculated, the eluates were added. Since the POMaC discs have a dimension scaled to
the highest concentration that cells could experience in the LOC, all of the well’s medium is replaced with a
medium that has been in contact with POMaC for a specific time. As a control, eight wells containing pure
KSFM medium are used. The 48-well plates were placed in the incubator at 37.0 °C and 5.0% CO2. One, two
and five days after adding the eluate to the cells, the viability of the cells were evaluated. This was done using
brightfield imaging (Revolve microscope, Echo, USA). The cell culture medium was refreshed after 48 hours.
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Table 4.5: Overview of experimental runs, regarding elution times and sample types.

Sample: Days in contact with POMaC Run number

EPOMaC, No photoinitiator
T=1 1, 2
T=2 3, 4
T=5 5, 6

EPOMaC, Uncured 1 wt% TPO
T=1 7, 8
T=2 9, 10
T=5 11, 12

PPOMaC, 5 wt% Irgacure 2595
T=1 13, 14
T=2 15, 16
T=5 17, 18

PPOMaC, 1 wt% TPO
T=1 19, 20
T=2 21, 22
T=5 23, 24

Control (T=0) 25- 31

4.9. Autofluorescence of POMaC
The membrane in the LOC device is to be imaged using confocal microscopy, including the use of fluorescent
stains. Therefore, the membrane should exhibit as little fluorescence as possible since this could interfere
with the imaging of the cells. The amount of autofluorescence POMaC exhibits is assessed for various often-
used fluorescent wavelengths. Both samples with and without photoinitiators are evaluated.

The thickness of the material and the exposure time used for imaging influence the perceived fluorescence of
the material. Therefore, POMaC samples of two different thicknesses are studied. The first six samples are 1
mm thick samples, fabricated as stated in Section 4.8. The 1 mm thick samples, which had been submerged
in PBS for at least two days, were placed in a polystyrene Petri dish during imaging. Additionally, a thin layer
of POMaC on glass (about ∼200µm) thicker than the eventual membrane, was tested for its autofluorescence.
Moreover, a previously fluorescently stained cell culture slide was placed on top to use realistic exposure time
settings. This allowed for evaluating whether the intrinsic autofluorescence of a thin POMaC layer would
pose a limitation when imaging a cell culture. Moreover, a thin PDMS layer with a 1:15 curing agent to base
ratio on glass was tested to compare its fluorescence under similar circumstances to POMaC. Table 4.6 gives
an overview of the tested samples.

For the fabrication of the thin POMaC layer, POMaC (3h, 1wt% TPO) was preheated for 20 min at 50 °C.
Subsequently, around 2 ml of POMaC was placed on a glass slide which was cleaned with acetone, IPA and DI
water, respectively. This slide was placed in a spincoater (Spin150i, SPS-POLOS), and the program for a 200
µm thick layer was run (Section 4.3). Curing was done by placing the slide under the UV point source for 4 x
15 min, IUV = 100% at a height of 2 cm.

Table 4.6: Overview of samples used for the autofluorescence experiment.

Sample: Type of POMaC, photoinitiator Sample thickness
1. EPPOMaC, 5% Irgacure 2595 1 mm
2. EPPOMaC, 1 wt% TPO 1 mm
3. EPOMaC, No photoinitiator 1 mm
4. EPOMaC, Uncured 1 wt% TPO 1 mm
5. PPOMaC, 5% Irgacure 2595 1 mm
6. PPOMaC, 1 wt% TPO 1 mm
7. PPOMaC, 1 wt% TPO ∼200 µm
8. PDMS, 1:15 curing agent:base ∼200 µm

The fluorescence is measured on the ECHO Revolve Microscope (Revolve, Echo, USA). Four different wave-
lengths are tested, corresponding to four different widely applied stains [118–121]. Table 4.7 summarizes the
stains and their corresponding maximum excitation and emission wavelength tested.
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Table 4.7: The different wavelength ranges tested and their corresponding stains. The wavelengths are as specified by the
manufacturer. The excitation and emission maxima are stated respectively.

Wavelength Corresponding stain Colour in image
350 nm - 470 nm [118] DAPI (4’,6-diamidino-2-phenylindole) Blue
490 nm - 520 nm [119] FITC (Fluorescein-5-isothiocyanate) Green
596 nm - 615 nm [120] TXRED Cyan
649 nm - 666 nm [121] CY5 Yellow

For each sample, a brightfield image and fluorescent images were taken. The intensity of the fluorescent
colour in the image depends on the exposure time used to capture the images. The exposure times used for
the 1 mm thick and the ∼ 200µm thin samples are listed in Appendix A.7. The samples in Table 4.6 were tested
for their autofluorescent properties in the middle of the sample and at the edge. Both their fluorescence for
single stains and a fluorescent overlay with brightfield were imaged. All photos were taken with a 2x objective.
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Results

This Chapter covers results found during the experiments listed in the methodology. An interpretation of the
consequences of these results on the membrane concept will be provided in the discussion (Ch. 6). Support-
ing information is included in Appendix C.

5.1. POMaC synthesis and curing
All pre-polymers were fabricated using a 5:1:4 molar ratio of 1,8-octanediol, citric acid and maleic acid, re-
spectively, through a poly-condensation reaction. The pre-polymer is a viscous, transparent liquid at room
temperature. It was observed that the viscosity of the pre-polymer depends on the heating time of the
monomer mixture under nitrogen conditions due to the crosslinking density created within the pre-polymer.
Heating for 3 hours during synthesis provided a higher viscosity that could be cured faster than its counter-
part heated for 2.5 hours. Due to its shorter curing time, pre-POMaC (3h) was used for most experiments.
Moreover, the viscosity was found to be temperature dependent: increasing the POMaC temperature signifi-
cantly decreased the viscosity, improving the material handeability. Therefore, POMaC was heated up at 50°C
for 20 minutes in the oven before using it in either moulding or spincoating.

Furthermore, a significant difference between the use of the two different photoinitiators was observed. PO-
MaC containing 5 wt% Irgacure 2959 cured significantly faster than POMaC containing 1 wt% TPO, when
curing with the same UV intensity for equal durations. This difference is possibly attributable to the higher
photoinitiator concentration of Irgacure 2959. Additionally, POMaC containing 5 wt% Irgacure 2959 showed
yellowing (Fig. 5.1 A) when exposed to high intensity UV for prolonged times ( ∼30 minutes). POMaC con-
taining 1 wt% TPO remained fully transparent after curing (Fig. 5.1 B and C). Thus, there is a trade-off in
curing speed versus complete transparency.

Figure 5.1: (A) EPPOMaC containing 5 wt% Irgacure 2959 cured for 30 min. at IUV = 100% and oven cured for 48 hrs. at
80 °C. (B) PPOMaC containing 1wt% TPO cured for 45 min. at IUV = 100% and oven cured for 48 hrs. at 80 °C. (C)

Transparency of a 2 mm thick EPPOMaC sample containing 1 wt% TPO post-curing in a 3 mm thick PDMS mould.

5.2. POMaC moulding
Moulding POMaC directly in the stiff 3D printed moulds was not possible because of detachment difficulties
due to POMaCs strong adhesion to the 3D printed mould and the rigidity of the 3D printed mould. Using
flexible PDMS moulds to mould POMaC proved to be the most suitable solution. EPPOMaC and PPOMaC

53
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samples could be extracted from the PDMS moulds relatively easy. EPOMaC samples, on the other hand,
due to only being ester crosslinked, exhibited very low stiffness, limiting its demoulding. For example, it was
found that solely oven-curing the sample for 48 hours left the POMaC sample too soft to extract. Post-curing
the sample with UV significantly increased the mechanical strength of the POMaC to the point that it was
detachable from the PDMS mould. When UV curing the sample before and after oven-curing for 30 min., the
sample was more prone to tearing than only UV curing a single time for 30 min. Another option was to oven
cure the POMaC for 72 hours to increase crosslinking density, though extraction was still challenging due to
low stiffness, stickiness and large POMaC deformation.

Figure 5.2: POMaC sample
fabricated by moulding in PDMS.

The POMaC sample was detachable from PDMS moulds treated with 5%
Pluronic F-127 when submerged in DI water or PBS for 1 to 2 days. A 1%
Pluronic F-127 concentration was too low to make the sample easily de-
tachable. A higher concentration of Pluronic F-127 of 10% would form
ridges when drying, altering the mould surface and leaving an imprint
on the POMaC sample. Therefore, 5% Pluronic F-127 was used as surface
priming in PDMS moulds and curing via 48 hours of oven curing at 80°C
and UV post-curing for 30 minutes posed the best means of moulding a
POMaC sample (Fig. 5.2).

Furthermore, the moulds containing POMaC placed in the low pressure
desiccator overnight prior to oven-curing were found to contain large air
bubbles even after 14 hours in a desiccator. Any bubbles present at the
start of oven curing would not disappear and, therefore, be present in the
final sample. Moulds not placed in the desiccator contained no bubbles
at the start and end of oven curing. Therefore, unlike in moulding PDMS,
not using a desiccator proved more optimal in moulding POMaC.

5.3. Spincoating
In evaluating whether a thin and uniform layer of POMaC could be spincoated, several aspects were found
to influence the layer quality: the pre-POMaC viscosity; the substrate priming; the curing method, time
and temperature and the spincoating parameters. Additionally, membrane detachment was studied, which
proved to be very dependent on the type of substrate priming.

As mentioned, pre-POMaC (3h) exhibited a higher viscosity and faster curing than pre-POMaC (2.5h). Pre-
POMaC (3h) was used due to its faster curing. However, when using more viscous POMaC, film rupture,
creating a ’spiderweb effect’ was observable, where void spaces appear in the POMaC, causing an unstable
and non-uniform layer (Fig. 5.3 H). Especially the 3 hours heated pre-POMaC used at room temperature
showed high viscosity and generated an unstable thin spincoated POMaC layer in every instance. Therefore,
preheating the material at 50°C for 20 min. to reduce its viscosity before spincoating was found to provide
better results than POMaC at room temperature.

POMaC adhered well to unprimed glass or silicon during spincoating and curing, providing a uniform layer
(Fig. 5.3 E). On highly hydrophobic surfaces, such as PTFE, POMaC had too little adherence, exhibiting un-
stable layer formation (Fig. 5.3 A). Within minutes post spincoating, an initially uniform POMaC layer would
shrink to form separate POMaC droplets. HMDS and a Pluronic F-127 solution were promising since these
provide a sacrificial layer, allowing detachment of the POMaC from the substrate. A 1% Pluronic F-127 solu-
tion, though providing better results than PTFE, did not provide a stable and uniform layer during spincoating
and curing (Fig. 5.3 G and H). HMDS, on the other hand, did provide a stable and uniform layer throughout
spincoating and curing (Fig. 5.3 D). No difference between glass and silicon as substrate was observed.

Thin POMaC layer detachment from unprimed glass and silicon proved to be very difficult, if not impossi-
ble, by pulling the material or submerging it in an aqueous solution. This underlined the need for a surface
primer. POMaC detachment from PTFE was remarkably easy. Figure 5.3 B and C show the PTFE substrate
before and after detachment, showing no residue is left behind when detaching the POMaC with tweezers
using hardly any pulling force. Detachment of POMaC on HMDS and Pluronic F-127 was also possible after
submerging it in an aquaous solution such as PBS. Thicker layers (> 40 µm) could also be detached using tape
(Fig. 5.3 F). Thus, regarding the detachment and obtainable POMaC layer uniformity and stability on various
surface primers, an HMDS priming on silicon provided the best results.
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Figure 5.3: An overview of the spincoating results. (A) POMaC spincoated on PTFE, film rupture and droplet formation
visible. (B) POMaC on PTFE before detachment. (C) The PTFE surface after POMaC detachment, showing no residue.

(D) A uniform layer of spincoated and cured POMaC on a HMDS surface priming on silicon. The square in the middle of
the substrate contained 2PP-printed pillars. (E) A uniform and stable spincoated POMaC layer on glass with no substrate

priming before curing. (F) Detachment of a POMaC layer using 3M tape. (G) Film rupture of the POMaC layer on a
surface primed with Pluronic F-127 before curing. (H) Film rupture and non-uniformity of the POMaC layer on a surface

primed with Pluronic F-127 after curing.

It was found that the curing method plays an essential factor in the uniformity of the film. Heat curing at too
high temperatures creates void spaces in the spincoated membrane due to film rupture and shrinkage. A pos-
sibility to mitigate this is to increase the curing temperature slowly. However, since an uncured thin POMaC
layer also creeps up over time, the long curing time associated with a slowly increasing curing temperature
made it challenging to fabricate a uniform thin membrane by heat curing. The same phenomenon was ob-
served when curing a thin layer of POMaC with UV light at a high intensity for a long time. Therefore, it was
determined solely UV cure the POMaC spincoated sample at a suitable intensity. The best curing parameters
were UV curing for 30 min. (2 x 15 min.), with a UV source intensity of IUV = 100% and a source height of 2
cm above the substrate.

5.3.1. Layer thickness
The thickness of a spincoated POMaC layer on a silicon substrate primed with HMDS was measured using
white light interferometry. The spincoating parameters used to spincoat this layer were the same parameters
used to spincoat a 10 µm thick PDMS layer (Tab. 4.1) [1]. The thickness was measured at 5 different areas
along a cut edge of the spincoated POMaC layer (Fig. 5.4). All data points within each area (Fig. 5.4 B) were
combined in histogram plots, shown in Figure 5.5. The left and right peaks indicate the substrate surface’s
height with respect to the POMaC layer height, respectively. Small pieces of POMaC left on the substrate and
layer irregularities, such as the presence of air bubbles (Fig. 5.4 D), might cause a spread in the peaks.
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Figure 5.4: (A) A brightfield image of the cut made across the POMaC layer to measure the layer thickness. (B) White light
interferometry image of one of the areas used to obtain surface height data. Red: POMaC. Blue: silicon substrate. (C) An

example graph of height difference data obtained with white light interferometry along a straight line. The graph
corresponds with the height along the blue line in Figure 5.4 B. (D) White light interferometry image of an area used to
obtain surface height data. A surface irregularity can be seen in the lower part of the area (black). Yellow: POMaC. Blue:

silicon substrate.

Figure 5.5: Histograms showing the height distribution of the spincoated POMaC layer and the substrate surface for five
different measured areas. The left and right peaks indicate the substrate and the POMaC layer height, respectively.
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To calculate the mean POMaC layer thickness, a cropped data set of all points within a peak was created with
which the mean (µ) and standard deviation (σ) were calculated. The thickness of the POMaC layer (µi ±σi )
was calculated by subtracting the mean POMaC layer height (µPLH ) by the mean substrate surface height
(µSSH ), using Equation 5.1. An overview of the obtained mean thicknesses and their standard deviations
for each area is included in Table 5.1. The overall mean layer thickness was found to be 13 ± 5 µm (Eq.
5.2). A mean and standard deviation instead of a fitted Gaussian curve was used due to surface unevenness,
causing a spread in the peaks. The Matlab code utilized to analyze the results is included in Appendix C.1.1.
The white light interferometry images are included in Appendix C.1, and the raw data set is included in the
Supplementary files.

µi ±σi = (µPLH −µSSH )±
√
σ2

PLH +σ2
SSH (5.1)

µover al l ±σover al l =
1

5

5∑
i=1

µi ±
√√√√ 5∑

i=1
σ2

i (5.2)

Table 5.1: Measured height difference (mean ± standard deviation) between the substrate and the top of the spincoated
layer of five areas on a cut POMaC spincoated layer.

Measurement Height difference (µm)
1. 18 ± 3
2. 14 ± 3
3. 12 ± 1
4. 12 ± 2
5. 10 ± 3

5.4. Micropillar fabrication
Several laser exposure dose tests were conducted to evaluate the possibility of creating a micropillar mould
using 2PP-printing. A summary of the results is provided in Table 5.2. The first dose test exhibited an inaccu-
rate pillar geometry, due to a too high LP (Fig. 5.6). The range of SS tested did not have a significant effect on
the geometry of the printed pillars. The second dose test was aborted and did therefore not provide results.
In the third dose test, the LP range was lowered and the SS was kept equal to the conditions in the first dose
test. The pillar geometry was significantly better, though a ’wing-shaped’ defect was observed on all pillars
at the same location on the structure (Fig 5.7 B). This shape could be due to printing parameters, irradiation
dose, the reflective property of the silicon substrate, or the limited resolution of the 25x objective. Moreover,
the pillars exposed to a lower dose exhibited the most accurate geometry of the respective dose test (Fig 5.7
C). Again SS had no substantial effect on the geometry, but a lower LP proved more optimal.

Table 5.2: Summary of the results of the various dose tests conducted and listed in Table A.2.

Test Result
Dose test 1 Inaccurate pillar geometry, LP too high, no significant difference with SS.
Dose test 2 Interface failed, aborted.
Dose test 3 Inaccurate pillar geometry, lower LP gave better results, no significant difference with SS.
Dose test 4 Inaccurate pillar geometry.
Dose test 5 Some pillars showed well-defined geometry, no ’wing-shaped’ defects present.

Projected hatch lines were an issue. The best result was found using parameters of Area 1.
Array test 1 Array print possible with 25x objective.
Array test 2 Array print possible with 63x objective.
Array test 3 A LP of 50% provided consistently well-defined pillar geometry.
Array test 4 The best printing parameters were successfully incorporated in an array.
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Figure 5.6: SEM images showing pillars fabricated in Dose test 1. (A) Overview of the complete pillar array. LP increases
from bottom to top and SS increases from left to right. (B) Close-up of the pillar indicated with the small red square. (C)

Close-up of the pillars indicated with the larger red rectangle. All images were taken under a 30° angle.

Figure 5.7: SEM images showing pillars of Dose test 3 and 4. (A) Top view overview of the complete pillar array fabricated
in Dose test 3. LP increases from bottom to top and SS increases from left to right. The blue dashed box indicates all

pillars without a ’wing-shaped’ defect. (B) Pillars exhibiting the ’wing-shaped’ defect. Close-up of the pillars indicated
with the red square in Figure A. (C) Close-up of the pillar exposed to a low LP which does not exhibit the ’wing-shaped’
defect, indicated by the red arrow in Figure A. (D) SEM image of the top view of pillars created in Dose test 4 (Area 2).

Geometric defects can be seen at the top side of the pillars.
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Therefore, in the fourth dose test, several printing parameters were evaluated. An increased slicing and hatch-
ing distance were used, since increasing these distances causes a lower local exposure dose. Moreover, a larger
amount of shell contours was tested, since this could have provided a more accurate and well-defined geom-
etry. The range of LP and SS was kept equal for each condition tested (App. A.4). However, it was observed
that the ’wing-shaped’ defect was still present (Fig. 5.7 D).

Since the ’wing-shaped’ defect was still present, the 63x objective was tested in Dose test 5 to evaluate the
effect of an objective with a higher resolution. Both the standard and an adjusted slicing and hatching dis-
tance and shell contour count were used. In order to evaluate the cause of the geometric defect the samples
were designed with and without contour. Moreover, a range of LP and SS were evaluated (App. A.4). Besides
that, for Area 4, a swift printing mode was tested. It was observed that none of the pillars printed with the
63x objective showed the ’wing-shaped’ defects. Furthermore, the pillars that were printed with the standard
system settings (Area 2), exhibited significantly projected hatch lines (Fig. 5.8 A). Moreover, for several pillars
exposed to a low dose, the top came loose (Fig. 5.8 B). Using the swift mode (Area 4), under higher SS, the
hatching lines became significantly pronounced, showing a diminishing surface quality (Fig. 5.8 C). The most
promising pillars of each area were selected and compared (Fig. 5.8 D, E and F) and the printing parameters
used for these pillars are summarized in Table 5.3. Pillars from Area 2 were not included as all pillars exhibited
poor geometry. Based on the results, pillar 1 (Fig. 5.8 D). with a LP between 40% and 60% was promising and
thus selected for the third array print test.

Figure 5.8: SEM images showing pillars created in Dose test 5. (A) Pillar in Area 2, showing projecting hatch lines. Imaged
under a 30° angle. (B) Pillar in Area 2, showing the top of the shell of the pillar detached. (C) Pillar row in Area 4. With

increasing SS, hatch lines become more pronounced. SS increases from left to right. (D) Pillar 1, located in Area 1.
Imaged under a 30° angle. (E) Pillar 2, located in Area 3. Imaged under a 30° angle. (F) Pillar 3, located in Area 4. Imaged

under a 30° angle.
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Table 5.3: Overview of the parameters used for several promising pillars of Dose test 5, shown in Figure 5.8 D, E and F.
The printing time is a DeScribe software calculation if a 3 x 3 mm array of pillars is to be printed (81 x 81 pillars) with a

63x objective.

Pillar Area LP (%) SS (µm/s) Slicing, hatching distance Contour lines Printing time
Pillar 1 Area 1 60 10000 0.3 µm, 0.2 µm 0 9:42 hrs.
Pillar 2 Area 3 40 15000 0.3 µm, 0.2 µm 2 10:43 hrs.
Pillar 3 Area 4 90 10000 0.9 µm, 0.35 µm 2 7:49 hrs.

The first and second array prints showed that using the 25x and 63x objective, respectively, a good array print
could be conducted where the pillars remained in contact with to the surface during development and which
showed accurate pillar distribution and pitch. The third array print test, using the parameters of Dose test 5
and a LP ranging between 40% and 60%, showed that using a LP of 50 % was suitable for well-defined pillars,
when compared to a LP of 40% and 60% (Fig. 5.9). An LP of 60% gave inconsistent results and exhibited
defects in several pillars (Fig. 5.9 C). The best printing parameters discerned for the designed pillars on a
silicon substrate were: a slice and hatching distance of 0.3 µm and 0.2 µm, respectively; A shell contour count
of zero; A LP and SS of 50% and 10 000 µm/s, respectively; Oxygen plasma treatment beforehand; And a
galvoacceleration of 10 V/ms2, stagevelocity of 200 µm/s and a powerscaling of 1. Therefore, in fabrication of
the final array, Array test 4, these parameters were incorporated (Fig. 5.10).

Figure 5.9: SEM images showing pillars created in Array test 3. (A) Pillar created using a LP of 40%. Image taken under an
angle of 30°. (B) Top view of a pillar created using a LP of 50%. (C) Pillar created using a LP of 60%. Defects are visible.

(D) Side view of the pillars created with a LP of 50%, image taken under an angle of 30°.
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Figure 5.10: SEM image showing an array of conical pillars created in Array test 4.

5.5. POMaC stiffness quantification
To obtain the effective Young’s modulus of the EPPOMaC samples tested by nanoindentation, the Dataviewer
V2 software of Optics11 Life was used to analyse the raw data. The data fit was based on a Hertzian model
(Section 4.5). An illustrative load-indentation curve of raw indentation data including a Hertzian fit for a
single indentation measurement is shown in Figure 5.11. The red curve indicates the Hertzian fit overlying
the blue loading data. The green line indicates the unloading of the indentation [109]. For the Hertzian model
a single fit with Pmax = 100% was used, meaning that all measurement data of the indentation loading step
are taken into account in the calculation of the effective Young’s modulus at each location.

Figure 5.11: An example of a load-indentation graph of a single measurement including a Hertzian fit (red) on raw
indentation data (blue).

To analyse the results, the Matlab boxplot function was used. A full overview of the Matlab script and the data
can be found in Appendix C.2 and the Supplementary files. The boxplots in Figure 5.12 give an overview of
the effective Young’s moduli at the tested locations of the various samples. The different location points are
indicated in Figure 4.6.
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The top and bottom of the box indicate the 25th and 75th percentile of the data set, respectively, and the red
midline represents the median. The whiskers indicate the furthest data point within the dataset, excluding
outliers. Any outliers, indicated by a red +, are defined as any value more than 1.5 times the interquartile
range away from the top or bottom of the box. The interquartile range is the distance between the top and
bottom of the box.

Figure 5.13: An overview of the mean effective Young’s modulus of each sample.

A comparison of the mean effective Young’s modulus of the samples is given in Figure 5.13. The mean effective
Young’s modulus and standard deviation of each sample were calculated using Equation 5.3 and Equation 5.4,
respectively.

x̄ = 1

n

n∑
i=1

xi (5.3)

σ=
√∑n

i=1(xi − x̄)2

n −1
(5.4)

The samples had been submerged for different lengths of time: 2 weeks for Sample 3 versus <1 hour for
Sample 1 and 2. From the results it is clear that if POMaC is submerged for a prolonged time the effective
Young’s modulus becomes significantly lower. Sample 1 and 2 have a mean effective Young’s modulus of
301± 60 kPa and 352± 70 kPa respectively, whereas the longer submerged Sample 3 has a mean effective
Young’s modulus at the surface of the material of 62± 20 kPa. Moreover, there is no significant difference
between Sample 1 and Sample 2, which were fabricated using a different UV intensity. The measurement of
the second sample does show a higher uncertainty.
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5.6. Degradation
The results of the degradation test of PPOMaC submerged in DMEM cell culture medium under static con-
ditions are shown in Figure 5.14. At the start of the test, the POMaC is still fully transparent (Fig. 5.14 A).
After 2 days submersion in medium, parts of the POMaC have turned opaque and no significant swelling is
present (Fig. 5.14 B and C). After 12 days submersion, swelling of the PPOMaC can be observed (Fig. 5.14 E).
Moreover, parts of the opaque POMaC are turning transparent again (Fig. 5.14 D). On day 29 of submersion
in medium, it can be observed that the opaqueness is further diminishing. The transparency is located at
the shallow regions within the structure, while at the deeper locations opaqueness is still present (Fig. 5.14
F). Swelling has increased slightly (Fig. 5.14 G). No parts of the 3D printed structures became exposed and
free of POMaC during the experiment under static or dynamic flow conditions. Therefore, overall, PPOMaC
submerged in DMEM medium under both conditions does not degrade more than 100 µm within 1 month.
Furthermore, it was observed that the cell culture medium changes from pink to a light yellow colour after 1
to 2 days of use (Fig. 4.9).

Figure 5.14: Degradation of PPOMaC under static conditions over several days. A) POMaC before degradation, day 0. B)
Top view after 2 days submersion in medium. POMaC is turning opaque. C) Side view after 2 days submersion in

medium. D) Top view after 12 days submersion. E) Side view after 12 days submersion. Swelling of the POMaC can be
observed. F) Top view after 29 days submersion. G) Side view after 29 days submersion.

Figure 5.15: Comparison of PPOMaC under static conditions and under dynamic flow conditions after 2 days
submersion in DMEM medium. A) Side view of POMaC in static conditions. B) Top view of POMaC in static conditions.

C) Side view of POMaC in dynamic flow conditions. D) Top view of POMaC in dynamic flow conditions.

Figure 5.15 shows the difference between PPOMaC under static and under dynamic flow conditions. PPOMaC
under a dynamic flow condition where the culture medium is pumped around with 65 ml/min, exhibits more
swelling than under static conditions (Fig. 5.15 A and C). Moreover, the opaque layer in PPOMaC under this
dynamic flow was diminished by 29% ± 10% with respect to the static condition. The decrease in the opaque
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layer was calculated by close visual and pixel measurement of the images. First, the decrease in opaqueness
as percentage of the total structure intersection length (Li ) was taken, in every structure within the static and
dynamic flow samples after 2 days (Fig. 5.16 A and Tab. 5.4). Second, using Equation 5.5 the corresponding
depth of the opaque layer was calculated. Here Li is the initial length of the structure (2.43 mm and 4.86 mm
for the conical and square structures, respectively), Lt is the length of the transparent material, α is the angle
within the structure (38.6°and 21.8°, resp.), and d is the depth at which the opaque layer is assumed present
(Fig. 5.16 B).

d = t an(α)∗Lt (5.5)

Figure 5.16: (A) Comparison of PPOMaC under static conditions (after 2 and 29 days) and under dynamic flow
conditions (after 2 days). For PPOMaC under static conditions after 2 days an opaque layer depth of 0.31 ± 0.2 mm was

calculated. PPOMaC under dynamic flow conditions exhibited a degradation boundary depth of 0.87 ± 0.2 mm after two
days. Differences in white intensity may be due to light settings, opaque layer depth and dispersity changes.(B)

Schematic illustration of the calculation of the opaque layer depth (dashed line).

Table 5.4: Overview of the decrease in opaqueness, as percentage of the total structure intersection length, in every
structure within the static and dynamic flow samples after 2 days. The corresponding depth at which this opaque

boundary layer is assumed present is included as well.

Structure
Static, day 2 Flow, day 2

Decrease of
opaqueness

Corresponding
layer depth [mm]

Decrease of
opaqueness

Corresponding
layer depth [mm]

1. 30% 0.58 60% 1.16
2. 20% 0.39 50% 0.97
3. 6% 0.11 45% 0.86
4. 11% 0.22 45% 0.86
5. 11% 0.22 39% 0.76
6. 17% 0.33 39% 0.76
7. 16% 0.31 40% 0.77
8. 18% 0.35 40% 0.77

Average 16% ± 7% 0.31 ± 0.2 45% ± 7% 0.87 ± 0.2

The average depth at which the opaque boundary layer was present after 2 days was 0.31± 0.2 mm for the
static condition and 0.87± 0.2 mm for the dynamic flow condition (Tab. 5.4). This is a difference of roughly
35% between the two conditions. A numerical comparison between day 2 and day 29 for the static condition
was not conducted due to the vague opaque layer boundaries after 29 days, impairing accurate measure-
ments. Thus, PPOMaC exhibits opaqueness upon degradation in a layered manner. This opaqueness may
decrease over time where the areas close to the material surface are affected first. Moreover, PPOMaC ex-
hibits swelling during degradation. Incorporating a flow rate speeds up this process, presenting an increased
degradation rate.
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5.7. POMaC bonding
A strong bond connecting the POMaC membrane to the PDMS LOC device which remains intact under actu-
ation and membrane stretching is necessary. Moreover, a strong bond between the membrane and an addi-
tional structure could also aid in detaching the membrane from the substrate. Both POMaC-POMaC bond-
ing and POMaC-PDMS bonding were evaluated. POMaC-POMaC bonding formed long-term stable bonds.
Pulling at each side of the bond with tweezers to detach the POMaC did not undo the bond before general
rupture of the POMaC slabs. Thus, POMaC can be bonded well to POMaC by adding and heating uncured
POMaC between two cured POMaC slabs.

None of the PDMS-POMaC bonds created using the methods in Section 4.7 showed long-term stability. The
direct POMaC-PDMS bond and POMaC-PDMS bond with a liquid POMaC or PDMS layer in between cured
the layers were found to loosen immediately when being submerged in DI water (Fig. 5.17). This shows that
connecting POMaC to PDMS via these methods, does not create a strong bond. Moreover, in both tests incor-
porating oxygen plasma, no strong bond was created when using oxygen plasma on the POMaC and PDMS
layers before placing them together. The samples were detachable from each other easily using negligible
force.

Figure 5.17: The result of POMaC-PDMS direct bonding. A) a PDMS actuator part was directly bonded to a thin POMaC
layer on a silicon substrate. B) The two layers were easily detached, leaving both layers unimpaired.

5.8. Cytotoxicity of POMaC and photoinitiators
A cytotoxicity assay using eluates was conducted to evaluate the cytotoxicity of POMaC and two photoinitia-
tors, Irgacure 2959 and TPO. Images of the cell culture exposed for one day and five days to the eluates of the
T=1 condition are included in Appendix C.3. The cell culture results after two days in contact with the eluates
are included in this Section. The T=1 eluate condition has been incubated with POMaC for the shortest time
(1 day). The images of the cell cultures with eluates exposed longer to POMaC (T=2 and T=5) are included in
the Supplementary files.

Figure 5.18 and 5.19 show the cell culture two days after the POMaC eluates are added. The eluates in these
images have been in contact with the POMaC samples for one day (T=1) prior to being added to the cell
culture. The control wells containing regular KSFM cell culture medium showed that most cells adhered to
the substrate and were spread out. In addition, a large number of cells were present (Fig. 5.18 A). In the
EPOMaC sample containing no photoinitiator (Fig. 5.18 B), fewer cells than in the control were present,
of which about half adhered well to the substrate. The other half exhibited round cells which were loosely
attached, showing moderate cytotoxic reactivity to the eluate. The cytotoxic reactivity of the cell culture is
based on the qualititative morphological grading of cytotoxicity of extracts according to ISO10993-5 (Tab.
5.6). A general overview of the reactivity of the various cell culture conditions where the eluate was incubated
with POMaC for 24h at 37°C (T=1) is included at the end of this Section in Table 5.5.

Moreover, the cells in culture with eluates from PPOMaC with cured 1 wt% TPO do not exhibit good adherence
to the substrate, even at low eluate concentration (T=1), showing severe reactivity to the eluate (Fig. 5.19
A). In addition, cell cultures containing eluate from PPOMaC with cured 5 wt% Irgacure 2959 also showed
similar, poor adherence of the cells to the substrate, small round cells and limited cell growth (Fig. 5.18 D).
In contrast, the cell culture with eluate from uncured 1 wt% TPO looks more healthy than the cultures with
cured 1 wt% TPO when comparing the T=1 eluates, showing a mild reaction to the eluate after one and two
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days in cell culture. This cell culture contained better-adhered cells of which not more than 20% showed a
rounded morphology and no extensive cell lysis was present. Overall, none of the cell cultures showed as
good cell viability as the control. After five days in culture, the control showed a significantly more confluent
cell layer than the cultures containing eluate, which showed very little cell viability, extesive cell lysis and a
low cell count.

Figure 5.18: Cell culture images after 2 days in culture with the POMaC T=1 eluate. A) Control cell culture. B) EPOMaC
with no photoinitiator, T = 1, well A. C) EPOMaC with 1 wt% uncured TPO, T = 1, well B. D) PPOMaC containing 5 wt%

Irgacure 2959, T = 1, well B.

Figure 5.19: Comparison of the cell culture images of two different eluates, after 2 days in culture with the POMaC
eluates added. A) PPOMaC containing 1wt% TPO, T = 1, well B. B) PPOMaC containing 1wt% TPO, T = 5, well B.
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When the eluates had been in longer contact with the POMaC (T=1 vs. T=5), the cells exhibited a slightly
lower adherence to the substrate and their morphology was more round, indicating higher reactivity to the
eluate. This phenomenon was observed in the cell cultures containing eluate of the POMaC with uncured
TPO and the cell cultures with eluates of POMaC containing no photoinitiator. In the cell cultures containing
eluate of PPOMaC with cured TPO and Irgacure 2959, this phenomenon was difficult to establish, since this
cell culture already exhibited a severe reactivity to the eluate. Thus, a higher POMaC concentration might
have a negative influence on cell viability.

Moreover, little specs of material can be seen throughout the cell cultures imaged after two days in cell culture
with the eluates. The amounts differ per sample, eluates from POMaC with no photoinitiator or with cured
Irgacure 2959 hardly contain extra material, whereas the one containing PPOMaC with cured TPO contains a
lot of precipitated material. Figure 5.19 shows the difference in the amount of material in the cell culture with
an eluate that has been in contact with PPOMaC containing cured TPO for one day (T=1) (A) versus for five
days (T=5) (B). The number of specs increases with the time the POMaC samples have been in contact with
the medium to create the eluate. Therefore, the material specs might be dissolved and settled POMaC within
the eluate.

Table 5.5: Qualitative morphological evaluation of cytotoxicity of POMaC eluate, incubated for 24 h at 37°C (T=1), with
respect to PBEC reactivity. The various columns indicate the different cell culture durations. The reactivity is graded

based on ISO10993-5.

Eluate condition
Cell culture reactivity

Day 1 Day 2 Day 5
Control None None Slight
EPOMaC, No photoinitiator Moderate Moderate Severe
EPOMaC, Uncured 1 wt% TPO Mild Mild Severe
PPOMaC, 5 wt% Irgacure 2959 Severe Severe Severe
PPOMaC, 1 wt% TPO Severe Severe Severe

Table 5.6: The qualitative morphological grading of cytotoxicity of polymer extracts, as stated in ISO 10993-5:2009(E).

Reactivity Condition of cell cultures
None No cell lysis, no reduction of cell growth, discrete intracytoplasmatic granules.

Slight
Not more than 20% of the cells are round, loosely attached and without
intracytoplasmatic granules, or show changes in morphology; occasional lysed
cells are present; only slight growth inhibition observable.

Mild
Not more than 50% of the cells are round, devoid of intracytoplasmatic
granules, no extensive cell lysis; not more than 50% growth
inhibition observable.

Moderate
Not more than 70% of the cell layers contain rounded cells or are lysed;
cell layers not completely destroyed, but more than 50% growth inhibition observable.

Severe Nearly complete or complete destruction of the cell layers.

5.9. Autofluorescence of POMaC
The results of the 1 mm thick samples showed that pure POMaC exhibits autofluorescence on multiple wave-
lengths commonly used in fluorescence imaging: CY5, DAPI, FITC, and TXRED (Fig. 5.20). There was no
significant difference between POMaC without or with photoinitiator added. The intensity of the autoflu-
orescence depends on the material thickness and the exposure time used when taking the image. To test
whether this autofluorescence would limit imaging of fluorescently stained cells on a thin membrane, a ∼200
µm thin membrane containing PPOMaC with 1 wt% TPO was tested with a stained cell culture on top using
realistic exposure times (Fig. 5.21). It was found that the thin membrane at these exposure times showed
little autofluorescence (Fig. 5.21 A), comparable with the autofluorescence of PDMS (Fig. 5.21 B), and did not
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limit the imaging of the stained cell culture (Fig. 5.21 C). An overview of the results for all the samples and the
exposure times used are included in Appendix C.4 and A.7, respectively.

Figure 5.20: Autofluorescence imaging results of a 1 mm EPOMaC sample containing no photoinitiator. Scalebar, 850
µm.

Figure 5.21: Autofluorescence imaging results of a thin PPOMaC and PDMS sample comparing the level fluorescence
with the addition of stained cells. A) The autofluorescence measured on a 200 µm thick PPOMaC sample containing 1
wt% TPO. B) The autofluorescence measured on a 200 µm thick PDMS sample, using the same exposure times. C) The

autofluorescence measured on a 200 µm thick PPOMaC sample containing 1 wt% TPO with a microscope slide
containing a fluorescently stained cell culture on top. Using the same exposure times. Scale bars, 170 µm.





6
Discussion

This study evaluates whether a membrane with a dynamic pore size could be fabricated based on material
biodegradability and evaluates POMaC’s suitability as a structural membrane material to this end. Part one
of this discussion will interpret the obtained results and analyse the methodology used. In part two, the
project will be analysed in a broader view and provide alternative approaches that could be followed if the
methodology used is to be discarded.

6.1. Interpretation of findings
The concept of using biodegradation to create an increasing pore size was studied in closer detail: whether
a thin membrane could be spincoated; and whether small pillars could be 2PP-printed as a moulding struc-
ture for creating an imprint in the spincoated membrane. Moreover, POMaC with a 5:1:4 monomer ratio
(1,8-octanediol: citric acid: maleic acid) was evaluated on several aspects: its mechanical properties; its sur-
face adhesion and bonding to various materials; its degradability; its autofluorescence; and its toxicity. This
Section will discuss the results of the studied aspects. Afterwards, an overall analysis will be given.

Fabrication differences
The UV lamp used was a point source (Bluepoint 4 Ecocure) with light output dimensions of about 1 cm2

point diameter, giving a high local intensity within and low intensity outside this area. Therefore, larger areas
than the point diameter were more challenging to cure equally, possibly creating polymerization differences
within larger POMaC samples due to fabrication. However, care was taken to mitigate this effect as much as
possible by, e.g. polymerizing in steps and covering not yet-to-be-cured parts with aluminium foil. Moreover,
in a small amount of the experiments, an unreliable UV lamp (Photopol Light-curing unit, Dentalfarm, Italy)
was used; the results obtained with this lamp are therefore not included or considered in the conclusions. In
future research, local variations can be limited by using a UV flood light instead of a point source.

Several results were obtained regarding the two photoinitiators, 5 wt% Irgacure 2959 and 1 wt% TPO. No sig-
nificant difference in the cytotoxicity of 5 wt% Irgacure 2959 and 1wt% TPO was found, as both cultures did
not exhibit good cell viability. POMaC with 5 wt% Irgacure 2959 exhibited yellowing after curing, whereas
POMaC with 1 wt% TPO did not. Although yellow, the POMaC with Irgacure 2959 had similar transparency
to POMaC with TPO and can be assumed to provide relatively equal imaging possibilities. Moreover, 5 wt%
Irgacure 2959 was found to cure POMaC significantly faster than 1 wt% TPO. Curing POMaC with 1 wt% TPO
takes a relatively long time (∼ 30 minutes for a thin layer). To speed up the curing process, 5wt% Irgacure
2959 could be used as a photoinitiator, despite the yellowing. A second option is to increase the concentra-
tion of 1wt% TPO in future research. The toxicity and stiffness of POMaC, among others, with an adjusted
photoinitiator concentration would have to be re-evaluated.

Spincoating and pillar moulding
It was evaluated whether spincoating could be a possibility for fabricating a membrane with a thickness of
about 10 µm. In order to do this, several spincoating settings were used, and various substrate primers were
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tested. HMDS, as a surface primer, provided the best results, providing uniform and stable (thin) spincoated
layers after curing. A membrane with a thickness of 13 ± 5 µm could be fabricated, roughly the desired thick-
ness range for the LOC concept membrane although with still quite some thickness variability. This spin-
coated thickness was limited mainly by the handleability of the membrane due to membrane detachment
difficulties.

Furthermore, it was tested whether a mould containing conical pillars could be fabricated using 2PP-printing.
Well-defined pillars could be created in an array spanning 3 mm by 3 mm, with accurate dimensions of the
2PP-prints with respect to the design. The pitch of the pillars used in the dose and array tests was 20 µm,
which posed no issues. A larger pitch should, therefore, also not give any challenges. The pitch advised when
fabricating the final membrane is about 35 µm, as stated in Section 3. Overall, 2PP-printing is a promis-
ing method for fabricating a mould containing conical pillars. To what extent the pillars remain adhered to
the substrate during the POMaC membrane demoulding is to be evaluated. A recommended approach for
testing this is included in Appendix D.1. Moreover, UV post-polymerization of the pillars post-printing could
enhance their stability and prevent shrinkage. In future, this additional step could be tested and incorporated
as well.

A thin, uniform and stable POMaC film was thus created and detached. Moreover, an array of well shaped
conical pillars was also created, which could be used as a structural mould for imprinting the pore structures
within the membrane. A combination of fabricating and detaching a thin membrane while utilizing the cone-
shaped pillars still has to be conducted.

Stiffness quantification
Regarding the present variation within one sample and the variation between samples, these results mainly
give a valuable indication of the material’s elastic modulus at the surface. There are relatively large deviations
between the measurements even though they are taken close together. These deviations can have several
reasons: fabrication differences such as UV lamp spot differentiation, irregularities and imperfections in the
material, and sample adhesion to the substrate during measurement. Moreover, the second sample was sub-
merged for a shorter time than the first; Sample 1 was submerged for around 20 minutes longer while setting
up the experiment, whereas Sample 2 was measured immediately. This time difference might explain the
slight difference in standard deviation and mean stiffness between these samples. Note that the effective
Young’s modulus was measured at the top layer of the sample. This stiffness is experienced by cells located at
the surface. The Young’s modulus within the bulk of the material may differ. This latter stiffness is critical to
the overall strength and elasticity of the membrane. Naturally, the thinner the sample, the less variation there
will be in the stiffness throughout the material.

The obtained effective Young’s moduli of 0.30 ± 0.06 MPa, 0.35 ± 0.07 MPa and 0.06 ± 0.02 MPa fit in the
0.03 MPa - 1.54 MPa stiffness range for POMaC as stated by Tran et al. [67]. Moreover, it corresponds with
observations of Boutry et al. [68], who found a tensile modulus of 0.3 MPa with slightly different parameters
1. Moreover, Tran et al. [67] found a Young’s modulus of 0.29 ± 0.04 MPa 2. Both these studies exhibit a similar
stiffness range as the EPPOMaC samples with 1 wt% TPO as the photoinitiator tested in this research.

Moreover, the effective Young’s modulus, measured at the EPPOMaC surface, is lower after 2 weeks of sample
submersion in PBS. This corresponds with the results of Boutry et al. [68], who found that the tensile modulus
of both EPPOMaC and EPOMaC diminished the longer the material was incubated in PBS at 37 °C. EPPOMaC
exposed to physiological media had a decreasing tensile modulus at a rate of -11% per week [68]. This re-
search found an effective Young’s modulus decrease of more than 65% after two weeks, which is significantly
higher. This difference could be due to a difference in measurement location. Whereas Boutry et al. [68]
measured the bulk properties during tensile tests, this study performed a stiffness measurement solely at the
material surface.

Moreover, the type and concentration difference of the photoinitiator used might also play a role. Suppose
fewer non-hydrolysable photocrosslinks are generated with 1 wt% TPO than with 5 wt% Irgacure 2959. In that
case, POMaC with 1 wt% TPO could have a faster deteriorating mechanical cohesion in the material during
degradation, even with a lower citric acid concentration compared to the monomer ratio that Boutry et al.

1EPPOMaC with 5 wt% Irgacure 2959 as photoinitiator, UV cured for 20 min. and 48 hours oven post-polymerisation, using a monomer
ratio containing a higher citric acid to maleic acid ratio than this project [68].

2Using PPOMaC with the same molar ratio as this project, containing 1 wt% Irgacure 2595, UV irradiated for 10 min [67].
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[68] used. Therefore, to diminish the stiffness decrease of the membrane within the LOC upon degradation,
besides adjusting the monomer ratio, the photoinitiator concentration and type could be adjusted to increase
the crosslinking density. Naturally, this also influences the degradation rate, as will be explained later in this
Section.

The effective Young’s modulus of the POMaC sample submerged for 2 weeks was 62 ± 20 kPa. This is softer
than most cell culture scaffolds reported up to now [12, 14, 19, 39, 47]. Moreover, the found stiffness comes
close to the stiffness range of native lung tissue (5 - 30 kPa) [67]. Generally, the stiffness of the alveolar-
capillary barrier is assumed lower than 10 kPa [4, 30, 36]. Literature has shown that soft and elastic scaffolds
provide better angiogenesis than stiff scaffolds [67]. Therefore, POMaC proves to be a very promising material
regarding its surface stiffness for lung cell cultures.

Moreover, the LOC device prior designed by the PME Department was designed for a 10 µm thick, 15:1 base:
crosslinking agent ratio PDMS membrane [1]. Depending on the curing method, this type of PDMS has a
stiffness of ∼ 400 kPa when baked at 90 °C for 15 min. The POMaC was found to have a stiffness between
roughly 60 and 350 kPa. A lower membrane stiffness would require a lower actuation pressure, which is
possible. Lastly, since POMaC degrades layer-by-layer, the measured stiffness measured at the surface after
prolonged submersion will be lower than within the centre of the material. How fast the stiffness throughout
the whole material is affected and decreases depends on the degradation and water diffusion rate.

POMaC degradation
A surface erosion rate of 0.5µm/week was aimed for to obtain the ideal pore size proposed in the concept ( 3≥
d ≤ 8 µm) by the time flow is introduced in the LOC (Section 3). This means that over 4 weeks, the span of the
degradation experiment, a surface erosion of 2 µm is assumed ideal for a purely static condition. However,
significant swelling was observed. The PPOMaC was affected by degradation at a depth larger than 2 µm after
two days, as indicated by the presence of an opaque layer at these depths (Tab. 5.4). After two days under
static conditions, a layer of about 0.3 ± 0.1 mm was affected by degradation. For conditions under dynamic
flow, the degradation rate was higher, where the POMaC was affected by degradation to a layer depth of 0.9 ±
0.2 mm (Fig. 5.16).

Since the opaque layer depth progressed layer-by-layer, it was evident that the PPOMaC was affected by
degradation in a layered manner. This corresponds with the literature [66–68]. Moreover, regarding the large
amount of swelling present, it was observed that the rate at which water penetrates the material significantly
exceeds the rate at which the polymer is broken down, a hallmark of bulk degradation [77]. A significant
decrease in material strength, but not in volume was observed (Fig. 5.13 and Fig. 5.14). It was also evident
that the degradation moved in a layered manner through the material, as the opaque transition layer moved
down through the POMaC (Fig. 5.14). Therefore, it can be argued that POMaC does degrade in a layer-by-
layer manner. However, the top layer, affected by hydrolysis, exhibits bulk degradation characteristics, where
molecular weight decrease and loss of strength precede mass loss (Fig. 2.16). This has several implications:
large material swelling and loss of material strength before loss of mass.

A model of the breakdown of POMaC is proposed and illustrated in Figure 6.1. In this model, initially, both
hydrolysable ester bonds (blue) and carbon-carbon crosslinks (red) are present in the polymer (Fig. 6.1 A).
When water propagates into the polymer, hydrolysis starts, breaking down the ester bonds, shortening the
polymer chains and decreasing the molecular weight of the area affected by water propagation. The polymer
network structure remains still largely intact, maintaining the network strength. With more polymer bonds
broken, this network strength deteriorates. The non-hydrolysable carbon-carbon crosslinks remain, main-
taining a network structure which maintains part of the polymer strength. Mass loss is, at this point, limited
since polymer chains are still entrapped by or connected to the network by, for example, the non-hydrolysable
vinyl crosslinks. The subsequent weakened network structure swells with the encapsulated water (Fig. 6.1 B).

The amount of swelling in photocrosslinked POMaC can be directly correlated to the amount of crosslink-
ing in the polymer. This crosslinking density depends, among others, on the concentration of maleic anhy-
dride in the polymer [67]. Increasing maleic anhydride concentration increases the degree of carbon-carbon
crosslinking via photopolymerisation, causing a slower degradation rate [67]. Moreover, a higher density
of ester bond crosslinking also decreases the biodegradability rate when comparing monomers with equal
monomer ratio’s [67]. On the other hand, if the citric acid to maleic anhydride ratio is increased, the amount
of carbon-carbon crosslinking diminishes, the hydrophilicity increases and the degradation rate increases
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under equal curing conditions [67]. It can be assumed that a higher degree of crosslinking prevents the water
molecules from penetrating at the same rate through the material, slowing them down. A lower degree of
crosslinking or increased hydrophilicity elicits an opposite effect, increasing the water diffusion rate. This
means that a trade-off is present between the degradation rate and the amount of swelling observed by ad-
justing the monomer ratios.

Figure 6.1: A schematic illustration depicting a structure (grey) containing POMaC exposed to water during degradation
over time. (A) POMaC containing ester bonds (blue) and carbon-carbon crosslinks (red). (B) Water is seeping into the

material breaking the hydrolysable ester bonds. Carbon-carbon crosslinks remain and swelling occurs. (C) The
hydrolysis transition layer (blue area) proceeds deeper into the material. Eventually carbon-carbon crosslinks are

broken down, causing mass loss.

The material turns opaque (blue layer) when affected by hydrolysis. This increase in opacity is a sign that
hydrolytic degradation has started [79]. This loss of transparency indicates a change in the reflective index
due to water absorption and the formation of low molecular weight compounds. Crystallinity increases and
voids are formed, which also may contribute to an increase in opacity as polymers are usually opaque because
of light scattering on the numerous boundaries between the differently organised material regions [79]. For
example, crystallinity could occur due to broken-down chains having greater freedom to form regions with
more highly organised structures, as is the case for hydrophilised amorphous cellulose and many polymers
[77, 79, 122]. The fact that the polymer becomes an opaque white colour is also seen in PLA degradation,
which degrades with hydrolysis as well [81].

As water further propagates into the material, causing a hydrolysis reaction further away from the surface,
this opaque transition layer also propagates further down into the material (Fig. 6.1 C). This propagation is
relatively slow, exhibiting the layer-by-layer degradation of POMaC. Significant mass loss and complete net-
work breakdown are present once the carbon-carbon crosslinks also degrade away, which is at a significantly
later stage than the ester bond breakdown.

The first implication of degradation with bulk characteristics is that POMaC exhibits significant swelling as
the hydrolysable ester bonds are broken, but the carbon-carbon crosslinks remain. This swelling is decreased
from the top side when mass loss kicks in. However, the further down the opaque layer travels, the more
swelling will occur. Thus, swelling will be present until the entire device has been broken down. This is
different than would occur in pure surface erosion where material breakdown exceeds the rate of water prop-
agation into the material, limiting swelling [77]. Since swelling will be omnipresent during degradation, the
pores in the membrane would close up instead of becoming open more during material breakdown.

A second implication is that POMaC exhibits strength loss before mass loss in the area affected by hydrolysis.
The breakdown of the hydrolysable ester bonds decreases the material strength of the material within the
region affected by water. The deeper into the material POMaC is affected by the penetrating water, the more
the mechanical properties will decrease, causing loss of strength before loss of mass. This aspect was also
observed in the effective Young’s modulus measurements at the surface of submerged POMaC (Fig. 5.13).
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The top part of the POMaC basically turns into a hydrogel where water is kept between the polymer network.

For the design of a cell-supporting membrane under strain, the layer-by-layer degradation and penetration of
water into the material need to be sufficiently slow so that the internal mechanical strength of the membrane
is preserved. The diffusion rate of water into the material is thus a critical parameter. The degradation rate
and the amount of swelling can be influenced by the crosslink density, which limits the propagation of water
into the material [67, 92]. However, the rate of mass loss should, for the concept tested in this study, be fast
enough to enable the opening up of dynamic pore sizes. Significant material loss only starts once the carbon-
carbon crosslinks also degrade away, breaking up the remaining polymer network. At this point, the overall
dimensions of the material will start to decrease. Figure 6.2 illustrates a model on how POMaC could degrade
around a pore based on the model introduced above (Fig. 6.2 A) versus a membrane exhibiting pure surface
erosion (Fig 6.2 B). For POMaC, the deeper the degradation boundary reaches into the POMaC, the more
pronounced the swelling will become. Due to swelling, the pores in the membrane, instead of opening up,
will close up. This would not limit water permeability but might impede signalling molecule and immune
cell transmigration.

Figure 6.2: Schematic illustration of a pore in the membrane affected by (A) layer-by-layer softening exhibiting bulk
degradation characteristics. As POMaC is broken down by hydrolysis, the material decreases in strength, a polymer

network remains present and the material exhibits swelling. (B) An illustration of the effect of surface erosion, where the
degradation reactions are limited to the surface of the polymer and the rate of hydrolysis of bonds is relatively fast

compared to the diffusion rate of water into the bulk material [77]. As such, swelling is limited.

Overall, POMaC degrades layer-by-layer since the water takes time to reach the other side of the sample, pos-
sibly due to a large degree of crosslinking. As such, POMaC is a very suitable degradable packaging material,
reducing the effect of material breakdown to the surface and limiting it in the area of the material not yet
affected by water. This corresponds with Huyer et al. [66], who stated that POMaC maintained its mechanical
properties over 2 months in hydrolytic degradation conditions for a 1.5 x 0.5 x 10 mm sample. Furthermore,
POMaC showed no appreciable mass loss over 14 days when exposed to the enzymatic environment of car-
diac cells [66]. On the other hand, POMaC is less suitable when a structural geometry at the microscale needs
to be maintained within the material, as large amounts of swelling can be observed upon degradation, which
does not diminish appreciably over short time spans.

The presence of cells on the material and increased temperature in the incubator might increase the degra-
dation rate. Enzymes might affect the moment when mass loss starts since these might readily break down
the carbon-carbon and ester crosslinks. However, it is difficult to establish to what extent enzymatic degra-
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dation, also with respect to hydrolysis, plays a role in polymer breakdown due to difficulties in comparing
in vivo data to in vitro data due to the lack of standardisation for in vivo studies, and the minimal data on
POMaC [81]. Furthermore, it has been reported that POMaC has a degradation mechanism comparable to
that of PGS, where both take place via hydrolysis [68]. Pomerantseva et al. [83] state that enzymatic digestion
played a significant role in the degradation of PGS, indicating that PGS resorption might be primarily due to
enzymatic degradation, as observed for other surface eroding polymers, next to slow hydrolytic degradation
[83]. Enzymes capable of hydrolysing ester bonds are, for example, lipases [83]. Thus, the cellular effect on
degradation is a vital aspect to consider in future studies.

Comments on experimental set-up
Since POMaC degrades layer-by-layer, but the material does not degrade away fully simultaneously with poly-
mer bond breakdown, the degradation experiment set-up was too idealistic. This set-up assumed solely sur-
face erosion characteristics and material dissolution roughly at the moment of material degradation and,
therefore, utilised geometric structures to evaluate the rate of degradation [77, 81]. However, for reasons
described previously, the polymer network exhibits swelling quite a long time after degradation is initiated,
limiting the use of geometry to get an indication of the degradation rate.

Furthermore, letting the syringe pump run for multiple days placed considerable wear on the tubing, causing
leaks. Subsequently, this wear was diminished by way of lubrication. Additionally, a different pump with a
higher flow rate or a lower channel height should ideally be incorporated if a more optimal version of the
degradability channel mould is desired to be used, as explained in Section 4.6.

Furthermore, it was observed that the initially pink cell culture medium in the degradability experiment
changes to a light yellow colour after 1 to 2 days of use (Fig. 4.9). This DMEM medium obtains its colour
from phenol red, which is an indication of the medium pH. Yellowing indicates a reduction in the pH, which
can have several causes. A reduction in the pH could be due to the increase in carboxylic acid groups within
the POMaC, which act as proton donors (as explained in Section 2.5.2). Another possible reason is the high
environmental oxygen concentration during the experiment. Usually, this medium is used in an incuba-
tor with an oxygen percentage of about 5%, whereas the experimental environment contains 21% oxygen.
Moreover, normal cellular respiration (glycolysis) and the presence of aerobic bacteria also result in medium
acidification [123, 124]. Sample contamination can, therefore, also be a source of medium acidification.

The molecular weight decrease, loss in strength and loss in mass for polymer degradation are commonly
studied with chromatography, tensile testing (e.g. by DMA) and mass reduction measurements, respectively
[81, 87, 124]. Studying the degradation using these techniques could give a better understanding of the exact
degradation process and validation of the model introduced above. It might also be interesting to measure
the difference in mechanical properties between POMaC already degrading and the part that has not yet been
degraded. So, for example, cut a partly affected POMaC sample and measure the stiffness of the polymer on
either side. Also, research into the water diffusion rate into the polymer would be very valuable.

Furthermore, a permeability measurement to study the degradation effect on the pores would be interesting.
As mentioned, the material swells and expectedly, the pores close up. However, the pores are still present,
and the surrounding material becomes softer. Thus the membrane would still be water permeable, though it
is as yet unclear how permeable it would be to proteins, signalling molecules and cells. A short and schematic
proposal for an experiment is included in Appendix D.2.

Lastly, deviations in swelling and the degree of opaqueness within various sample structures can be due to
local differences in the degree of photopolymerisation. This aspect could have been diminished by using
a UV floodlight instead of a point source. Moreover, as UV curing was only conducted on one side of the
sample, that surface might have absorbed more energy and contain a higher crosslinking density. Naturally,
this could affect the rate and characteristics of degradation. This effect would be less present in a thinner
sample.

Bioimaging
Based on the results, a ∼200 µm thin POMaC membrane showed limited autofluorescence, comparable to
PDMS, using realistic exposure times. A stained cell culture placed directly on top of the membrane could be
adequately imaged for several commonly used wavelengths. Thus, autofluorescence of POMaC is not a lim-
itation in designing a thin membrane for fluorescent cell culture imaging. Further studies could include the
effect of POMaC fluorescence by absorption of fluorescent markers used in cell staining, as this study focused
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solely on the intrinsic autofluorescence of the material. Since cells are stained by adding a fluorescent compo-
nent to the culture that the cells absorb, it is relevant to study to what extent POMaC absorbs these markers
and exhibits fluorescence by absorption. Moreover, it was observed that upon degradation, POMaC turns
opaque. It would be relevant to study to what extent and for what time this opaqueness would be present in
fully submerged thin POMaC layers and to what extent it would limit confocal microscopy applications and
exhibit autofluorescence.

Membrane integration
None of the PDMS-POMaC bonds created with the methods in Section 4.7 showed long-term stability. Zhang
et al. [57] reported weak bonding between PDMS and POMaC when UV curing POMaC directly on PDMS
due to inhibition of polymerisation at the PDMS-POMaC surface [57]. This corresponds with the result found
when using liquid POMaC. Furthermore, it was found that when using previously cured POMaC and PDMS
layers or liquid PDMS, no long-term stable bonds could be formed either. The samples treated with oxygen
plasma were left for 30 min. whereas Ramakrishna et al. [114] bound his PDMS samples overnight in an oven
at 45 degrees after plasma treatment. Heating could help in initiating and speeding up the polycondensation
reaction. A stronger bond between PDMS and POMaC can possibly be achieved if a longer (heating) step and
a certain bonding pressure are applied.

Since POMaC bonds well to itself, it could be a possibility to fabricate the whole device out of POMaC. Fabri-
cating the whole device from POMaC would aid membrane integration and minimise the absorption of small
molecules throughout the LOC but would also introduce several disadvantages: It would make the LOC actu-
ator and flow channels degradable, and the channels would swell upon exposure to aqueous media, causing
variating channel dimensions and limiting LOC durability. Moreover, the LOC actuator dimensions should
be adjusted for the stiffness of POMaC, which was found to not be constant throughout degradation and sub-
mersion. This would necessitate constant actuation pressure adjustments throughout the LOC lifetime to
maintain equal strain on the membrane. Therefore, this is not deemed a suitable solution.

Another promising bonding method could be to use polyurethane since it bonds both to PDMS [113] and
to POMaC [93]. Citrate-based elastomers (POC) have been crosslinked previously with polyurethane 3 [65].
Moreover, Domansky et al. [113] and Zhao et al. [93] researched polyurethane elastomers. Zhao et al. [93]
used polyurethane as a bonding material to secure POMaC wires to polystyrene microwells, based on the
work of Domansky et al. [113], who bonded polyurethane to PDMS. Both studies used the same castable two-
component polyurethane (GSP 1552-2, GS polymers, Inc.) to bond the materials. The bonding was conducted
with air plasma treatment on PDMS and polyurethane samples before placing them together under pressure,
generating a bond strength of > 38.1 ± 1.2 kPa [113]. Zhao et al. [93] applied a minimal quantity of the castable
two-component polyurethane creating a bond between polystyrene and POMaC [93].

Domansky et al. [113] found that the polyurethane used was nontoxic. Moreover, polyurethane has less
absorption of small hydrophobic molecules than PDMS, and it is an elastic material [113]. Domansky et al.
[113] stretched pure polyurethane at 10% strain for 200 cycles at 0.125 Hz and found that it exhibits similar
elastomeric properties to Sylgard 184 PDMS. The Young’s modulus of the polyurethane at higher strains (10%-
25%) was higher than for 1:10 PDMS, ≈ 2.56 MPa versus ∼1.22 MPa, respectively. This stiffness difference
should be considered when determining the actuation pressure within the LOC device. For future studies into
the integration of the POMaC membrane into the device, a study into the use of polyurethane as described
by Domansky et al. [113] and Zhao et al. [93] is therefore recommended.

Toxicity and biocompatibility
A difference between the cytotoxicity of photoinitiators was not observed in this cytotoxicity assay. More-
over, POMaC, based on literature, is a very biocompatible material, although currently not yet tested with
primary lung cells, to the author’s knowledge. However, ideal cytocompatibility was not found. According
to ISO10993-5, a material is cytotoxic when its extract induces a moderate to severe reactivity on the cell
culture. This definition means that not more than 50% of the cells exhibit a round morphology and that no
extensive cell lysis or more than 50% growth inhibition is observable in the cell culture [125]. Based on the
results in Section 5.8, it can be concluded that the POMaC eluates are cytotoxic to the PBECs used in this
experiment. Overall, none of the cell cultures showed as good cell viability as the control, generally exhibiting
severe reactivity to the eluate, indicating cytotoxicity. This cytotoxicity may be attributed to material property

3Polyurethane doping via 1,6-hexamethylene diisocyanate (HDI) crosslinking [65].
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or sterilisation issues.

Generally, unreacted photoinitiators may be a cause of cytotoxicity. For example, Wang et al. [65] state that a
photoinitiator concentration of 1.0% of reacted TPO was found to be cytocompatible, whereas the cytocom-
patible concentration of unreacted TPO is relatively low (<0.01%) [65]. This implies that the cell culture based
on 1 wt% uncured TPO photoinitiator was expected to have exhibited higher cytotoxicity than the culture
with cured 1 wt% TPO. As evident from the results, this was not the case. The cells in culture with eluates
from PPOMaC with cured 1 wt% TPO and cured 5 wt% Irgacure 2959 did not exhibit good adherence to the
substrate. In contrast, the cell culture with eluate from uncured 1 wt% TPO looked more healthy than those
with cured TPO when comparing the T=1 eluates after two days in cell culture. Therefore, this viability differ-
ence might be more due to sample fabrication and sterilisation than a (un)reacted photoinitiator’s presence.

In order to eliminate the possibility of sterilisation issues, a more rigorous sterilisation procedure could be
carried out. Tran et al. [67] cleaned in vitro POMaC samples with 70% ethanol for 3 hours instead of 10
seconds, and applied UV light for 30 min before washing them in PBS [67]. This more rigorous sterilisation
method is similar to the one used for in vivo sterilisation. A method like this might provide a promising
alternative.

The difference between the cytotoxicity of photoinitiators and the cytotoxicity of POMaC for primary lung
cells were not conclusively found in the toxicity assay. However, the literature does indicate that POMaC is a
very biocompatible material. Therefore, further research on using POMaC for lung cell cultures will remain
beneficial to exclude the effect of possible sterilisation issues during fabrication and pre-culture treatment.
Lastly, it was observed that precipitation of small particles was present when using eluates of PPOMaC with
1 wt% TPO at higher concentrations (Fig. 5.19 A). Based on the literature, POMaC breakdown products are
stated to be fully soluble [67]. The observed precipitation might be due to a high POMaC concentration in
the eluate, causing agglomeration of breakdown products. Further research into the chemical build-up of the
material and its effect on cells should be conducted.

Summary
Concerning the membrane concept, POMaC can be spincoated into thin, uniform layers and detached from
the substrate. Furthermore, well shaped pillars that could be used as a structural mould can be created. PO-
MaC showed significant material softening when exposed to aqueous media. The stiffness was found to be
in the expected range. The degradation behaviour of POMaC was different than hypothesised and showed
layer-by-layer softening and swelling. This would impede pore opening. Cured POMaC was found suitable
for confocal microscopy and fluorescently staining applications when not yet having been submerged. Over-
all, POMaC is a promising material so far. However, as previously mentioned, more research needs to be con-
ducted, especially on its cytotoxicity, and possibly a different approach could be taken to implement dynamic
pore sizes. This Section provided an overview of the interpretation of the obtained results and incorporated
suggestions to improve the methodology used. Part two of the discussion will discuss the project in a broader
light and provide some other approaches that could be followed if the methodology used is discarded.

6.2. A broader view
This project started with the concept of a membrane for an AOC that could incorporate a dynamical pore
size. A material with, among others, degradable properties was chosen: POMaC. As discussed in Section
6.1, creating a dynamic pore size that could increase to a diameter through which immune cells can migrate
remains challenging with POMaC. However, the concept of using a dynamical pore size remains promising.
Therefore, in this Section, three other approaches are discussed.

The first approach is to mitigate the effect of POMaC swelling by incorporating it into the membrane design
and allowing the membrane to swell before implementing it in the cell culture (Fig. 6.3 A). By incorporating
a larger initial pore size, the pores will not close up more when submerged. A challenge in this approach is
the membrane stiffness of a thin membrane, as the degrading POMaC loses its structural integrity. It might
also be challenging to design a suitable initial membrane geometry and accurately determine the effect of
swelling.

A second approach is to incorporate two material types. One part of the material maintains its structural
integrity, exhibiting a low degradation rate, and limiting swelling behaviour. Another part of the material,
filling the pores, degrades away much quicker, opening up the pores (Fig. 6.3 B1). A material with a low
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molecular weight (low Dalton number) and a shorter polymer chain could degrade faster and limit swelling
behaviour. Materials such as PVA, sugar, collagen or gelatin could be further investigated [7]. This could
also be achieved by placing a sacrificial layer on top of the membrane (Fig. 6.3 B2). Both approaches would
provide no pores in the first phase of the cell culture. If the underlying pores have a diameter > 3 µm, this
will create a suitable pore size for immune cell transmigration. Next to finding a suitable material, in this
approach, it remains a challenge to incorporate a range of pore sizes in the membrane throughout the cell
culture.

Figure 6.3: Schematic illustrations of alternative design concepts. (A) POMaC membrane, initiating swelling before
membrane implementation in the cell culture. (B1) Pore opening by use of a second, faster degrading, material (pink).

(B2) Pore opening by use of a sacrificial layer (pink). (C) Increasing pore diameter by increasing the average strain on the
membrane.

A third approach could be to increase pore diameter by increasing the overall membrane strain (Fig. 6.3 C).
By increasing the average actuation pressure, the base pore size in the membrane could also be increased. It
should be investigated how an increase in average strain affects the stress experienced by the cell layer.

The second option, using two material types, is the most likely to succeed in incorporating a dynamical pore
size and, therefore, the advised alternative approach. This approach could be expanded by using multiple
material types with different degradation rates, as shown in Figure 6.4 (B3). Hereby, various pore sizes could
be incorporated within the membrane.

Figure 6.4: Schematic illustrations of alternative design concept using multiple material types with different degradation
rates over time, ranging from high (pink) to low (blue) degradation rate.





7
Conclusion

The research question of this thesis is: How to fabricate a LOC membrane containing a dynamic membrane
pore size to be able to study the monolayer formation, adherence, and immune cell transmigration. In this
research, a new concept of a membrane containing a dynamic pore size was designed, and its viability was
tested. A dynamic pore size was proposed to resolve the ’pore size dilemma’ (Section 2.4). This project dis-
cussed two main focus points: What material should be used within the AOC membrane? Secondly, how to
fabricate a thin membrane containing a dynamic pore size? The aspects studied to evaluate the concept via-
bility and material suitability were: the material synthesis; the thin film and pore fabrication possibilities; the
effective Young’s modulus; the autofluorescence; the toxicity; the biodegradability, and the material bonding.

First, the membrane concept was developed based on the collected requirements for a LOC membrane. The
membrane concept allows for introducing an ALI, a physiological fluid flow and cyclic stretch. It was found
in the literature that the membrane should ideally be around 10 µm thick, and the pore diameter should
start at less than 3 µm and increase to 3 µm to 8 µm [30, 55]. Second, POMaC was selected as a promising
PDMS alternative due to its (bio)degradability and considerable allowed strain. On top of the properties also
attributed to PDMS, such as relatively simple fabrication, reported biocompatibility, optical transparency
and sterilisability, POMaC has minimal small molecule absorption, highly tunable material properties and
UV curing possibilities [7, 57, 67, 68, 84].

A fabrication method for creating a membrane with dynamic pore sizes was studied in detail, which involved
spincoating the material over a 2PP-printed structure. POMaC was spincoated and detached in 13 ± 5 µm
thin and uniform layers with an area of at least 3 x 3 mm2. Pre-POMaC with a 5:1:4 monomer ratio (1,8-
octanediol: citric acid: maleic acid) heated at 140 °C for 3 hours, provided the best results concerning film
uniformity and curing time. The thinness was limited by the handling of the membrane after curing. Sub-
strate priming, spincoating parameters, curing time and temperature of both photopolymerisation and oven
curing significantly affected the uniformity and stability of the thin film. The best results regarding these as-
pects were obtained when spincoating preheated POMaC over an HMDS surface primer on a silicon or glass
substrate and using UV curing. Film detachment was possible by placing the structure in DI water for one
day.

Moreover, an array of well shaped conical pillars was created using 2PP-printing, which could be used as a
structural mould for imprinting the pore structures within the membrane. A combination of fabricating and
detaching a thin membrane while utilising the coned pillars still has to be conducted. The structure was
developed on the Nanoscribe printer using IP-Dip as resin. A 63x objective was used, allowing for a sub-
micron resolution. A silicon substrate, treated with oxygen plasma right before printing, was used to increase
the adherence of the cones to the substrate.

Furthermore, two photoinitiators, 5 wt% Irgacure 2959 and 1wt% TPO were tested, where a trade-off was
found between curing speed versus material colour. 5 wt% Irgacure 2959 provided faster curing, but probably
acceptable yellowing, whereas 1wt% TPO exhibited slower curing. Increasing the photoinitiator concentra-
tion might increase curing speed.

81



82 7. Conclusion

Nanoindentation measurements were used to obtain a stiffness indication at the surface of POMaC. An effec-
tive Young’s modulus between 301 ± 60 kPa and 352 ± 70 kPa was found for EPPOMaC placed for <1 hour in DI
water. UV intensity during curing has no significant influence on the stiffness of the material, while submerg-
ing EPPOMaC for a prolonged time (2 weeks) significantly lowers the effective Young’s modulus. Submersion
lowered the mean effective Young’s modulus in samples with a similar fabrication from 352 ± 70 kPa to 62 ±
20 kPa, which gives a valuable indication of the stiffness range and the effect of submersion. This stiffness
falls within the range set as a requirement for a LOC membrane.

For the integration of the POMaC membrane into the PDMS device, several methods were tested: directly
bonding PDMS and POMaC together using UV and heat curing; bonding the two materials together by plac-
ing either liquid PDMS or POMaC in between and subsequently UV or heat curing; and using oxygen plasma
for surface activation. None of these bonds showed long-term stability. Using polyurethane to bond POMaC
and PDMS might be a promising solution.

It was found that POMaC exhibits a small amount of autofluorescence. However, a ∼ 200 µm thick POMaC
layer did not limit the imaging of fluorescently labelled cells. This implies that autofluorescence interference
is likely absent for a thin membrane. Moreover, POMaC, after curing, is transparent. So it is an adequate
material for confocal microscopy. However, POMaC turns opaque upon degradation. To what extent this
interferes with confocal microscopy needs to be further assessed.

POMaC, based on the literature, is a very biocompatible material, although not yet tested with primary lung
cells. In the toxicity assay on primary lung cells, conclusive evidence regarding this (expected) biocompati-
bility of POMaC was not found. This result may be attributed to material property or sterilisation issues, as
all experimental wells were affected similarly, and apoptosis did not happen immediately. Moreover, a clear
difference between the two photoinitiators and POMaC without any photoinitiator was also not found.

In order to obtain a membrane with dynamic pore sizes, the estimation and control of the degradation rate of
the material are essential. The degradation rate largely depends on the monomer ratio and curing method,
therefore it can be tuned in fabrication. During the concept design, it was assumed that POMaC degrades
via surface erosion. A novel method of measuring the degradation rate was designed, allowing quick and
simple fabricated 3D printed mould use. Photopolymerized POMaC was studied in both static and dynamic
flow conditions. The flow was designed so that the shear stress exerted at the surface would mimic the shear
stress exerted on the membrane in the LOC chip. Based on the results, a degradation model of POMaC was
proposed. This model discusses POMaC’s layer-by-layer material softening. Due to the significant material
swelling, POMaC is a less suitable material when a structural geometry needs to be maintained at the mi-
croscale.

Concluding, POMaC can be spincoated into thin, uniform layers and detached from the substrate. Further-
more, well shaped pillars that could be used as a structural mould can be created. A combination of fabricat-
ing and detaching a thin membrane while utilising the coned pillars still has to be conducted, but the fabri-
cation concept remains promising. Moreover, the selected material was not optimal for the design concept.
Although the stiffness was in the expected range, and the bioimaging properties were found to be suitable
so far, the degradation behaviour was different than hypothesised and showed layer-by-layer softening and
swelling. This would impede the pore diameter increase necessary for immune cell transmigration. Addition-
ally, more research needs to be conducted, especially on its cytotoxicity, and possibly a different approach
could be taken to implement dynamic pore sizes.

Outlook
A promising concept for fabricating a membrane containing a dynamic pore size has been developed. PO-
MaC as a structural material for a membrane is a promising candidate, although the degradation behaviour
was not optimal. Several alternative approaches were proposed in Section 6.2, of which the approach using
multiple materials with different degradation rates is the advised alternative approach. If POMaC is to be
further investigated, this Section provides an outlook that future research can cover.

Fabrication: It has been proven that a 13± 5µm membrane can be spincoated. The Literature Review showed
that a membrane of about 10 µm was ideal. The main limitation of the membrane thickness was the han-
dleability during the membrane detachment. Thus, the POMaC membrane bonding to a support structure or
to the LOC device could be optimised to obtain a thinner membrane. Regarding the integration of the mem-
brane into the LOC device, several bonding options were studied and proven not to be possible. For future
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studies into the integration of the POMaC membrane into the device, a promising approach could be using
polyurethane as described in Section 6.1. Furthermore, well shaped coned pillars which can serve as moulds
were printed using 2PP-printing. The spincoating and 2PP-printed results are yet to be combined to create a
thin membrane with dynamic pores. A proposed methodology for this is included in Appendix D.1.

Material: It has been found that POMaC, upon degradation, exhibits an opaque colour. In order to deter-
mine whether this would limit confocal microscopy, an experiment needs to be conducted where a partly
degraded thin membrane is placed under a confocal microscope. Moreover, the cellular effect on degrada-
tion is a vital aspect to consider in any future studies. Additionally, since no conclusive evidence regarding
POMaC’s biocompatibility for primary lung cells was found, which may be attributed to material properties
or sterilisation issues, more research on the effect of POMaC on primary lung cells is needed as well as on
the sterilisation protocol. In this research a standard sterilisation protocol was used, described in Section
4.8. A protocol used by Tran et al. [67] as described in Chapter 6 might be a more suitable option. Moreover,
besides more research on the toxicity of POMaC, long-term biocompatibility studies are needed to evaluate
cell behaviour on POMaC. Since cell cultures tend to last 2 to 4 weeks, biocompatibility should last at least
this period. Lastly, validation of the proposed POMaC degradation model is required.

Membrane properties: In future, the properties of this membrane regarding its elasticity, membrane-specific
degradation, the geometric effects of the membrane on cells, long-term actuation and membrane reliability
should be evaluated. For example, it should be evaluated whether an in-plane linear cyclic strain between 4%
and 20% at a frequency of 0.2 Hz could be applied to the membrane. Moreover, studies into how cells react to
a dynamic and increasing pore size are desired.

If a dynamical pore size could successfully be incorporated in a thin membrane on which both epithelial
and endothelial cells can be grown, it would be a big step forward in in vitro cell culture studies. It would
allow the study of the effect of pore size at different stadia of the cell culture, providing more information
on the immunology and cell behaviour, and it could, in the ideal case, create an environment that more
closely recapitulates the alveolar environment than has been achieved so far. Moreover, a better recapitulated
alveolar environment would allow for more accurate cell behaviour and, subsequently, more accurate drug
screening results. Although this study did not yet achieve the desired end result, the prize in succeeding
certainly warrants further research.





A
Methodology

A.1. Detailed drawing of 3D-printed moulds
A.1.1. POMaC and PDMS moulding

Figure A.1: Drawing of the square mould used for direct POMaC moulding in a 3D printed mould. Dimensions are in
millimeters (mm).
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Figure A.2: Drawing of the square mould used for the fabrication of the PDMS moulds. Dimensions are in millimeters
(mm).

A.1.2. Toxicity assay

Figure A.3: Drawing of the mould used for fabricating the samples used in the cytotoxicity assay. Dimensions are in
millimeters (mm).
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A.1.3. Degradability assessment
Top part of the degradation experiment channel

Figure A.4: Drawing of the top part of the mould used in the degradation rate experiment. Dimensions are in millimeters
(mm).

Bottom part of the degradation experiment channel

Figure A.5: Drawing of the bottom part of the mould used in the degradation rate experiment, including the structure
insert. Dimensions are in millimeters (mm).
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Structural insert of the degradation experiment channel

Figure A.6: Drawing of the structure insert placed in the bottom part of the mould used in the degradation experiment.
Note that this part was assembled to the bottom mould part within Solidworks, converted to a parasolid and printed

together as one structure. Dimensions are in millimeters (mm).
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A.3. Substrate priming methodology
All substrates were cleaned using acetone, IPA and DI water respectively prior to the priming procedures.

A.3.1. PTFE priming procedure
As PTFE primer Teflon sheets were attached with doublesided tape (3M) to a glass slide. The Teflon surface
was subsequently cleaned with acetone, IPA and DI water and dried before adding POMaC for spincoating.

A.3.2. HMDS priming procedure
This procedure was followed to add an HMDS primer to the substrate.

1. Place the substrate on a hot plate at 100°C for 20 minutes to prepare it for silanization.

2. Put 2 layers of gloves on, a face-protection mask and a thick nitrile glove on your left hand.

3. Prepare fumehood area. Put a piece of rip-off paper cloth on the surface and place the dessicator in the
fumehood.Lay out a small glass Petri dish, a syringe needle, tweezers, a small beaker and the HMDS.

4. Put 0.5 – 1 mL of HMDS in the glass petridish with the syringe. Put the petridish at the bottom part
(under the white plate) in the dessicator. Put the white plate with the smooth side down back in the
dessicator, and place the warm chips on top. Start dessicator. Leave for 2 hours.

5. Clean up the fumehood area after starting the dessicator. After putting back the HMDS, put acetone in
a beaker and rinse the syringe 3x with it. Put the syringe needle in the box for sharp waste. Put the rest
of the syringe in the general contaminated waste bin. Clean acetone beaker, by rinsing 3 times with DI
water. Throw away the acetone and water into the organics bin.

6. After 2 hours, take out the primed samples and clean up. Put on mask and extra gloves and place paper
on the worktable. Clean the Petri dish by rinsing 3 times with acetone, then rinsing 3 times with DI
water. Put the acetone and HMDS mixture in the designated waste bottle. Clean the dessicator with
acetone and subsequently DI water on a cloth.

7. Keep the pillar mould on a hot plate at 100°C for 20 minutes to activate the bonding of the HMDS
coating to the silicon surface. Let the pillar mould cool down to room temperature.

A.3.3. Pluronic F-127 priming procedure for spincoating
A 10 wt% of Pluronic F-127 solution was initially made, by adding 20 gr. of Pluronic® F-127 powder to 200
mL of DI water. This mixture was stirred for 30 minutes at 40 °C on a hot plate. After all Pluronic F-127 was
dissolved, the solution was diluted with DI water to the desired concentration. For substrate priming, the
substrate was placed in a 1% solution of Pluronic F-127 for 5 minutes. After 5 minutes, the substrate was
removed from the solution and let dry in the fume hood.
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A.5. Calculations of biodegradability mould dimensions

1 clc
2 clear all
3 close all
4

5 % Fluid Parameters
6 rho = 993.18 ; % PBS density in kg/m^3 % water 1000, blood 1060 % DMEM 1.00 + 0.1 XG ...

% dextran 20% w/w =1060
7

8 % Calculation of volumetric flow with respect to width and height of biodegradability ...
mould

9

10 % Hele−Shaw shear for h<<w
11 %tau = 6*eta*Q/(w*(h^2))% shear in Pa
12 tau = 0.55 ; % [Pa] [kg/(ms^2)] (minimum)
13 eta = 1E−3 ; % [kg/m*s] The viscosity of PBS at 25 deg
14 eta_LOC = 0.6913E−3 ; %viscosity of water/PBS at 37 deg
15

16 Q_LOC = 0.03819E−6 ; % [m^3/s] = 137.5 [ml/h] = 2.6 ml/min. Is volumetric flow ...
in LOC

17 h_LOC = 0.4E−3 ; %[m]
18 w_LOC = 0.0032 ; %[m] (3.2mm)
19

20 %set:
21 %h_deg = 0.001 ; %[m]
22 h_deg = linspace(0.5E−3, 5E−3) ; %GRAPH ONLY
23 w_deg = 0.005 ; % 5 mm
24

25 A_LOC = h_LOC*w_LOC;
26 v_LOC = Q_LOC/A_LOC;
27

28 v_deg = (h_deg ./eta).* (v_LOC*eta_LOC/h_LOC);
29 Q_deg = w_deg* h_deg.* v_deg; % [m^3/sec]
30 Q_deg_mlmin = Q_deg*6E7 % [milliliter/min]
31

32 %Q_deg_mlmin is set at 135 ml/min. This equals a flow velocity of:
33 Q_final = 135; %[ml/min]
34 h_final = 0.003; %[m]
35 u_deg = (Q_final/6E7)/(w_deg*h_final)
36

37 %% Graph
38 figure
39 hold on
40 plot(h_deg,Q_deg_mlmin)
41

42 %title('Biodegradability mould channel height versus volumetric flow rate for a ...
constant shear stress')

43 ylabel('Volumetric flow rate [ml/min]')
44 xlabel('Channel height [m]')
45

46

47

48 %L_e = linspace(0, 0.01) ; % entrance length [m] (0 tot 10 mm)
49 d = 0.005; %>w? %diameter of channel = width (larger side) [m]
50 %rho = rho hierboven
51 u = u_deg; %is flow velocity [m/s] (v_deg is set at 135 ml/min )
52 %L =
53 %eta = eta hierboven
54 h = h_final;
55 w = w_deg;
56

57 %EL = L_e./d; %entrance length number [−] = length to fully
58 %developed velocity profile [m]/tube diameter [m]. Calc. zowel uit paper
59 %als online
60

61 %Re = rho*u*L/eta; %Reynolds number
62 d_h = 2*w*h/(w+h); %hydraulic diameter of a rectangular channel
63 Re_dh = rho*u*d_h/eta; %Reynolds number based on the hydraulic diameter (for a ...

square duct: Re_dh = Re)
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64 AR = h/w; %channel aspect ratio (height/width)
65

66 Re = Re_dh
67

68

69

70 if Re < 2300
71 disp('laminar flow') %is in practice only actual for viscous fluids− oils i.e. ...

(and blood? > zie aantekeningen in anatomy schrift)
72 EL = 0.06.*Re
73 end
74 if Re > 2300 & Re< 4000
75 disp('transient flow')
76 EL = 4.4*Re^(1/6)
77 end
78 if Re > 4000
79 disp('turbulent flow')
80 end
81

82 L_e = EL*d %L_e is dimensional development length (Zie calculation ...
hierboven.)

83

84 %Entrance length for small rectangular channels with laminar flow, based on
85 %German Ferreira (2021)
86

87 C1 = 0.7*AR^(0.25);
88 C2 = (6.8*AR^(3.75))/(1+90*AR^2.8);
89 C3 = 1+AR;
90 L_german = (C1^C3+(C2*Re)^C3)^(1/C3)
91

92 L_e_german = L_german*d;
93

94

95 %For turbulent flow: In most practical engineering applications, this
96 %entrance effect becomes insignificant beyond a pipe length of 10 times the
97 %diameter and hence it is approximated to be:
98 % My design: >50 mm for a width of 5 mm, so this rule applies
99 L_turbulent_approx = 10*d %Zie Cimbala (2006) for source

100 A = h*w;
101 P = 2*w+2*h;
102

103 d_hCimbala = 4*A/P; %is exactly same as d_h hierboven
104 L_turbulent_approx = 10*d_hCimbala %Entrance length with hydraulic diameter and ...

turbulent flow.
105

106 %Exit length is much shorter than entrance length and not significant at
107 %moderate to high Re.

A.6. Calculations of toxicology mould dimensions

1 %% Calculation of toxicology mould dimensions
2

3 %Volume of POMaC membrane in the LOC
4 Rm_LOC = 0.3/2 %cm radius membrane in chip
5 tm_LOC = 0.006 %cm thickness membrane in chip
6 Vm_LOC = pi*Rm_LOC^2*tm_LOC
7 %AR_LOC = 3: 0.01; %aspect ratio of the membrane
8

9 %Volume of medium in the LOC channel with no flow present
10 %(Total length is 2 cm)
11 length_1 = 1.7; %cm
12 height_1 = 0.02; %cm
13 length_2 = 0.3; %cm
14 height_2 = 0.03; %cm
15 width = 0.32; %cm
16

17 Vc_LOC = (length_1*height_1 + length_2*height_2)*width; %cm^3 = ml
18
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19 %For POMaC volume per 1 ml medium:
20 V_POMaC = Vm_LOC/Vc_LOC; %cm^3 POMaC/ 1 ml medium
21

22 %For 10 ml medium the amount of POMaC needed:
23 V_needed = V_POMaC*10; %cm^3
24

25 %A disc with a thickness of 1 mm then has a radius of:
26 t_disc = 0.1; %cm
27 R_disc = sqrt(V_needed/(pi*t_disc));
28 D_disc = R_disc*2

A.7. Exposure times in autofluorescence testing

Table A.3: Exposure times used during autofluorescence testing

Sample: Type of POMaC, photoinitiator Measurement location
Exposure (ms) used for the images:

DAPI FITC TXRED CY5
Brightfield

images

1. EPPOMaC, 5% Irgacure 2595
Middle 85 0 1120 565 5
Edge 85 0 1120 565 5

2. EPPOMaC, 1 wt% TPO
Middle 170 45 1120 1015 155
Edge 20 45 1120 1015 45

3. EPOMaC, No photoinitiator
Middle 170 45 1120 1015 155
Edge 170 45 1120 1015 1650

4. EPOMaC, Uncured 1 wt% TPO
Middle 170 45 1120 1015 155
Edge 170 45 1120 1115 50

5. PPOMaC, 5% Irgacure 2595
Middle 190 5 1120 1115 50
Edge 85 5 1120 1115 50

6. PPOMaC, 1 wt% TPO
Middle 170 45 1120 1115 155
Edge 170 45 1120 1115 155

7. PPOMaC, 1 wt% TPO All locations 95 200 600 600 55



B
DeScribe Code

This Appendix contains all DeScribe code used in the dose tests and array printing on the 2PP-printer.

B.1. singlemouldpillardata.gwl
This file contains the information of the structure and is used in the job files for dose test 1, dose test 2 and
dose test 3, included below.

1 % File generated by DeScribe 2.7
2 %
3 % Creation time
4 % 2022−04−26T11:22:06+02:00
5 %
6 % Source file
7 % Type: Mesh
8 %
9 % Volume 2.92x10E−7 mm^3

10 %
11 % Bounding box
12 % Minimum X: 0.004 Y: −0.496 Z: 0
13 % Maximum X: 9.996 Y: 9.496 Z: 9
14 %
15 % Transformation
16 % Scaling X: 0.1 Y: 0.1 Z: 0.1
17 % Rotation X: 0.5 Y: −0.5 Z: −0.5 W: 0.5
18 % Translation X: 10 Y: 9.5 Z: 0
19 %
20 % Slicing
21 % SlicingMode: Fixed
22 % Distance: 0.5
23 % SimplificationTolerance: 0
24 % FixSelfIntersections: on
25 %
26 % Hatching
27 % ContourCount: 1
28 % HatchingDistance: 0.2
29 % HatchingAngle: auto
30 %
31 % Output options
32 % HatchLines: Alternate
33 % ZAxis: Piezo
34 % Exposure: Variable
35 % InvertZAxis: on
36 % WritingDirection: Up
37 % ScanMode: Galvo
38 % WritingOrder: ContourFirst
39 % SkipInterfaceFinder: off
40 %

95



96 B. DeScribe Code

41

42 MoveStageX 5
43 MoveStageY 4.5
44

45 FindInterfaceAt $interfacePos
46

47 % BLOCK 0|0|0
48 include singlemouldpillar_files\singlemouldpillar_0_0_0.gwlb

B.2. Dose test 1

1 % File generated by DeScribe 2.5.5
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Writing parameters
19 PowerScaling 1.0
20

21 var $i = 0
22 var $j = 0
23 %var $LP = 0
24 % var $SS = 0
25 var $contourLaserPower = 0
26 var $contourScanSpeed = 0
27

28 var $solidLaserPower = 0
29 var $solidScanSpeed = 0
30

31 var $interfacePos = 0.6
32

33 WriteText "Dose test"
34

35 MoveStageY 20
36

37 for $i = 0 to 4
38 for $j = 0 to 4
39

40 set $contourLaserPower = 20 + $i * 20
41 set $contourScanSpeed = 5000 + $j * 5000
42

43 set $solidLaserPower = 80 + $i * 20
44 set $solidScanSpeed = 10000 + $j * 20000
45

46

47 % Base writing parameters
48 var $baseLaserPower = $contourLaserPower
49 var $baseScanSpeed = $contourScanSpeed
50

51 % Include slicer output
52 include singlemouldpillar_data.gwl
53

54 Movestagex 20
55

56 end
57
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58 StageGotoX 0
59 Movestagey 20
60

61 end

B.3. Dose test 2

1 % File generated by DeScribe 2.5.5
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Writing parameters
19 PowerScaling 1.0
20

21 var $i = 0
22 var $j = 0
23 %var $LP = 0
24 % var $SS = 0
25 var $contourLaserPower = 0
26 var $contourScanSpeed = 0
27

28 var $solidLaserPower = 0
29 var $solidScanSpeed = 0
30

31 var $interfacePos = 0.6
32

33 WriteText "Dose test"
34

35 MoveStageY 20
36

37 for $i = 0 to 4
38 for $j = 0 to 4
39

40 set $contourLaserPower = 5 + $i * 5
41 set $contourScanSpeed = 5000 + $j * 5000
42

43 set $solidLaserPower = 20 + $i * 20
44 set $solidScanSpeed = 10000 + $j * 20000
45

46

47 % Base writing parameters
48 var $baseLaserPower = $contourLaserPower
49 var $baseScanSpeed = $contourScanSpeed
50

51 % Include slicer output
52 include singlemouldpillar_data.gwl
53

54 Movestagex 20
55

56 end
57

58 StageGotoX 0
59 Movestagey 20
60

61 end
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B.4. Dose test 3

1 % File generated by DeScribe 2.5.5
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Writing parameters
19 PowerScaling 1.0
20

21 var $i = 0
22 var $j = 0
23 %var $LP = 0
24 % var $SS = 0
25

26

27 var $solidLaserPower = 0
28 var $solidScanSpeed = 0
29 var $contourLaserPower = 0
30 var $contourScanSpeed = 0
31

32

33 var $interfacePos = 0.6
34

35 TextLaserPower 80
36 TextScanSpeed 30000
37

38 WriteText "Dose test"
39

40

41

42 MoveStageY 20
43

44 for $i = 0 to 19
45 if $i == 5
46 MoveStageY 10
47 end
48 if $i == 10
49 MoveStageY 10
50 end
51 if $i == 15
52 MoveStageY 10
53 end
54 if $i == 20
55 MoveStageY 10
56 end
57 if $i == 25
58 MoveStageY 10
59 end
60 if $i == 30
61 MoveStageY 10
62 end
63 if $i == 35
64 MoveStageY 10
65 end
66 if $i == 40
67 MoveStageY 10
68 end
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69

70

71 for $j = 0 to 19
72 if $j == 5
73 MoveStageX 10
74 end
75 if $j == 10
76 MoveStageX 10
77 end
78 if $j == 15
79 MoveStageX 10
80 end
81 if $j == 20
82 MoveStageX 10
83 end
84 if $j == 25
85 MoveStageX 10
86 end
87 if $j ==30
88 MoveStageX 10
89 end
90 if $j == 35
91 MoveStageX 10
92 end
93 if $j ==40
94 MoveStageX 10
95 end
96

97

98 set $solidLaserPower = 20 + $i * 4
99 set $solidScanSpeed = 10000 + $j * 4000

100

101 set $contourLaserPower = $solidLaserPower
102 set $contourScanSpeed = $solidScanSpeed
103

104

105

106

107 % Base writing parameters
108 var $baseLaserPower = $contourLaserPower
109 var $baseScanSpeed = $contourScanSpeed
110

111 % Include slicer output
112 include singlemouldpillar_data.gwl
113

114 Movestagex 20
115 %Movestagey −1.4
116 end
117

118 StageGotoX 0
119 Movestagey 20
120

121 end

B.5. Dose test 4
B.5.1. Main code

1 % File generated by DeScribe 2.7
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
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12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Include
19 include Square3.gwl
20

21 include Square1.gwl
22

23 MoveStageY −300
24 MoveStageX 200
25

26 include Square2.gwl
27 include Square2.gwl

B.5.2. Additional codes
Square1.gwl

1 % File generated by DeScribe 2.5.5
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17 LaserPower 100
18 ScanSpeed 100000
19

20 % Writing parameters
21 PowerScaling 1.0
22

23 var $i = 0
24 var $j = 0
25 %var $LP = 0
26 % var $SS = 0
27

28 %var $LaserPower = 50
29 %var $ScanSpeed = 50
30 var $solidLaserPower = 50
31 var $solidScanSpeed = 50
32 var $contourLaserPower = 5
33 var $contourScanSpeed = 50
34

35

36 var $interfacePos = 0.6
37

38

39 WriteText "Dose test Area 1"
40

41

42 MoveStageY 20
43

44 for $i = 0 to 5
45

46 for $j = 0 to 5
47

48
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49

50 LaserPower 20 + $i * 16
51 ScanSpeed 10000 + $j * 16000
52

53

54

55 % Include slicer output
56 include singlemouldpillarcontour_data.gwl
57

58 Movestagex 20
59 %Movestagey −1.4
60

61 end
62 StageGotoX 0
63 Movestagey 20
64

65

66 end

Square2.gwl

1 % File generated by DeScribe 2.5.5
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17 LaserPower 100
18 ScanSpeed 100000
19

20 % Writing parameters
21 PowerScaling 1.0
22

23 var $i = 0
24 var $j = 0
25 %var $LP = 0
26 % var $SS = 0
27

28 %var $LaserPower = 50
29 %var $ScanSpeed = 50
30 var $solidLaserPower = 50
31 var $solidScanSpeed = 50
32 var $contourLaserPower = 5
33 var $contourScanSpeed = 50
34

35

36 var $interfacePos = 0.6
37

38

39 WriteText "Dose test Area 2"
40

41

42 MoveStageY 20
43

44 for $i = 0 to 5
45

46 for $j = 0 to 5
47

48
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49

50 LaserPower 20 + $i * 16
51 ScanSpeed 10000 + $j * 16000
52

53

54

55 % Include slicer output
56 include singlemouldpillar_adjslice_data.gwl
57

58 Movestagex 20
59 %Movestagey −1.4
60

61 end
62 StageGotoX 200
63 Movestagey 20
64

65

66 end

Square3.gwl

1 % File generated by DeScribe 2.5.5
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17 LaserPower 100
18 ScanSpeed 100000
19

20 % Writing parameters
21 PowerScaling 1.0
22

23 var $i = 0
24 var $j = 0
25 %var $LP = 0
26 % var $SS = 0
27

28 %var $LaserPower = 50
29 %var $ScanSpeed = 50
30 var $solidLaserPower = 50
31 var $solidScanSpeed = 50
32 var $contourLaserPower = 5
33 var $contourScanSpeed = 50
34

35

36 var $interfacePos = 0.6
37

38

39 WriteText "Dose test Area 3"
40

41

42 MoveStageY 20
43

44 for $i = 0 to 5
45

46 for $j = 0 to 5
47

48
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49

50 LaserPower 20 + $i * 16
51 ScanSpeed 10000 + $j * 16000
52

53

54

55 % Include slicer output
56 include singlemouldpillar_adjhatch_data.gwl
57

58 Movestagex 20
59 %Movestagey −1.4
60

61 end
62 StageGotoX 0
63 Movestagey 20
64

65

66 end

singlemouldpillarcontour_data.gwl

1 % File generated by DeScribe 2.7
2 %
3 % Creation time
4 % 2022−05−16T13:01:56+02:00
5 %
6 % Source file
7 % Type: Mesh
8 %
9 %Volume 2.92x10E−7 mm^3

10 %
11 % Bounding box
12 % Minimum X: 0.004 Y: −0.496 Z: 0
13 % Maximum X: 9.996 Y: 9.496 Z: 9
14 %
15 % Transformation
16 % Scaling X: 0.1 Y: 0.1 Z: 0.1
17 % Rotation X: 0.5 Y: −0.5 Z: −0.5 W: 0.5
18 % Translation X: 10 Y: 9.5 Z: 0
19 %
20 % Slicing
21 % SlicingMode: Fixed
22 % Distance: 1
23 % SimplificationTolerance: 0.05
24 % FixSelfIntersections: on
25 %
26 % Hatching
27 % ContourCount: 12
28 % ContourDistance: 0.2
29 % ConcaveCornerMode: Beveled
30 % HatchingDistance: 0.5
31 % HatchingAngle: auto
32 %
33 % Output options
34 % HatchLines: Alternate
35 % ZAxis: Piezo
36 % Exposure: Constant
37 % InvertZAxis: on
38 % WritingDirection: Up
39 % ScanMode: Galvo
40 % WritingOrder: ContourFirst
41 % SkipInterfaceFinder: off
42 %
43

44 MoveStageX 5
45 MoveStageY 4.5
46

47 FindInterfaceAt $interfacePos
48
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49 % BLOCK 0|0|0
50 include singlemouldpillarcontour_files\singlemouldpillarcontour_0_0_0.gwlb

singlemouldpillar_adjhatch_data.gwl

1 % File generated by DeScribe 2.7
2 %
3 % Creation time
4 % 2022−05−16T13:05:12+02:00
5 %
6 % Source file
7 % Type: Mesh
8 %
9 %Volume 2.92x10E−7 mm^3

10 %
11 % Bounding box
12 % Minimum X: 0.004 Y: −0.496 Z: 0
13 % Maximum X: 9.996 Y: 9.496 Z: 9
14 %
15 % Transformation
16 % Scaling X: 0.1 Y: 0.1 Z: 0.1
17 % Rotation X: 0.5 Y: −0.5 Z: −0.5 W: 0.5
18 % Translation X: 10 Y: 9.5 Z: 0
19 %
20 % Slicing
21 % SlicingMode: Fixed
22 % Distance: 1
23 % SimplificationTolerance: 0.05
24 % FixSelfIntersections: on
25 %
26 % Hatching
27 % ContourCount: 2
28 % ContourDistance: 0.2
29 % ConcaveCornerMode: Beveled
30 % HatchingDistance: 0.4
31 % HatchingAngle: auto
32 %
33 % Splitting
34 % Mode: Rectangular
35 % BlockSize X: 285 Y: 285 Z: 10
36 % Offset X: 142.5 Y: 142.5 Z: 0
37 % Shear: 15
38 % Overlap: XY: 2 Z: 1
39 % BlockWidth X: 289.947 Y: 289.947 Z: 11
40 % BlockOrder: Lexical
41 % AvoidFlyingBlocks: on
42 % GroupBlocks: on
43 % BacklashCorrection: on
44 %
45 % Output options
46 % HatchLines: Alternate
47 % ZAxis: Piezo
48 % Exposure: Constant
49 % InvertZAxis: on
50 % WritingDirection: Up
51 % ScanMode: Galvo
52 % WritingOrder: ContourFirst
53 % SkipInterfaceFinder: off
54 %
55

56 MoveStageX 5
57 MoveStageY 4.5
58

59 FindInterfaceAt $interfacePos
60

61 MoveStageY −54.5
62 MoveStageX −55
63 MoveStageY 50
64 MoveStageX 50
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65

66 % BLOCK 0|0|0
67 include singlemouldpillar_adjhatch_files\singlemouldpillar_adjhatch_0_0_0.gwlb

singlemouldpillar_adjslice_data.gwl

1 % File generated by DeScribe 2.7
2 %
3 % Creation time
4 % 2022−05−16T13:06:51+02:00
5 %
6 % Source file
7 % Type: Mesh
8 %
9 % Volume 2.92x10E−7 mm^3

10 %
11 % Bounding box
12 % Minimum X: 0.004 Y: −0.496 Z: 0
13 % Maximum X: 9.996 Y: 9.496 Z: 9
14 %
15 % Transformation
16 % Scaling X: 0.1 Y: 0.1 Z: 0.1
17 % Rotation X: 0.5 Y: −0.5 Z: −0.5 W: 0.5
18 % Translation X: 10 Y: 9.5 Z: 0
19 %
20 % Slicing
21 % SlicingMode: Fixed
22 % Distance: 0.5
23 % SimplificationTolerance: 0.05
24 % FixSelfIntersections: on
25 %
26 % Hatching
27 % ContourCount: 2
28 % ContourDistance: 0.2
29 % ConcaveCornerMode: Beveled
30 % HatchingDistance: 0.5
31 % HatchingAngle: auto
32 %
33 % Splitting
34 % Mode: Rectangular
35 % BlockSize X: 285 Y: 285 Z: 10
36 % Offset X: 142.5 Y: 142.5 Z: 0
37 % Shear: 15
38 % Overlap: XY: 2 Z: 1
39 % BlockWidth X: 289.947 Y: 289.947 Z: 11
40 % BlockOrder: Lexical
41 % AvoidFlyingBlocks: on
42 % GroupBlocks: on
43 % BacklashCorrection: on
44 %
45 % Output options
46 % HatchLines: Alternate
47 % ZAxis: Piezo
48 % Exposure: Constant
49 % InvertZAxis: on
50 % WritingDirection: Up
51 % ScanMode: Galvo
52 % WritingOrder: ContourFirst
53 % SkipInterfaceFinder: off
54 %
55

56 MoveStageX 5
57 MoveStageY 4.5
58

59 FindInterfaceAt $interfacePos
60

61 MoveStageY −54.5
62 MoveStageX −55
63 MoveStageY 50
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64 MoveStageX 50
65

66 % BLOCK 0|0|0
67 include singlemouldpillar_adjslice_files\singlemouldpillar_adjslice_0_0_0.gwlb

B.6. Dose test 5
B.6.1. Main code

1 % File generated by DeScribe 2.7
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Include
19

20 %Area 3
21 include singlemouldpillar_ns_c_job.gwl
22

23 %Area 1
24 include singlemouldpillar_ns_nc_job.gwl
25

26 MoveStageY −300
27 MoveStageX 100
28 %Area 4
29 include singlemouldpillar_s_c_job.gwl
30

31 %Area 2
32 include singlemouldpillar_LP_SS_system_job.gwl

B.6.2. Additional codes
singlemouldpillar_ns_c_job.gwl

1 % File generated by DeScribe 2.7
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Writing parameters
19 PowerScaling 1.0
20

21 WriteText "Dose test NSC"
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22

23 var $i = 0
24 var $j = 0
25

26 var $solidLaserPower = 40
27 var $solidScanSpeed = 10000
28 var $contourLaserPower = 40
29 var $contourScanSpeed = 10000
30

31 MoveStageY 20
32

33 % Loop (5X4)
34

35 for $i = 0 to 4
36

37 for $j = 0 to 3
38

39 var $contourLaserPower = 20 + $i * 20
40 var $contourScanSpeed = 5000 + $j * 5000
41 var $solidLaserPower = 20 + $i * 20
42 var $solidScanSpeed = 5000 + $j * 5000
43

44 % Contour writing parameters
45 %var $contourLaserPower = 40
46 %var $contourScanSpeed = 10000
47

48 % Solid hatch lines writing parameters
49 %var $solidLaserPower = 40
50 %var $solidScanSpeed = 10000
51

52 var $interfacePos = 0.5
53

54 % Include slicer output
55 include singlemouldpillar_ns_c_data.gwl
56

57 MoveStageX 20
58

59 end
60 MoveStageY 20
61 MoveStageX −80
62

63 end

singlemouldpillar_ns_nc_job.gwl

1 % File generated by DeScribe 2.7
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Writing parameters
19 PowerScaling 1.0
20

21 WriteText "Dose test NSNC"
22

23 var $i = 0
24 var $j = 0
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25

26 var $solidLaserPower = 40
27 var $solidScanSpeed = 10000
28

29 MoveStageY 20
30

31 % Loop (5X4)
32

33 for $i = 0 to 4
34

35 for $j = 0 to 3
36

37 var $solidLaserPower = 20 + $i * 20
38 var $solidScanSpeed = 5000 + $j * 5000
39

40 % Solid hatch lines writing parameters
41 %var $solidLaserPower = 40
42 %var $solidScanSpeed = 10000
43

44 var $interfacePos = 0.5
45

46 % Include slicer output
47 include singlemouldpillar_ns_nc_data.gwl
48

49 MoveStageX 20
50

51 end
52 MoveStageY 20
53 MoveStageX −80
54

55 end

singlemouldpillar_s_c_job.gwl

1 % File generated by DeScribe 2.7
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Writing parameters
19 PowerScaling 1.0
20

21 WriteText "Dose test SC"
22

23 var $i = 0
24 var $j = 0
25

26 var $contourLaserPower = 95
27 var $contourScanSpeed = 25000
28

29 var $solidLaserPower = 100
30 var $solidScanSpeed = 100000
31

32 var $baseLaserPower = 100
33 var $baseScanSpeed = 50000
34

35
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36 MoveStageY 20
37

38 % Loop (7X4)
39

40 for $i = 0 to 6
41

42 for $j = 0 to 4
43

44 var $contourLaserPower = 40 + $i * 10
45 var $contourScanSpeed = 10000 + $j * 25000
46 var $solidLaserPower = 40 + $i * 10
47 var $solidScanSpeed = 10000 + $j * 25000
48 var $baseLaserPower = 40 + $i * 10
49 var $baseScanSpeed = 10000 + $j * 25000
50

51

52 % Contour writing parameters
53 %var $contourLaserPower = 95
54 %var $contourScanSpeed = 25000
55

56 % Solid hatch lines writing parameters
57 %var $solidLaserPower = 100
58 %var $solidScanSpeed = 100000
59

60 % Base writing parameters
61 %var $baseLaserPower = 100
62 %var $baseScanSpeed = 50000
63

64 var $interfacePos = 1
65

66 % Include slicer output
67 include singlemouldpillar_s_c_data.gwl
68

69 MoveStageX 20
70

71 end
72 MoveStageY 20
73 MoveStageX −100
74

75 end

singlemouldpillar_LP_SS_system_job.gwl

1 % File generated by DeScribe 2.7
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Writing parameters
19 PowerScaling 1.0
20

21 WriteText "Dose test Syst"
22

23 var $i = 0
24 var $j = 0
25

26 % Contour writing parameters
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27 var $contourLaserPower = 95
28 var $contourScanSpeed = 25000
29

30 % Solid hatch lines writing parameters
31 var $solidLaserPower = 100
32 var $solidScanSpeed = 100000
33

34 % Base writing parameters
35 var $baseLaserPower = 100
36 var $baseScanSpeed = 50000
37

38 MoveStageY 20
39

40 % Loop (7X4)
41

42 for $i = 0 to 6
43

44 for $j = 0 to 1
45

46 var $contourLaserPower = 35 + $i * 10
47 var $contourScanSpeed = 25000
48 var $solidLaserPower = 40 + $i * 10
49 var $solidScanSpeed = 100000
50 var $baseLaserPower = 40 + $i * 10
51 var $baseScanSpeed = 50000
52

53 %% Contour writing parameters
54 %var $contourLaserPower = 95
55 %var $contourScanSpeed = 25000
56 %
57 %% Solid hatch lines writing parameters
58 %var $solidLaserPower = 100
59 %var $solidScanSpeed = 100000
60 %
61 %% Base writing parameters
62 %var $baseLaserPower = 100
63 %var $baseScanSpeed = 50000
64

65 var $interfacePos = 1
66

67 % Include slicer output
68 include singlemouldpillar_LP_SS_system_data.gwl
69

70 MoveStageX 20
71

72 end
73 MoveStageY 20
74 MoveStageX −40
75

76 end

singlemouldpillar_ns_c_data.gwl

1 % File generated by DeScribe 2.7
2 %
3 % Creation time
4 % 2022−05−18T11:09:07+02:00
5 %
6 % Source file
7 % Type: Mesh
8 %
9 % Volume 2.92x10E−7 mm^3

10 %
11 % Bounding box
12 % Minimum X: 0.004 Y: −0.496 Z: 0
13 % Maximum X: 9.996 Y: 9.496 Z: 8.7
14 %
15 % Transformation
16 % Scaling X: 0.1 Y: 0.1 Z: 0.1
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17 % Rotation X: 0.5 Y: −0.5 Z: −0.5 W: 0.5
18 % Translation X: 10 Y: 9.5 Z: 0
19 %
20 % Slicing
21 % SlicingMode: Fixed
22 % Distance: 0.3
23 % SimplificationTolerance: 0
24 % FixSelfIntersections: on
25 %
26 % Hatching
27 % ContourCount: 2
28 % ContourDistance: 0.2
29 % ConcaveCornerMode: Beveled
30 % HatchingDistance: 0.2
31 % HatchingAngle: 90
32 % HatchingAngleOffset: 0
33 %
34 % Splitting
35 % Mode: Rectangular
36 % BlockSize X: 120 Y: 120 Z: 10
37 % Offset X: 60 Y: 60 Z: 0
38 % Shear: 17
39 % Overlap: XY: 2 Z: 1.8
40 % BlockWidth X: 125.608 Y: 125.608 Z: 11.8
41 % BlockOrder: Lexical
42 % AvoidFlyingBlocks: on
43 % GroupBlocks: on
44 % BacklashCorrection: on
45 %
46 % Output options
47 % HatchLines: OneWay
48 % ZAxis: Piezo
49 % Exposure: Variable
50 % InvertZAxis: on
51 % WritingDirection: Up
52 % ScanMode: Galvo
53 % WritingOrder: ContourFirst
54 % SkipInterfaceFinder: off
55 %
56

57 MoveStageX 5
58 MoveStageY 4.5
59

60 FindInterfaceAt $interfacePos
61

62 MoveStageY −54.5
63 MoveStageX −55
64 MoveStageY 50
65 MoveStageX 50
66

67 % BLOCK 0|0|0
68 include singlemouldpillar_ns_c_files\singlemouldpillar_ns_c_0_0_0.gwlb

singlemouldpillar_ns_nc_data.gwl

1 % File generated by DeScribe 2.7
2 %
3 % Creation time
4 % 2022−05−18T11:07:00+02:00
5 %
6 % Source file
7 % Type: Mesh
8 %
9 % Volume 2.92x10E−7 mm^3

10 %
11 % Bounding box
12 % Minimum X: 0.004 Y: −0.496 Z: 0
13 % Maximum X: 9.996 Y: 9.496 Z: 8.7
14 %
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15 % Transformation
16 % Scaling X: 0.1 Y: 0.1 Z: 0.1
17 % Rotation X: 0.5 Y: −0.5 Z: −0.5 W: 0.5
18 % Translation X: 10 Y: 9.5 Z: 0
19 %
20 % Slicing
21 % SlicingMode: Fixed
22 % Distance: 0.3
23 % SimplificationTolerance: 0
24 % FixSelfIntersections: on
25 %
26 % Hatching
27 % HatchingDistance: 0.2
28 % HatchingAngle: 90
29 % HatchingAngleOffset: 0
30 %
31 % Splitting
32 % Mode: Rectangular
33 % BlockSize X: 120 Y: 120 Z: 10
34 % Offset X: 60 Y: 60 Z: 0
35 % Shear: 17
36 % Overlap: XY: 2 Z: 1.8
37 % BlockWidth X: 125.608 Y: 125.608 Z: 11.8
38 % BlockOrder: Lexical
39 % AvoidFlyingBlocks: on
40 % GroupBlocks: on
41 % BacklashCorrection: on
42 %
43 % Output options
44 % HatchLines: OneWay
45 % ZAxis: Piezo
46 % Exposure: Variable
47 % InvertZAxis: on
48 % WritingDirection: Up
49 % ScanMode: Galvo
50 % WritingOrder: ContourFirst
51 % SkipInterfaceFinder: off
52 %
53

54 MoveStageX 5
55 MoveStageY 4.5
56

57 FindInterfaceAt $interfacePos
58

59 MoveStageY −54.5
60 MoveStageX −55
61 MoveStageY 50
62 MoveStageX 50
63

64 % BLOCK 0|0|0
65 include singlemouldpillar_ns_nc_files\singlemouldpillar_ns_nc_0_0_0.gwlb

singlemouldpillar_s_c_data.gwl

1 % File generated by DeScribe 2.7
2 %
3 % Creation time
4 % 2022−05−18T11:14:01+02:00
5 %
6 % Source file
7 % Type: Mesh
8 %
9 % Volume 2.92x10E−7 mm^3

10 %
11 % Bounding box
12 % Minimum X: 0.004 Y: −0.496 Z: 0
13 % Maximum X: 9.996 Y: 9.496 Z: 9
14 %
15 % Transformation
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16 % Scaling X: 0.1 Y: 0.1 Z: 0.1
17 % Rotation X: 0.5 Y: −0.5 Z: −0.5 W: 0.5
18 % Translation X: 10 Y: 9.5 Z: 0
19 %
20 % Slicing
21 % SlicingMode: Fixed
22 % Distance: 0.9
23 % SimplificationTolerance: 0
24 % FixSelfIntersections: on
25 %
26 % Hatching
27 % ContourCount: 2
28 % ContourDistance: 0.2
29 % ConcaveCornerMode: Sharp
30 % HatchingDistance: 0.35
31 % HatchingAngle: auto
32 %
33 % Splitting
34 % Mode: Rectangular
35 % BlockSize X: 120 Y: 120 Z: 10
36 % Offset X: 60 Y: 60 Z: 0
37 % Shear: 17
38 % Overlap: XY: 2 Z: 1.8
39 % BlockWidth X: 125.608 Y: 125.608 Z: 11.8
40 % BlockOrder: Lexical
41 % AvoidFlyingBlocks: on
42 % GroupBlocks: on
43 % BacklashCorrection: on
44 %
45 % Output options
46 % HatchLines: Alternate
47 % ZAxis: Piezo
48 % Exposure: Variable
49 % InvertZAxis: on
50 % WritingDirection: Up
51 % ScanMode: Galvo
52 % WritingOrder: ContourFirst
53 % SkipInterfaceFinder: off
54 %
55

56 MoveStageX 5
57 MoveStageY 4.5
58

59 FindInterfaceAt $interfacePos
60

61 MoveStageY −54.5
62 MoveStageX −55
63 MoveStageY 50
64 MoveStageX 50
65

66 % BLOCK 0|0|0
67 include singlemouldpillar_s_c_files\singlemouldpillar_s_c_0_0_0.gwlb

singlemouldpillar_LP_SS_system_data.gwl

1 % File generated by DeScribe 2.7
2 %
3 % Creation time
4 % 2022−05−18T11:18:43+02:00
5 %
6 % Source file
7 % Type: Mesh
8 %
9 % Volume 2.92x10E−7 mm^3

10 %
11 % Bounding box
12 % Minimum X: 0.004 Y: −0.496 Z: 0
13 % Maximum X: 9.996 Y: 9.496 Z: 9
14 %
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15 % Transformation
16 % Scaling X: 0.1 Y: 0.1 Z: 0.1
17 % Rotation X: 0.5 Y: −0.5 Z: −0.5 W: 0.5
18 % Translation X: 10 Y: 9.5 Z: 0
19 %
20 % Slicing
21 % SlicingMode: Fixed
22 % Distance: 0.9
23 % SimplificationTolerance: 0
24 % FixSelfIntersections: on
25 %
26 % Hatching
27 % ContourCount: 2
28 % ContourDistance: 0.2
29 % ConcaveCornerMode: Sharp
30 % HatchingDistance: 0.35
31 % HatchingAngle: auto
32 %
33 % Splitting
34 % Mode: Rectangular
35 % BlockSize X: 120 Y: 120 Z: 10
36 % Offset X: 60 Y: 60 Z: 0
37 % Shear: 17
38 % Overlap: XY: 2 Z: 1.8
39 % BlockWidth X: 125.608 Y: 125.608 Z: 11.8
40 % BlockOrder: Lexical
41 % AvoidFlyingBlocks: on
42 % GroupBlocks: on
43 % BacklashCorrection: on
44 %
45 % Output options
46 % HatchLines: Alternate
47 % ZAxis: Piezo
48 % Exposure: Variable
49 % InvertZAxis: on
50 % WritingDirection: Up
51 % ScanMode: Galvo
52 % WritingOrder: ContourFirst
53 % SkipInterfaceFinder: off
54 %
55

56 MoveStageX 5
57 MoveStageY 4.5
58

59 FindInterfaceAt $interfacePos
60

61 MoveStageY −54.5
62 MoveStageX −55
63 MoveStageY 50
64 MoveStageX 50
65

66 % BLOCK 0|0|0
67 include singlemouldpillar_LP_SS_system_files\singlemouldpillar_LP_SS_system_0_0_0.gwlb

B.7. Array test 1
B.7.1. Main code

1 % File generated by DeScribe 2.7
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
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12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Writing parameters
19 PowerScaling 1.0
20

21 var $i = 0
22 var $j = 0
23

24 for $i = 0 to 80
25

26 for $j = 0 to 40
27

28 % Contour writing parameters
29 var $contourLaserPower = 50
30 var $contourScanSpeed = 50000
31

32 % Solid hatch lines writing parameters
33 var $solidLaserPower = 50
34 var $solidScanSpeed = 50000
35

36 % Base writing parameters
37 var $baseLaserPower = $contourLaserPower
38 var $baseScanSpeed = $contourScanSpeed
39

40 var $interfacePos = 0.5
41

42 % Include slicer output
43 include singlemouldpillar_2cont_data.gwl
44

45 MoveStageX 30
46

47 end
48 MoveStageY 30
49 MoveStageX −30*41
50

51 end

B.7.2. Additional code
singlemouldpillar_2cont_data.gwl

1 % File generated by DeScribe 2.7
2 %
3 % Creation time
4 % 2022−05−18T12:28:49+02:00
5 %
6 % Source file
7 % Type: Mesh
8 %
9 % Volume 2.92x10E−7 mm^3

10 %
11 % Bounding box
12 % Minimum X: 0.004 Y: −0.496 Z: 0
13 % Maximum X: 9.996 Y: 9.496 Z: 9
14 %
15 % Transformation
16 % Scaling X: 1 Y: 1 Z: 1
17 % Rotation X: 0 Y: 0 Z: 0 W: 1
18 % Translation X: 0 Y: 0 Z: 0
19 %
20 % Slicing
21 % SlicingMode: Fixed
22 % Distance: 1
23 % SimplificationTolerance: 0.05
24 % FixSelfIntersections: on
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25 %
26 % Hatching
27 % ContourCount: 2
28 % ContourDistance: 0.2
29 % ConcaveCornerMode: Sharp
30 % HatchingDistance: 0.5
31 % HatchingAngle: auto
32 %
33 % Splitting
34 % Mode: Rectangular
35 % BlockSize X: 285 Y: 285 Z: 10
36 % Offset X: 142.5 Y: 142.5 Z: 0
37 % Shear: 15
38 % Overlap: XY: 2 Z: 1
39 % BlockWidth X: 289.947 Y: 289.947 Z: 11
40 % BlockOrder: Lexical
41 % AvoidFlyingBlocks: on
42 % GroupBlocks: on
43 % BacklashCorrection: on
44 %
45 % Output options
46 % HatchLines: OneWay
47 % ZAxis: Piezo
48 % Exposure: Variable
49 % InvertZAxis: on
50 % WritingDirection: Up
51 % ScanMode: Galvo
52 % WritingOrder: ContourFirst
53 % SkipInterfaceFinder: off
54 %
55

56 MoveStageX 5
57 MoveStageY 4.5
58

59 FindInterfaceAt $interfacePos
60

61 MoveStageY −54.5
62 MoveStageX −55
63 MoveStageY 50
64 MoveStageX 50
65

66 % BLOCK 0|0|0
67 include singlemouldpillar_2cont_files\singlemouldpillar_2cont_0_0_0.gwlb

B.8. Array test 2
B.8.1. Main code

1 % File generated by DeScribe 2.7
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Writing parameters
19 PowerScaling 1.0
20

21 var $i = 0
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22 var $j = 0
23

24 for $i = 0 to 40
25

26 for $j = 0 to 40
27

28 % Contour writing parameters
29 var $contourLaserPower = 52
30 var $contourScanSpeed = 62000
31

32 % Solid hatch lines writing parameters
33 var $solidLaserPower = 52
34 var $solidScanSpeed = 62000
35

36 % Base writing parameters
37 var $baseLaserPower = $contourLaserPower
38 var $baseScanSpeed = $contourScanSpeed
39

40 var $interfacePos = 0.5
41

42 % Include slicer output
43 include singlemouldpillar_3cont_data.gwl
44

45 MoveStageX 30
46

47 end
48 MoveStageY 30
49 MoveStageX −30*41
50

51 end

B.8.2. Additional code
singlemouldpillar_3cont_data.gwl

1 % File generated by DeScribe 2.7
2 %
3 % Creation time
4 % 2022−05−18T12:28:49+02:00
5 %
6 % Source file
7 % Type: Mesh
8 % Volume 2.92x10E−7 mm^3
9 %

10 % Bounding box
11 % Minimum X: 0.004 Y: −0.496 Z: 0
12 % Maximum X: 9.996 Y: 9.496 Z: 9
13 %
14 % Transformation
15 % Scaling X: 1 Y: 1 Z: 1
16 % Rotation X: 0 Y: 0 Z: 0 W: 1
17 % Translation X: 0 Y: 0 Z: 0
18 %
19 % Slicing
20 % SlicingMode: Fixed
21 % Distance: 0.3
22 % SimplificationTolerance: 0.05
23 % FixSelfIntersections: on
24 %
25 % Hatching
26 % ContourCount: 2
27 % ContourDistance: 0.2
28 % ConcaveCornerMode: Sharp
29 % HatchingDistance: 0.2
30 % HatchingAngle: auto
31 %
32 % Splitting
33 % Mode: Rectangular
34 % BlockSize X: 285 Y: 285 Z: 10
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35 % Offset X: 142.5 Y: 142.5 Z: 0
36 % Shear: 15
37 % Overlap: XY: 2 Z: 1
38 % BlockWidth X: 289.947 Y: 289.947 Z: 11
39 % BlockOrder: Lexical
40 % AvoidFlyingBlocks: on
41 % GroupBlocks: on
42 % BacklashCorrection: on
43 %
44 % Output options
45 % HatchLines: OneWay
46 % ZAxis: Piezo
47 % Exposure: Variable
48 % InvertZAxis: on
49 % WritingDirection: Up
50 % ScanMode: Galvo
51 % WritingOrder: ContourFirst
52 % SkipInterfaceFinder: off
53 %
54

55 MoveStageX 5
56 MoveStageY 4.5
57

58 FindInterfaceAt $interfacePos
59

60 MoveStageY −54.5
61 MoveStageX −55
62 MoveStageY 50
63 MoveStageX 50
64

65 % BLOCK 0|0|0
66 include singlemouldpillar_2cont_files\singlemouldpillar_3cont_0_0_0.gwlb

B.9. Array test 3
The additional code is the singlemouldpillar_ns_nc_data.gwl introduced previously.

Main code

1 % File generated by DeScribe 2.7
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Writing parameters
19 PowerScaling 1.0
20

21 %WriteText "Dose test NSNC"
22

23 var $i = 0
24 var $j = 0
25

26 var $solidLaserPower = 60
27 var $solidScanSpeed = 10000
28

29 MoveStageY 20
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30

31 % Loop (5X4)
32

33 for $i = 0 to 20
34

35 for $j = 0 to 10
36 % Solid hatch lines writing parameters
37 var $solidLaserPower = 40
38 var $solidScanSpeed = 10000
39 var $interfacePos = 0.5
40 % Include slicer output
41 include singlemouldpillar_ns_nc_data.gwl
42 MoveStageX 20
43 end
44

45 %part 2
46 MoveStageX 20
47 for $j = 0 to 10
48 % Solid hatch lines writing parameters
49 var $solidLaserPower = 50
50 var $solidScanSpeed = 10000
51 var $interfacePos = 0.5
52 % Include slicer output
53 include singlemouldpillar_ns_nc_data.gwl
54 MoveStageX 20
55 end
56

57 %part 3
58 MoveStageX 20
59 for $j = 0 to 10
60 % Solid hatch lines writing parameters
61 var $solidLaserPower = 60
62 var $solidScanSpeed = 10000
63 var $interfacePos = 0.5
64 % Include slicer output
65 include singlemouldpillar_ns_nc_data.gwl
66 MoveStageX 20
67 end
68

69 MoveStageY 20
70 MoveStageX −35*20 %total amount of pillars (=above +1)
71

72 end

B.10. Array test 4
The additional code is the singlemouldpillar_ns_nc_data.gwl introduced previously.

Main code

1 % File generated by DeScribe 2.7
2

3 % System initialization
4 InvertZAxis 1
5

6 % Writing configuration
7 GalvoScanMode
8 ContinuousMode
9 PiezoSettlingTime 10

10 GalvoAcceleration 10
11 StageVelocity 200
12

13 % Scan field offsets
14 XOffset 0
15 YOffset 0
16 ZOffset 0
17

18 % Writing parameters
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19 PowerScaling 1.0
20

21 %WriteText "Dose test NSNC"
22

23 var $i = 0
24 var $j = 0
25

26 var $solidLaserPower = 50
27 var $solidScanSpeed = 10000
28

29 MoveStageY 20
30

31 % Loop (5X4)
32

33 for $i = 0 to 80
34

35 for $j = 0 to 80
36

37

38

39 % Solid hatch lines writing parameters
40 %var $solidLaserPower = 40
41 %var $solidScanSpeed = 10000
42

43 var $interfacePos = 0.5
44

45 % Include slicer output
46 include singlemouldpillar_ns_nc_data.gwl
47

48 MoveStageX 20
49

50

51 end
52 MoveStageY 20
53 MoveStageX −81*20 %total amount of pillars (=above +1)
54

55 end
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C.1. Profilometry measurement results
C.1.1. Matlab code for mean thickness calculation
This Section contains the Matlab codes used for the mean thickness calculation of the spincoated layer.

importfile.m
This file was used to read the raw data obtained by the white light interferometry measurement.

1 function POMAConnewHMDS2estukje = importfile(filename, dataLines)
2 %IMPORTFILE1 Import data from a text file
3 % POMACONNEWHMDS2ESTUKJE = IMPORTFILE1(FILENAME) reads data from text
4 % file FILENAME for the default selection. Returns the data as a table.
5 %
6 % POMACONNEWHMDS2ESTUKJE = IMPORTFILE1(FILE, DATALINES) reads data for
7 % the specified row interval(s) of text file FILENAME. Specify
8 % DATALINES as a positive scalar integer or a N−by−2 array of positive
9 % scalar integers for dis−contiguous row intervals.

10 %
11 % Example:
12 % POMAConnewHMDS2estukje = importfile1("/home/matthijs/Desktop/sophie/POMAC on new ...

HMDS 2e stukje.ASC", [11, Inf]);
13 %
14 % See also READTABLE.
15 %
16 % Auto−generated by MATLAB on 15−Sep−2022 15:08:44
17

18 %% Input handling
19

20 % If dataLines is not specified, define defaults
21 if nargin < 2
22 dataLines = [11, Inf];
23 end
24

25 %% Set up the Import Options and import the data
26 opts = delimitedTextImportOptions("NumVariables", 4);
27

28 % Specify range and delimiter
29 opts.DataLines = dataLines;
30 opts.Delimiter = ",";
31

32 % Specify column names and types
33 opts.VariableNames = ["x", "y", "z", "VarName4"];
34 opts.VariableTypes = ["double", "double", "double", "string"];
35

36 % Specify file level properties
37 opts.ExtraColumnsRule = "ignore";
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38 opts.EmptyLineRule = "read";
39

40 % Specify variable properties
41 opts = setvaropts(opts, "VarName4", "WhitespaceRule", "preserve");
42 opts = setvaropts(opts, "VarName4", "EmptyFieldRule", "auto");
43

44 % Import the data
45 POMAConnewHMDS2estukje = readtable(filename, opts);
46

47 end

process.m
This file was used to fabricate the graphs and calculate the mean and standard deviations of the spincoated
POMaC layer thickness.

1 files = {
2 'POMAC on new HMDS 2e stukje.ASC',...
3 'POMAC on new HMDS 3e stukje.ASC',...
4 'POMAC on new HMDS 4e stukje.ASC',...
5 'POMAC on new HMDS 5e stukje.ASC',...
6 'POMAC on new HMDS GOED.ASC'
7 };
8 close all;
9 t = tiledlayout(3,2);

10 t1 = nexttile;
11

12 %% Location 1
13 %close all
14 i = 5;
15 filename = files{i};
16 data = importfile(filename);
17

18 % figure();
19 % hold on;
20 % title(filename);
21 % A = [data.x, data.y, data.z];
22 % surf(A);
23 % hold off;
24

25 %figure();
26 hold on;
27 histogram(data.z);
28 title('Area 1',"FontSize",15);
29 xlabel('Height data (nm)',"FontSize",15)
30 ylabel('Number of data points (−)',"FontSize",15)
31 xlim([−1.5E4 2.0E4]);
32

33 hold off;
34

35 % Using cropped data of each histogram peak
36 cropped_substrate1 = data.z(data.z(:,1) ≥ −11000 & data.z(:,1) < −6000);
37 cropped_pomac1 = data.z(data.z(:,1) ≥ 0 & data.z(:,1) < 16000);
38

39 mean(cropped_substrate1)
40 mean(cropped_pomac1)
41

42 std(cropped_substrate1)
43 std(cropped_pomac1)
44

45 height_1 = mean(cropped_pomac1) − mean(cropped_substrate1) %substracting means
46 std_1 = sqrt(std(cropped_substrate1)^2 + std(cropped_pomac1)^2) % %correlation ...

between data points is 0
47

48 %% Location 2
49 %close all
50 t2 = nexttile;
51

52 i = 1;
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53

54 filename = files{i};
55 data = importfile(filename);
56

57 % %figure();
58 % hold on;
59 % title(filename);
60 % A = [data.x, data.y, data.z];
61 % surf(A);
62 % hold off;
63

64 %figure();
65 hold on;
66 histogram(data.z);
67 title('Area 2',"FontSize",15);
68 xlabel('Height data (nm)',"FontSize",15)
69 ylabel('Number of data points (−)',"FontSize",15)
70 xlim([−1.5E4 2.0E4]);
71

72 hold off;
73

74 % Using cropped data of each histogram peak
75 cropped_substrate2 = data.z(data.z(:,1) ≥ −11000 & data.z(:,1) < −5000);
76 cropped_pomac2 = data.z(data.z(:,1) ≥ 0 & data.z(:,1) < 16000);
77

78 mean(cropped_substrate2)
79 mean(cropped_pomac2)
80

81 std(cropped_substrate2)
82 std(cropped_pomac2)
83

84 height_2 = mean(cropped_pomac2) − mean(cropped_substrate2) %substracting means
85 std_2 = sqrt(std(cropped_substrate2)^2 + std(cropped_pomac2)^2) % %correlation ...

between data points is 0
86

87 %% Location 3 %thick edge. No data point
88 % close all
89 t3 = nexttile;
90 i = 2;
91 filename = files{i};
92 data = importfile(filename);
93

94 %figure();
95 hold on;
96 histogram(data.z);
97 title('Area 3',"FontSize",15);
98 xlabel('Height data (nm)',"FontSize",15)
99 ylabel('Number of data points (−)',"FontSize",15)

100 xlim([−1.5E4 2.0E4]);
101

102 hold off;
103

104 % Using cropped data of each histogram peak
105 cropped_substrate3 = data.z(data.z(:,1) ≥ −11000 & data.z(:,1) < 5000);
106 cropped_pomac3 = data.z(data.z(:,1) ≥ 5000 & data.z(:,1) < 16000);
107

108 mean(cropped_substrate3)
109 mean(cropped_pomac3)
110

111 std(cropped_substrate3)
112 std(cropped_pomac3)
113

114 height_3 = mean(cropped_pomac3) − mean(cropped_substrate3) %substracting means
115 std_3 = sqrt(std(cropped_substrate3)^2 + std(cropped_pomac3)^2) % %correlation ...

between data points is 0
116 %% Location 4
117 t4 = nexttile;
118 %close all
119 i = 3;
120

121 filename = files{i};
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122 data = importfile(filename);
123

124 %figure();
125 hold on;
126 histogram(data.z);
127 title('Area 4',"FontSize",15);
128 xlabel('Height data (nm)',"FontSize",15)
129 ylabel('Number of data points (−)',"FontSize",15)
130 xlim([−1.5E4 2.0E4]);
131

132 hold off;
133

134 % Using cropped data of each histogram peak
135 cropped_substrate4 = data.z(data.z(:,1) ≥ −11000 & data.z(:,1) < 5000);
136 cropped_pomac4 = data.z(data.z(:,1) ≥ 5000 & data.z(:,1) < 16000);
137

138 mean(cropped_substrate4)
139 mean(cropped_pomac4)
140

141 std(cropped_substrate4)
142 std(cropped_pomac4)
143

144 height_4 = mean(cropped_pomac4) − mean(cropped_substrate4) %substracting means
145 std_4 = sqrt(std(cropped_substrate4)^2 + std(cropped_pomac4)^2) % %correlation ...

between data points is 0
146 %% Location 5
147 t5 = nexttile;
148 %close all
149 i = 4;
150

151 filename = files{i};
152 data = importfile(filename);
153

154 %figure();
155 hold on;
156 histogram(data.z);
157 title('Area 5',"FontSize",15);
158 xlabel('Height data (nm)',"FontSize",15)
159 ylabel('Number of data points (−)',"FontSize",15)
160 xlim([−1.5E4 2.0E4]);
161

162 hold off;
163

164 % Using cropped data of each histogram peak
165 cropped_substrate5 = data.z(data.z(:,1) ≥ −11000 & data.z(:,1) < 5000);
166 cropped_pomac5 = data.z(data.z(:,1) ≥ 5000 & data.z(:,1) < 16000);
167

168 mean(cropped_substrate5)
169 mean(cropped_pomac5)
170

171 std(cropped_substrate5)
172 std(cropped_pomac5)
173

174 height_5 = mean(cropped_pomac5) − mean(cropped_substrate5) %substracting means
175 std_5 = sqrt(std(cropped_substrate5)^2 + std(cropped_pomac5)^2) % %correlation ...

between data points is 0
176

177 %% Overall mean calculation
178 mean = (height_1 + height_2 + height_3 + height_4 + height_5)/5
179 std = sqrt(std_1^2 + std_2^2 + std_3^2 + std_4^2 + std_5^2)
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C.1.2. Images of the areas used in the profilometry measurement

Figure C.1: White light interferometry image along the cut film edge. Letters A to E represent measurements at different
locations. F) A 3D side view of the cut thin film on top of the substrate.
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Figure C.2: White light interferometry image along the cut film edge. Letters A to E represent measurements at different
locations. F) A 3D side view of the cut thin film on top of the substrate.
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C.2. Matlab code for effective Young’s modulus calculation

1 clear all
2 close all
3 clc
4

5 datasamples = readtable('sampledata.csv'); %input as csv
6

7 t = tiledlayout(1,3);
8 % sample 1 data boxplot (100% UV intensity)
9

10 t1 = nexttile;
11 boxplot(datasamples.Sample_1_E_eff_kPa, datasamples.Sample_1_location)
12 hold on
13 title('Sample 1 (100% UV intensity)', "FontSize",15)
14

15 ylim([0 600]);
16 ax = gca
17 ax.XAxis.FontSize = 14;
18 ax.YAxis.FontSize = 14;
19 xlabel('Location point',"FontSize",15)
20 ylabel('Effective Young''s Modulus (kPa)',"FontSize",15)
21 hold off
22

23

24 % sample 2 data boxplot (60% UV intensity)
25

26 t2 = nexttile;
27 boxplot(datasamples.Sample_2_E_eff_kPa, datasamples.Sample_2_location)
28 hold on
29 title('Sample 2 (60% UV intensity)', "FontSize",15)
30 ax = gca
31 ax.XAxis.FontSize = 14;
32 ax.YAxis.FontSize = 14;
33 xlabel('Location point',"FontSize",15)
34 ylabel('Effective Young''s Modulus (kPa)',"FontSize",15)
35 ylim([0 600]);
36 hold off
37

38

39 % sample 3 data boxplot (submerged in PBS)
40

41 t3 = nexttile;
42 boxplot(datasamples.Sample_3_E_eff_kPa, datasamples.Sample_3_location)
43 hold on
44 title('Sample 3 (submerged for 2 weeks)', "FontSize",15)
45 ax = gca
46 ax.XAxis.FontSize = 14;
47 ax.YAxis.FontSize = 14;
48 xlabel('Location point', "FontSize",15)
49 ylabel('Effective Young''s Modulus (kPa)',"FontSize",15)
50 ylim([0 600]);
51 hold off
52

53

54 linkaxes([t1,t2,t3],'y')
55

56

57 % Comparison between the three samples boxplot
58

59 figure
60 hold on
61 samplenumber = 1:3;
62 combineddata = [datasamples.Sample_1_E_eff_kPa datasamples.Sample_2_E_eff_kPa ...

datasamples.Sample_3_E_eff_kPa];
63 %table_com_data = array2table(combineddata);
64 boxplot(combineddata)
65

66 %title('A comparison of the effective Young''s modulus between samples')
67 ax = gca
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68 ax.XAxis.FontSize = 20;
69 ax.YAxis.FontSize = 20;
70 xlabel('Sample number')
71 ylabel('Effective Young''s Modulus (kPa)')
72 ylim([0 600]);
73 hold off
74

75

76 % Median Effective stiffness data of each sample (in kPa)
77

78 mean_sample_1 = mean(datasamples.Sample_1_E_eff_kPa)
79 mean_sample_2 = mean(datasamples.Sample_2_E_eff_kPa, 'omitnan')
80 mean_sample_3 = mean(datasamples.Sample_3_E_eff_kPa)
81 % standard deviation:
82 std_sample_1 = std(datasamples.Sample_1_E_eff_kPa)
83 std_sample_2 = std(datasamples.Sample_2_E_eff_kPa, 'omitnan')
84 std_sample_3 = std(datasamples.Sample_3_E_eff_kPa)
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C.3. Toxicology cell culture results
In this appendix an overview is included of all cell cultures with eluates that had been in contact with POMaC
for 1 day (T=1). The additional images can be found in the Supplementary files.

Figure C.3: Cell culture images after 1 day in culture with the POMaC eluates. (A) Control cell culture. (B) EPOMaC with
no photoinitiator, T = 1, well A. (C) EPOMaC with 1 wt% uncured TPO, T = 1, well B. (D) PPOMaC containing 5 wt%

Irgacure 2959, T = 1, well B. (E) PPOMaC containing 1 wt% TPO, T = 1, well B.
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Figure C.4: Cell culture images after 5 days in culture with the POMaC eluates. (A) Control cell culture. (B) EPOMaC with
no photoinitiator, T = 1, well A. (C) EPOMaC with 1 wt% uncured TPO, T = 1, well B. (D) PPOMaC containing 5 wt%

Irgacure 2959, T = 1, well B. (E) PPOMaC containing 1 wt% TPO, T = 1, well B.
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C.4. Autofluorescence results for the 1 mm thick samples

Figure C.5: Results of the autofluorescence test. Results for wavelengths for four different commonly used stains
indicated in the top are shown. Page 1.
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Figure C.6: Results of the autofluorescence test. Results for wavelengths for four different commonly used stains
indicated in the top are shown. Page 2.
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Figure C.7: Results of the autofluorescence test. Results for wavelengths for four different commonly used stains
indicated in the top are shown. Page 3.





D
Future research

D.1. Fabrication of a membrane containing a pillar imprint
This Appendix lists the recommended approach for spincoating a membrane on top of a 2PP-printed mould,
to obtain a membrane containing an imprinted structure.

1. Clean a silicon substrate with acetone, IPA en demiwater, before drying it with an airgun. Conduct a
plasma cleaning step for 15 min at 0.14 mbar at an 80% power equivalent. Afterwards, place a droplet
of IP-Dip and place the substrate in the Nanoscribe.

2. Print a 86 x 86 pillar array in the middle of the substrate, with pillar dimensions as explained in the
concept introduction and a pitch of 35 µm. Printing parameters should be similar to the ones listed in
Array test 4 in Table A.2 in Appendix A.4. A post-curing step could be evaluated.

3. Follow the HMDS surface priming procedure listed in Appendix A.3. An oxygen plasma step could be
conducted beforehand to increase the surface roughness and HMDS adherence. A subsequent Pluronic
F-127 priming step could be evaluated to diminish POMaC adherence to the pillars.

4. Warm up POMaC containing 5 wt% Irgacure 2959 (or 1 wt% TPO) at 50 °C for 20 minutes, to decrease the
viscosity. Place a droplet of around 2 ml in the middle of the substrate and align it with the spincoater
centerpoint. Spincoat the POMaC at a spinning speed of 2500 r.p.m. and a spinning acceleration of
1000 r.p.m./s for 5 minutes.

5. Afterwards, UV cure the thin layer for 30 minutes, at a point source intensity of 100 % and a height of 2
cm. Oven post-polymerization could be evaluated.

6. For detachment, attach a detachment structure, e.g. a POMaC slab containing a hole, tape or a LOC
component. Subsequently, place the layer in DI water until detached.

Evaluating the membrane and the remaining substrate can be done using an optical or digital microscope, or
if higher resolution is needed, using a SEM.
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D.2. Permeability measurement
With this proposed permeability experiment, the permeability of a membrane to liquid and particles of vari-
ous sizes can be evaluated. This can provide an indication whether liquid, proteins and signalling molecules
with various sizes and immune cells can pass through a membrane. The basic set-up includes two channel
parts, between which a porous membrane is attached. Figure D.1 shows a schematic image of this set-up.
Liquid containing small beads with a known diameter is present on one side of the membrane. This side can
be connected to a pressure head, to create a slight constant overpressure. On the other side of the membrane,
any liquid containing beads that has passed through is collected. The diameter of these beads indicates what
dimension particles might travel through the membrane. The fluid permeability can be calculated by mea-
suring the rate of the flow and Darcy’s Law, which is only valid for slow and viscous flow (Eq. D.1) [126]. An
example of a permeability measurement is given by Agrawal et al. [126]. The collected beads can be imaged
by, for example, X-ray microtomography, after the liquid has evaporated.

Figure D.1: Schematic of the proposed permeability measurement.

q =− k

µL
∆p (D.1)

Where: q = the discharge per unit area (m/s)
k = the permeability (m2)
µ = the dynamic viscosity (Pa·s)
L = sample thickness (m)
∆p = the pressure drop (Pa)
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Abstract

This literature review discusses membrane design for an alveoli-on-a-chip (AOC) device. An AOC device is
a device that allows for precise mimicking of the lungs’ dynamic alveolar micro-environment by incorporat-
ing microfluidics, living cells, and dynamical cues. The subject of organ-on-a-chip (OOC) devices has been
broadly studied in the past decades since they are promising alternatives to animal and traditional in-vitro
models. However, there are still many future improvements to be made in AOCs and their membrane design.
This review undertakes an in-depth review of the state-of-the-art AOC devices designed to date, specifically
by considering their membrane dimensions and whether they contain a cyclic strain, air-liquid interface
(ALI), and media flow. Furthermore, it gives a clear overview of the requirements that an AOC membrane
should exhibit.

The use of poly(dimethylsiloxane) (PDMS) as an OOC material is undesired due to its high ad- and absorp-
tion of small molecules. To find alternative materials and the limits in the design of AOC membranes, various
materials and manufacturing methods were thoroughly studied. Also membranes that have changing char-
acteristics throughout a cell culture were discussed.

In conclusion, the need for a novel membrane for AOC devices became clear in this review. An adequate
membrane should sustain a cyclic in-plane stretch of at least 20%, an ALI along with a physiological fluid
flow, and it should have a thickness of 10 µm or less. Furthermore, it should have an adequate pore size, be
made of a material that has better ad- and absorption properties than the conventionally used PDMS, and it
should be possible to culture cells up to two to four weeks. Moreover, more research on the effect of pore size
and porosity throughout the cell culture needs to be undertaken.

Based on that, the research question for the next part of this thesis project is: ‘What is the effect of a dynamic
membrane pore size on the formation of a confluent alveolar epithelial and endothelial monolayer through-
out the cell culture duration, under an ALI, physiological fluid flow and cyclic stretch?’.
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1
Introduction

In-vitro models are fundamental in the study of cell behaviour, the physiological function of organs and their
response to drugs and toxins [46][27][40]. These physiological functions are often hard to determine since
there is a shortage of accurate and reliable in-vitro models [27]. Furthermore, animal models used in pre-
clinical drug development regularly have inadequate predictive power [29][64]. One of the main reasons is
because animal tissues vary greatly from human tissues concerning their anatomy, immune system, and in-
flammatory response [5]. Moreover, 90% of the preclinical studies in animals do not accurately predict the
outcome of human clinical trials [26]. Furthermore, the success rate in the clinical phase generally is only
about 10% to 20% [40]. This low success rate leads to the disregard of unsuccessful drugs in a late stage of
their development, as promising results in these models do not ensure equally successful results in humans
[29][64]. When considering the immense expense of drug development and the long development time re-
quired, the pressing need for means to quickly and reliably assess drug efficacy and safety at an early stage
becomes apparent [29][52].

Traditionally, in-vitro models are organized mostly as 2D cell cultures, on, for example, Petri dishes or well
plates [46][38]. These cell cultures lack dynamical cues and fail to mimic the complex nature of tissues, as
well as the structural, mechanical, and functional properties that this complex nature entails [64][38]. Fur-
thermore, 2D in-vitro cultures are generally monocultures [64]. A disadvantage of using a monoculture is that
it affects, among others, cell morphology, cell division, cell secretion and physiological functions [64]. Apart
from 2D cell cultures, also 3D cell cultures have been created with cells that are grown in an extracellular
matrix (ECM) gel in order to include more tissue-specific functions [29]. However, these 3D models often
fail to accurately capture the functional and structural complexity that in-vivo tissues exhibit [27][29]. The
architecture and spatial design of 3D models have been limited, and dynamic mechanical and biochemical
cues, which are fundamental in organ function and development, are generally not incorporated either [28].

Organ-on-a-chip (OOC) models pose as promising alternatives for animal models and traditional in-vitro
models [78][29][8][14][38][64]. OOC models are micro-engineered microfluidic devices combined with cul-
tured living cells, which create a precisely controlled and dynamic microphysiological environment [64].
These models allow for closer mimicking of the physiological and mechanical microenvironment within or-
gans, thus facilitating a more accurate prediction of cell behaviour. For example, they allow for mimicking
the circulation in the body by allowing continuous perfusion of the cells [38]. So far, various barrier tissue in-
terfaces have been recapitulated by microfluidic models, e.g. the blood-brain barrier, the gut, and the lungs’
blood-air barrier [78]. To date, OOC models, and more specifically lung-on-a-chip (LOC) models, that pre-
cisely and effectively reproduce complete drug responses and disease mechanisms, have not been developed
[29].

Therefore, this thesis project aims to design a novel LOC model, focusing on the membrane, and in this liter-
ature review, the current advances in LOC models are reviewed. The membrane for this LOC device recapitu-
lates the pulmonary alveolar-capillary barrier. This barrier is the blood-air barrier in the lungs’ gas exchang-
ing region. LOC models are currently being used for lung disease modelling, cytotoxicity studies, cancer diag-
nosis and drug screening assays [69]. Various respiratory diseases that are studied using LOC devices include:
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2 1. Introduction

lung cancer, pulmonary oedema, pulmonary thrombosis, asthma, chronic obstructive pulmonary disease
(COPD), cystic and pulmonary fibrosis, and pulmonary hypertension [64][44][6]. LOC models are also used
to study the effect of air pollution [40], and emergent respiratory viruses, such as SARS-CoV-2, which can have
a significant impact on society [26][50]. Although, at this point, the main focus of LOC models still seems to
be the study of the lung physiology [40]. A lot of the mechanisms present in the lung are still not well under-
stood, and LOC devices can play a prominent role in helping to discover these mechanisms [40].

1.1. LOC requirements
In-vitro models need to mimic the in-vivo environment and its extracellular matrix (ECM) as closely as pos-
sible. The effect of breathing, by which a periodic strain is applied to the cells, is deemed to be vital in reg-
ulating lung functions [67]. Such a strain can be mimicked by incorporating a flexible polymeric membrane
in the LOC and cyclically stretching it [78]. However, so far, this effect has not been intensively modelled
[67]. Three-dimensional ECMs have been used to create tissue-specific phenotypes, but their architecture
and spatial design have been limited [27]. Dynamic mechanical and biochemical cues fundamental in organ
function and development are minimally incorporated as well [27].

The blood-air barrier contains more than 40 different cell types [67][36]. Facing the capillary lumen, it con-
sists of endothelial cells, and facing the alveolar lumen, it consists of epithelial cells with a surfactant layer
[36]. Between these two cell layers is the interstitium. This space is made up of various cells, particularly
fibroblasts, and an ECM containing elastic fibres, collagen fibrils, and laminin, which provides mechanical
integrity [51]. Myofibroblasts span the inter-alveolar septum through pores connecting both sides of this
septum, which contributes to the mechanical stability [36]. Lung tissue is subjected to enormous expan-
sions, undergoing strains of 10% to 20% [51].

Knudsen et al. state that various structural requirements must be met to create efficient oxygen and carbon
dioxide diffusion through the barrier. First, a large surface area must be present. Second, the diffusion barrier
must be thin. In-vivo, the alveolar-capillary barrier is about 1 µm thick [76][36]. Third, the membrane must
be stable, which is maintained by the surfactant layer and the connective tissue within the lung. Last, in order
to recreate breathing movements, the barrier must be flexible and elastic [36].

To date, most membranes used in LOC models are made of poly(dimethylsiloxane) (PDMS) [27][78]. PDMS
is elastic, optically transparent and biocompatible [78]. However, it has high adsorption and absorption of
small hydrophobic molecules, which limits its application in drug evaluation studies [78] [14]. Moreover, its
intrinsic stiffness and molecular composition are distinctly different from alveolar lung tissue [78]. It also
has a high water vapour permeability, which causes osmolarity shifts and thus influences homeostasis [14].
Therefore, other materials than PDMS will be analysed to create a new membrane design. Possible alterna-
tive material groups include, for example, thermoplastic polymers, hydrogels and thermoplastic elastomers.

Based on these findings, the following three aspects are considered most important, and these will therefore
be the focus of the literature review: (1) a breathing motion by using a stretchable membrane, (2) recapitula-
tion of the ECM structure, and (3) inclusion of an air and media flow.

Several additional requirements need to be met. A simple schematic of an intersection of the membrane
environment is shown in Figure 1.1. As stated previously, a cyclic stretch needs to be applied. This stretch
should be applied with a frequency of 0.2 Hz, and should exert a strain on the membrane (orange) of 10%
to 20%. On the side of the capillary lumen, a continuous media flow that simulates the blood flow should
be present. Whereas, on the side of the alveolar lumen, a constant gas flow, simulating airflow, should be
present. Both flows exercise a shear stress on the cells seeded on the membrane. The mean wall shear stress
on endothelial cells in microvessels in-vivo was found to be 1.54 N/m2 by Koutsiaris et al. [39].

The material included should be sterilizable and biocompatible to enhance cell viability. Besides that, the
membrane material used should be optically transparent to facilitate high-resolution microscopic analyses
for reliable cell characterization and assessment [14][8]. The device should also allow for cell culture exper-
iments having a duration of minimally two weeks, up to four weeks. Lastly, it should also be possible to
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Figure 1.1: Schematic side view of a lung-on-a-chip device.

recover the used membrane to allow for additional testing of the cultured cells. A LOC device designed prior
by the Precision and Microsystems Engineering (PME) Department at the Delft University of Technology will
be used as a basis for testing the membrane [46]. In conclusion, all these requirements will be considered in
this literature review.

1.2. Review structure
This literature review first elaborates on lung physiology and the relevant parameters that need to be con-
sidered in the design of a lung-on-a-chip. Secondly, the various cell types used in cell cultures are discussed.
Subsequently, the various in-vitro models to date will be analyzed, and the state-of-the-art for LOC devices is
discussed. This last section provides information about the various characteristics of a LOC model, its gen-
eral layout, and an overview of the various devices found in the literature. Special attention will be given to
the LOC membranes since this literature review aims at designing a novel membrane for the LOC device de-
signed prior by Nissar in the PME Department [46].

Continuing, in the third chapter, a more detailed overview is given on the materials and manufacturing meth-
ods that are used to create and integrate LOC membranes. Next, based on the previously discussed literature,
the membrane requirements for an alveoli-on-a-chip are detailed. Finally, a conclusion on this literature re-
view is given. Also, a detailed research question and design plan for future research within this thesis project
are presented.





2
Lung-on-a-chip devices: background and

state-of-the-art

This chapter first focuses on the lung physiology, discussing the characteristics of the alveoli. Secondly, it
covers the various cell types used for in-vitro modelling. Subsequently, the various in-vitro models to date
are discussed. After which, state-of-the-art LOC devices found in the literature are studied. This section
also includes the characteristics and the layout that these devices exhibit. Also, the previous work done by
the Department of Precision and Microsystems Engineering at the Delft University of Technology is briefly
discussed. Last, a conclusion is given.

2.1. Lung physiology

Figure 2.1: View of capillary-alveolar relation-
ships [42].

The human respiratory system allows for gas exchange between
blood circulating in the body and the external environment [30]. The
lungs are the primary organ within this respiratory system, and it al-
lows the exchange of oxygen and carbon dioxide [40]. This system
exists of the conducting zone, and the respiratory zone [30]. The
conducting zone is merely the region where air is transported to and
from the gas exchanging region [30]. Whereas the respiratory zone is
the region where the gas exchange actually takes place, and it starts
where the terminal bronchioles turn in the respiratory bronchioles
(Figure 2.1) [42]. This region is where the acini are located, which
consist of bronchioles, alveolar ducts, and alveoli [30]. There are over
30 000 acini present in the adult human lung, and each acinus holds
roughly 10 000 alveoli [69]. Overall, this accounts for about 300 mil-
lion alveoli, which make up most of the human lung volume [42].
Around every alveolus, a dense network of pulmonary capillaries is
present.

The gas exchange itself happens via diffusion through the respiratory membrane, also called the alveolar-
capillary barrier (ACB) (Figure 2.2) [42]. This thin membrane spans between the alveolar lumen and the
capillary lumen. This membrane is so thin that a single sheet of tissue paper is about 15 times thicker [42].
It is comprised of epithelial and endothelial cells, which are located on different sides of a fused basement
membrane. Between the alveoli, there is also a membrane, the inter-alveolar membrane, containing pores of
Kohn with a diameter of about 10µm to 15µm [40]. These alveolar pores equalize the air pressure throughout
the alveoli and provide secondary air routes to alveoli otherwise unreachable due to disease [42].

The alveoli are roughly ordered in a honeycomb structure with polyhedral-shaped cavities [69]. This causes
the general morphology of the alveolar blasts to be hexagonal [54]. The diameter of the individual alveoli
ranges from 200 to 300 µm [54][40].

5
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Figure 2.2: Detailed anatomy of the alveolar membranes [42].

On the side of the capillary lumen, endothelial cells are present, creating a monolayer called the endothelium
[40]. Whereas, on the side of the alveolar lumen, the alveolar-capillary barrier consists of a single layer of ep-
ithelial cells covered by a thin layer of liquid surfactant. The surfactant forms the barrier between the air and
the tissue, also called the air-liquid interface (ALI) [15][30]. The epithelial cell layer secretes the surfactant,
which consists of alveolar lining fluid [15] [40]. This layer of about 0.1-0.2 µm thick protects the epithelial
cells from being exposed directly to the air and plays a significant role in the immune defence of the alveoli
[40][69]. The surfactant layer also decreases the air-liquid surface tension, which promotes molecule dif-
fusion across the membrane [54]. Upon film compression, which happens during exhalation, the surface
tension is almost equal to zero [69]. Along the alveolar lumen, alveolar macrophages transit around freely,
which continuously respond to infectious microorganisms that are breathed in [42].

Both the capillary endothelial and alveolar epithelial cell layers have a basement membrane, which poses as
a structural support and bonding site for the adjacent cells [16]. Each basement membrane has a thickness
of about 50 nm. They are fused together to create the alveolar interstitium [15]. This barrier forms the con-
nective tissue between the alveoli and the blood vessel. The thickness of the interstitium itself ranges from
0.2 µm to 0.5 µm [40]. The complete alveolar-capillary barrier, including the cell monolayers, has a mean
thickness of 1.1 µm [76][40][15]. But at the gas exchange location, where the membrane is thinnest in order
to allow for efficient gas, solutes and protein diffusion, it has a thickness of 0.62 µm [54][15].

The ECM, of which the interstitium consists, provides the lung with its most vital functionality [15]. The
ECM contains roughly 60 different cell types [15], among which elastin and collagen IV fibrils are abundantly
present. These fibers have a diameter ranging from 10 to 100 nm [71][54][40]. Cells present in the lungs in-
clude, for example, epithelial cells, smooth muscle cells, endothelial cells, and a specific set of fibroblasts
[30][15]. The fibroblasts produce elastin that composes a third of the total lung dry mass [76][40]. It creates
a highly elastic intricate woven network of nanofibers, which supports cells [71]. Furthermore, the basement
membrane is porous, and it contains two types of pores [15]. The specific pore sizes are still undetermined,
but it is suggested that one pore type has a size smaller than 2.5 nm and a less common second pore type has
a diameter of less than 400 nm [15].

Figure 2.3: Schematic of the alveolar-capillary barrier, showing the cellular composition and the ALI [69].
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The epithelial layer consists mainly of squamous type I (AET I) and to a lesser degree cuboidal type II (AET
II) alveolar cells (Figure 2.3) [54][40][42]. AET I cells make up about 95% of the alveolar wall. They main-
tain homeostasis and contribute to particle transport, and gas exchange [54][40]. They are also connected
through the basement membrane’s ECM to the capillary endothelial cells [54]. AET II cells secrete the sur-
factant layer, stimulated by cell stretching [54][40]. This surfactant is constantly produced and subsequently
broken down and reabsorbed by macrophages [40]. The half-life time of surfactant is 5 to 10 hours [40]. AET
II cells also play a prominent role in the immune system by producing antimicrobial proteins [42]. The size
of an epithelial cell ranges between 10 µm for AET II cells and 50- 100 µm for AET I cells [12].

The AET I cells form a continuous layer with tight junctions, showing little leakage of particles [40]. Tight junc-
tions are cell-cell adhesions, which tightly connect cells, allowing for paracellular and transcellular transport.
Besides that, these junctions play a significant role in controlling intracellular signals, and cellular polarity
[16]. The AET I cells are only replaced by differentiated AET II cells, which constantly renew [40].

The endothelial cell layer is a semi-selective barrier, managing the transport of particles and migration of
white blood cells between the capillary lumen and the neighbouring alveolar tissue [40]. It has been shown
by transmission electron microscopy that alveolar fibroblasts are connected to AET I and AET II cells through
basement membrane apertures. Furthermore, the same may be possible with endothelial cells, and thus the
endothelium may also be directly connected to the epithelium via fibroblasts [16].

The dynamical aspects will be covered now that the alveoli’s anatomical structure and dimensions have been
discussed. Firstly, the lung displays unique mechanical forces: every respiratory cycle, a periodic mechanical
force is exerted on the alveolar membrane. This dynamical force makes the lung a challenging tissue to mimic
in-vivo [1]. Furthermore, Knudsen et al. state that various structural requirements must be met to create ef-
ficient oxygen and carbon dioxide diffusion through the septum. First, a large surface area must be present.
Second, the diffusion barrier must be thin. Third, the membrane must be stable, which is maintained by
the surfactant layer that minimizes the surface tension at the ALI, and the connective tissue within the lung
[36][40]. Fourth, in order to recreate breathing movements, the membrane must be flexible and elastic [36].

Physiological stretching of the alveoli is vital in tissue and cell development and in maintaining homeostasis
[68]. The alveoli are inflated and stretched during inspiration and deflated during expiration. At rest, both
phases are around 1.5 to 2 seconds, with a 1-second pause in between [40]. This results in a regular breathing
frequency of around 0.20 Hz [15]. The alveolar basement membrane generally undergoes a linear strain of
4% during this rest condition [15]. During exercise and deep breathing, the respiratory frequency can rise
3 to 5 fold [15][40]. The corresponding linear strain roughly goes up to 12%. This strain range is the phys-
iological strain range [54]. Birukov et al. [7] state, based on clinical observations and models, that a linear
mechanical strain greater than 15% may be marked as pathophysiological. In comparison, Tas et al. [68] state
that overdistension of the lung happens when the strain goes over 20%. Doryab et al. [15] also state that in a
pathological condition, strains up to 20% have been observed.

Table 2.1: Characteristics of the alveoli.

Feature Value
Thickness basement membrane ∼50 nm
Total ACB thickness ∼0.6 µm
Pore size < 2.5 nm and < 400 nm
Breathing frequency 0.2 Hz
Physiological linear strain range 4% -12%
Elasticity 1-2 kPa

Regarding tissue stiffness, Pasman et al. [50] state that lung tissue has a Young’s modulus of 400 Pa. According
to Doryab et al. [15], the alveolar tissue has a Young’s modulus of around 1-2 kPa. Furthermore, the Young’s
modulus of an alveolar wall is roughly 5 kPa, for a wall with an average thickness of 8 µm. However, this is a
gross oversimplification by Cavalcante et al. due to not taking into account the wall structure [10]. Generally,
the stiffness of the alveolar-capillary barrier is assumed to be in the range of less than 10 kPa.
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To date, it has not been possible to exactly recapitulate these variables and the alveolar barrier structure
within a LOC membrane simultaneously. Moreover, the obtainable stretch, membrane porosity and stability
depend on, for example, the membrane thickness, structural design and the type of materials chosen for the
membrane. As such, it might not be possible or necessary to fully mimic every variable exactly, as long as the
LOC membrane simulate the native environment adequately enough. An overview of characteristics that the
alveoli exhibit is shown in Table 2.1.

2.2. Cell types used for in-vitro modelling
For in-vitro cell cultures, various cell types can be chosen. The leading choice is between primary cells and
immortalized cell lines, but also induced pluripotent stem cells (iPSC) have recently been tried to culture
[40]. The following section is an overview of these cell types. Table 2.2 gives a summary of the advantages and
disadvantages of each cell type that is discussed in this section.

Human primary cells: Primary cells are directly derived from donor tissue, using specific enzymes [40][46].
Ideally, primary cells are used for cell cultures since they more closely resemble the in-vivo cell properties [50]
However, this is often challenging since primary cells are more costly, more challenging to culture and have a
limited life-span [40][46][50].

Primary epithelial cell types include: Primary human pulmonary alveolar epithelial cells (pH-PAEC), pri-
mary human bronchial epithelial cells (pHBEC), primary human airway epithelial cells (hAECs) [5][26][2],
and thracheo-bronchial epithelial cells (AE) [61][46]. hAECs have the best characteristics that simulate in-
vivo behaviour [40].
Primary endothelial cell types include: primary human umbilical vein endothelial cells (HUVEC) [76][56][58]
[66][75], human pulmonary microvascular endothelial cells (HPMEC) and primary human lung microvascu-
lar endothelial cells (HMVEC-L) [33][67][15][40][46][50]. Besides the frequently applied HPMEC lines, also
HUVECs are a non cancerous, and a very commonly used cell line [40].

Table 2.2: Overview of the advantages and disadvantages of the various cell types.

Cell type Advantages Disadvantages

Human primary cells
Close resemblance to in-vivo
cell properties

Costly
Challenging to culture
Limited life-span

Immortalized cell lines
Increased life-span
Easier to culture

Less resemblance to in-vivo properties

iPSCs
Differentiable into various tissues
Increased biological accuracy

No clear differentiation protocol

Immortalized cell lines: Since primary cells prove more challenging to use in cell cultures, for the reasons
mentioned previously, often immortalized cell lines are used [50]. The lifespan of cells is increased in immor-
talized cell lines, which are derived from primary cell lines. In order to make them immortalized, a mutation
can be induced, by which they keep dividing [40]. Thus, they keep proliferating, and they subsequently can
be grown in-vitro long-term [40]. However, due to the changes they undergo, they often do not exhibit the
same phenotypes as native cells [40].

Immortalized epithelial cell types include: Lung cancer cells (NCI-H1437) [35], pulmonary alveolar epithe-
lial cells (NCI-H441) [15][29], human airway epithelial cells line (Calu-3) [63][30], adenocarcinomic human
alveolar basal epithelial cells (A549) [76][56][75][17],[45][54], human bronchial epithelium cells (BEAS-2B)
[52][25][46]. A commonly used and thoroughly characterized epithelial cell line is the A549 cell line, although
these have been found to form weak junctions. [40]. Since the A549 cell line barely exhibits barrier function,
they are less suitable for lung barrier modelling [50]. The NCI-H441 cell line particularly allows for a tight
epithelium layer and the generation of surfactant [40]. Also, Calu-3 cell lines have been extensively used to
model lung barriers since they have proper barrier function, have good availability and are relatively easy to
culture [50].
Immortalized endothelial cell types include: Lung cancer cells (NCI-H1237) [46].
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Induced pluripotent stem cell lines: Induced pluripotent stem cell (iPSC) lines are donor cells reprogrammed
into stem cells [38]. These stem cells can subsequently be differentiated into any kind of tissue [40][46]. iPSCs
have the ability to replace primary or immortalized cell lines, and they can increase the biological accuracy by
permitting experiments on cells from multiple sources [40]. iPSCs have already been used in lung organoids
[38], kidney-on-a-chip [23] and in mimicking the blood-brain barrier [64]. However, the differentiation pro-
tocols for lung tissue are not adequate yet, and they need further research [40][64].

Other cell types: Other cell types have also been included in various research on the alveolar-capillary bar-
rier. These include, but are not limited to, fibroblasts (primary human lung fibroblasts), dendritic cells, hu-
man bronchial smooth muscle cells (hBSMCs), or pulmonary macrophages [40][46].

Pasman et al. [50] demonstrated that when compared to monocultures, implementing a coculture with both
endothelial and epithelial cells exhibited various benefits. This includes, for example, improved barrier func-
tion [50]. Nevertheless, many studies still apply monocultures. For each cell culture study, an adequate cell
type must be chosen by taking the aforementioned advantages and disadvantages into account.

2.3. Current in-vitro lung models
Cell cultures are typically two-dimensional. For example, they are cultured on plastic or glass culture dishes
or well plates [38][76]. 2D cell cultures have been a broadly used method due to their low cost and their ability
to provide a means for standardized and consistent studies [38]. However, they generally have various draw-
backs when compared to animal models: a simple cell culture does not contain the complex functionality,
and physiological/pathological conditions found in-vivo [64][76]. Multiple cell types are present in-vivo, and
they continuously give and receive signals and cues from each other [38]. Typically a single cell type is studied
in these cell cultures, failing to capture the interaction between various cell types with different phenotypes
[38][64].

Transwell inserts are a popular choice and have been used to recreate an ALI with a coculture and a per-
meable membrane, often between smooth muscle cells and epithelial cells [30][40][69]. However, generally
rigid, bioinert membrane materials such as polyethylene terephthalate (PET) are used. These have high stiff-
ness and do not mimic the ECM, both chemically and structurally [30]. Furthermore, these are usually 10 µm
thick, which is much thicker than the membrane found in-vivo (of which the fused basement membrane is
about 0.2 µm) [40]. Most importantly, these 2D cell cultures fail to provide dynamical and mechanical cues,
which include strain, compression and tension, shear stresses, and the various tissue-specific dimensions
and geometrical structures [64]. These cues affect cell behaviour by influencing cell differentiation, prolifer-
ation, contractility motility, and organ development [64]. The dynamic shear stress-dependent response also
influences the progression of several diseases such as COPD and asthma, and it should be included if diseases
such as these are studied [5].

The limitations in two-dimensional cell cultures (and in animal models) caused a shift in research to more
extended three-dimensional models, such as organoids [64][76]. Organoids are multicellular 3D cultures con-
taining clusters of cells, set up using stem cells or tumour cells [64]. 3D models generally use biocompatible
polymers or natural materials as a scaffold for three-dimensional growth of tissue [76]. More complex 3D
cell cultures can provide longer incubation times and an ECM or scaffolding in which multiple cell types can
grow, allowing for a more biomimetic environment [56][15]. Also, the tissue-specific structure and shape,
and cell-cell or cell-matrix interactions, which influence physiological functions, can be more closely mim-
icked [76][40]. Therefore, these are proving to be better models for cell migration, differentiation, growth,
and general cell survival [40]. Multicell cocultures with up to 5 different cell types have been achieved [15].
Nonetheless, these models, being static cultures, generally fail to provide an air-liquid interface (ALI), and
they omit the dynamics to mimic the breathing mechanisms [56].

Current developments in microfabrication techniques have caused an advancement in the possibilities of cell
culture constructs. These developments have allowed for the incorporation of various biomechanical char-
acteristics into the in-vivo models, such as its 3D microarchitecture, dynamical cues, or chemical properties
[40]. For example, mechanical stimuli, such as the breathing movement, influence not only cell development
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and tissue regeneration, but they also influence disease onset, and advancement [15]. Besides that, adding
microfluidics to the design, as in organ-on-a-chip (OOC) devices, allows for continuous perfusion of cells.
Adding microfluidics not only allows for more extended study durations by continuously providing nutrients,
but it also allows for the incorporation of fluid shear effects and the effects of physical, chemical and electrical
stimuli [38]. Thus, OOCs allow for precise mimicking of the dynamic micro-environment by incorporating
microfluidics, living cells, and dynamical cues. Thereby better replicating the tissue-tissue interfaces, the
microarchitectures and environments than traditional cell culture systems [64].

2.4. State-of-the-art LOC devices
The first OOC device mimicking the alveolar-capillary barrier was the device designed by Huh et al. in 2010
[28]. They defined OOCs as "microfluidic cell cultures with continuously perfused chambers inhabited by
living cells arranged to simulate tissue- and organ-level physiology, created with microchip manufacturing"
[28][11]. OOCs provide an accurate in-vitro model of the in-vivo environment while allowing for advantages
in laboratory use, such as live imaging and in-vitro analyses of cell activities at a tissue-scale [40]. Since Huh
et al. [28], various alterations and designs have been proposed to recreate the alveoli-on-a-chip. Although,
not all of them contain both an ALI and a breathing motion.

A lung-on-a-chip (LOC) indicates any organ-on-a-chip that recapitulates a part of the lung. This review is
conducted to study ways of recapitulating the alveolar-capillary barrier. Therefore, mostly alveoli-on-a-chip
(AOC) devices are reviewed. Nevertheless, some LOC devices that cover other parts of the lung or capillaries
are also included since they still provide insight into the manufacturing techniques and materials, breathing
movement, and membrane dimension. Moreover, special attention is given to AOC membranes, since in this
thesis, a novel and adequate membrane is sought for the AOC device prior designed in the PME Department
by Nissar [46].

In the following subsections, an overview is given on the various LOC devices found in the literature. First,
an overview of specific characteristics generally present in LOC devices is given. Next, an overview of the
various basic device layouts that researchers have proposed to date is given. Last, a more specific and de-
tailed overview of the LOCs present in the literature is provided. Furthermore, the prior work by the PME
Department will also be discussed. Finally, a conclusion of the evaluation of the LOC devices is given.

2.4.1. Overview of LOC characteristics
In order to mimic the alveolar-capillary barrier, various characteristics are desired to be present in LOC de-
vices (Figure 1.1). Firstly, an air-liquid interface (ALI) and a gas and media flow that simulates the air and
blood flow, respectively, must be present. This ALI and media flow is essential to ensure that the in-vivo
microenvironment of endothelial and epithelial cells can be simulated [40][69][64]. Secondly, the breathing
movement is essential since strain has a significant effect on cell behaviour [28][15][1]. Thirdly, to closely
mimic the alveolar-capillary barrier, the thickness of the membrane is essential. The native ACB is a very thin
membrane, and the in-vitro membrane must therefore also be adequately thin [15]. Therefore, this review
will study the membrane thickness and the driver for this designed thickness. Furthermore, a biodegradable
membrane changes the membrane properties over time. This biodegradability can have a beneficial effect
on cell cultures, as will be explained later [80][16]. Therefore, whether membranes incorporate this property
will also be taken into account.

The inclusion of an ALI is relevant due to several factors. It increases monolayer integrity, allows primary cells
to differentiate to epithelial cells, and the addition of air provides an increase in surfactant secretion [69][28].
The inclusion of an ALI also improves the molecular barrier function, compared to submerged conditions
[28]. It reasonably also produces stronger tight junctions since Huh et al. [28] found an increased electrical
resistance over the cell layer under ALI conditions in their study. The inclusion of a medium flow in the device
is also essential since the subsequent shear stress exerts several effects on endothelial cells: endothelial cells
align along the flow direction; it influences the permeability of the cell layer, and it has an influence on cell
morphology [40]. Besides that, the shear stress also has an influence on inflammation and protein expres-
sion, and most critically, it influences the cells’ ability to form a tight monolayer [40]. In contrast, the shear
stresses can also injure the endothelial cells that are underlying when the stresses become too large [17]. The
flow is usually induced with a peristaltic or syringe pump [40].
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The simulation of a breathing movement by including a cyclic stretch on the cells is relevant because it af-
fects multiple cellular behaviours [28]. These include, but are not limited to, tight junction formation, cell
proliferation, migration and differentiation, and surfactant secretion [15][16]. For example, Stucki et al. [66]
showed that cyclic stretching of the membrane has an effect on barrier permeability of the epithelial layer,
and Huh et al. [28] found that applying a realistic cyclic stretch enhances nanoparticle transport through the
alveolar-capillary barrier. Furthermore, also the metabolic activity of dynamically stretched cells was found
to be higher than that of static cells [64]. Besides that, endothelial cells align perpendicular to the straining
direction [40] and cyclic (over)stretching also influences the onset and development of various diseases, such
as ARDS-like cell injury [17]. Since strain has a significant effect on cellular behaviours, mechanical stimuli
are vital in simulating the native (patho)physiological cell environment [15].

Membranes currently used are often about 10 µm thick. This thickness is a factor 20 to 50 thicker than the in-
vivo counterpart. Consequently, inter-cellular exchanges, such as translocation and diffusion, which are vital
aspects in simulating the native environment, can not be accurately represented [69][40]. Thus, the mem-
brane must be significantly thin enough. Besides that, most devices and their membranes are made with
PDMS [56], which has several disadvantages such as ab- and adsorption of hydrophobic molecules, which
will be further explained in Section 3.1.1. As such, membranes should ideally be designed using other ma-
terials than PDMS. Currently, membranes generally mainly focus on structurally supporting the cells placed
on the membrane. However, compared to in-vivo basement membranes, they are too thick and not elastic
enough [16].

Thus, as Douville et al. [17] state, in the modelling of an alveolus, both solid and fluid mechanical stresses
have a significant influence. Therefore, both kinds of stresses should be incorporated with A: a breathing
motion and B: a fluid flow. Furthermore, an ALI and a thin membrane are essential. Besides that, a membrane
that changes over time might be beneficial for long-time cell cultures.

2.4.2. Device layout
There are various layouts in LOC devices. In order to mimic the in-vivo gas exchange, there needs to be a
thin membrane with a large surface area on which the endothelial and epithelial cells are cultured. This
membrane simulates the ECM. The various AOC layouts seen in the literature can be ordered in three config-
urations as follows:

1. Stacked channels

2. Open-air chamber on top of channel or reservoir

3. Single channel or reservoir

Figure 2.4: Schematic view of three LOC device lay-outs. 1) Stacked channels, 2) Open-air chamber on top of channel or reservoir and 3)
Single channel or reservoir. C: channel, R: reservoir and O: open air chamber.



12 2. Lung-on-a-chip devices: background and state-of-the-art

Figure 2.4 shows a schematic visualization of the several LOC device layouts. The cell supporting membrane
or scaffold is indicated in yellow. The channel (C) or reservoir (R) containing a fluidic medium is indicated in
red. Channels or open-air chambers (O) that contain a gaseous medium are shown in blue.

The first configuration, the stacked channels, consists of two closed off microchannels, perfused with air
or fluidic medium, with a membrane in between [56]. Endothelial cells can be cultured on one side of the
membrane, and epithelial cells on the other, thereby mimicking the alveolar-capillary barrier. This device
layout generally includes an ALI and media flow. Alongside the membrane is often a vacuum chamber, by
which a cyclic strain can be applied to the membrane [56]. This layout is the most common type for AOC
devices. This configuration was also used by Huh et al. [28] (Figure 2.5 1.) and Jain et al. [33].

Figure 2.5: Several LOC lay-outs found in literature. 1) LOC by Huh et al. [28], 2) LOC by Doryab et al. [15] and 3) LOC by Khalid et al.
[35].

The stacked channels can be located on top of each other or side-by-side. Configurations with multiple
stacked channels are also possible. For example, Xu et al. [75], and Sellgren et al. [61] included a triple
channel configuration. Both designs subsequently also included two membranes between the three chan-
nels (Figure 2.6). A triple channel configuration can, for example, be used to include additional cells types
present in the interstitium, such as fibroblasts.

Figure 2.6: Double membrane configuration as designed by Sellgren et al. [61].

The second configuration is an open-air chamber on top of a channel or a reservoir. In this layout, there is a
presence of an ALI. Like a culture well, this open-air chamber is not closed-off. An open-air chamber allows
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for easy access to the membrane, but the air present in the chamber, which equals the air in the surrounding
environment, borders immediately on the cell culture. This creates a challenge if gas with the same composi-
tion as the air in the alveoli is to be recapitulated since the air within the alveoli differs from the environmental
air in the fact that it has a higher water vapour percentage [45][46]. On the endothelial side of the membrane
is a media reservoir or a channel with media flow to provide nutrients [45] and possibly induce shear stresses
on endothelial cells. This layout also allows for the stretching of the membrane. Doryab et al. [15] (Figure
2.5 2.) and also, for example, Huang et al. [26], Nayalanda et al. [45] and Stucki et al. [67] implemented this
configuration.

The third layout consists of a single channel or reservoir in which a membrane or cell scaffold is present. The
cells are entirely submerged, and no ALI is introduced. The cell supporting structure can be a scaffold instead
of a thin and flat membrane, as is seen in the research of Rezaei et al. [55]. Generally, no strain is exerted on
the membrane. This layout can also be seen in the design by Khalid et al. [35] who cultured a lung cancer cell
monolayer on a thin collagen base within a single media perfused channel (Figure 2.5 3.).

Strain types
In general, various types of strain can be applied to the membrane. As stated previously, strain exerts a signif-
icant effect on cells by inducing morphological, biochemical, metabolic and genetic changes in the cells [21].
Due to the strain, cells experience the mechanical forces at their focal adhesions. From there on, this signal is
transmitted to the cytoskeleton, which remodels accordingly. The type of strain (1D, 2D or 3D), its magnitude
and frequency all have a significant influence on cell behaviour [21].

In-vivo the cells experience triaxial strain, resembling a balloon inflating and deflating. The diameter of the
alveoli is between 200 and 500 µm and the surface area of a single alveolar type 1 and type 2 cell is about
5000 µm2 and 250 µm2 respectively [65][43]. These dimensions are roughly in the same order of magnitude,
causing the individual cells to undergo significant out-of-plane strain [46].

Different types of strains are present in LOC devices: uni-, bi-, or triaxial strain. Biaxial strain can be in-plane
(XY) or out-of-plane (XZ). This strain can be expressed in linear elongation and surface area strain (surface
expansion) [21]. A uniaxial isotropic strain can be correlated with a biaxial strain to calculate its correspond-
ing surface expansion. An example for a 10% linear strain by Guenat et al. [21] can be seen in Figure 2.7. This
review showed that an out-of-plane biaxial deformation and a triaxial deformation have a similar surface ex-
pansion to a uniaxial and a biaxial in-plane straining [21].

This surface expansion is because the out-of-plane deflection of a membrane is negligible on the single-cell
scale. A single cell has a length scale of about 20 µm, whereas the substrate membrane typically has a diame-
ter ranging from 500 µm to several millimetres [21]. Thus, although cells in-vivo undergo triaxial strain, on a
membrane with a relatively large diameter, in-plane biaxial strain can also be incorporated instead since this
lets the cells experience about the same surface expansion.

A smaller membrane could be incorporated if a triaxial strain is applied to the cells. Zamprogno et al. [78],
Laniece [40] and Radiom et al. [54] did mimic the out-of-plane triaxial strain exerted on alveolar cells in-vivo
by mimicking the alveolar dimensions. They divided the larger membrane into smaller membranes with alve-
olar dimensions by including a support structure. Only the smaller membranes were stretched, whereas the
support structure remained rigid. Therefore, the order of magnitude of the cells and the stretched membrane
lie more closely together, such that the cells still experience considerable out-of-plane strain.

There are several different techniques to stretch the membrane. The membrane can be mechanically stretched
using vacuum chambers as shown in the device by Huh et al. [28], who stretched the membrane unidirec-
tionally. The walls are pulled together by applying a negative pressure in the vacuum chambers, stretching
the membrane. This type of stretching creates an in-plane strain. Stretching can also be done indirectly by
pneumatic or hydrodynamic actuation, in which positive or negative pressure is applied to the membrane,
by pressurizing a channel filled either with a gas or a liquid, which borders directly on the membrane surface
[40] [21]. This type of stretching creates an out-of-plane strain. Such a method can be seen in the devices by
Doryab et al. [16], and Stucki et al. [67].
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Figure 2.7: The different strain types of thin membranes in microfluidic devices [21].

Furthermore, in-plane stretch and out-of-plane stretch have different effects on the shear stress exerted on
the cells by a media flow. During in-plane stretching of the cells, the media flow is parallel to the membranes
surface, and the shear force will be uniform on all cells. In a device where the membrane is stretched out-
of-plane, the media flow generally does not flow parallel to the membrane at all times. This unparallel flow
creates a variation in shear stress at different locations on the membrane.

The wave type of cyclic strain also differs. Some studies use a triangular wave cycle [67][46], whereas other
use a sinusoidal wave cycle [54][66][16]. Also, an array of various chips have been established to increase the
number of experiments that can be conducted simultaneously [21][30][66][52].

Membrane types
There are various types of cell supporting membranes. The membrane is usually a thin porous membrane
[56]. The general membrane thickness is around 10 µm. Pores present in the membrane range between 0.4
µm and 50 µm, with most pore sizes below 10 µm. However, also membranes with no pores are used [17][35].
The membrane topology ranges from smooth, textureless membranes to 2.5D/3D membranes such as elec-
trospun membranes, which contain a distinct fibrous texture. A materials that is often used as a membrane
material is PDMS, but also various synthetic polymers and hydrogels have recently been researched. When
designing a LOC device, great care should be taken in ensuring that the device layout, type of strain, and
membrane type correspond with the desired functionality of the device.

2.4.3. Representative LOC devices
After discussing the basic LOC layouts, in this section a more detailed overview is given of the devices found
in the literature. It was determined whether these devices contain a cyclic stretch, an ALI, a gas or media
flow and whether they contain a membrane conversion. A membrane conversion means that a membrane
has changing properties over time, for example, due to biodegradable materials. On top of this, the materials
used in the devices and the manufacturing methods are summarized. Furthermore, the membrane thick-
ness is reviewed, and it is determined whether this thickness was chosen due to manufacturing possibilities
or a biological factor. Also, the pore size and the porosity were studied. Figure A.1 in Appendix A shows an
overview of the various LOC devices studied. It should be noted that many devices that are designed to have
both an ALI and a cyclic stretch are not necessarily designed to have those characteristics active at the same
time [40].
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A material that is often utilized in LOC devices is PDMS, both for the membrane and the rest of the device.
Multiple devices have sought to replace PDMS as a membrane material, but still use PDMS in the rest of the
device. On the membranes with an alternative material often no cyclic stretch is applied. Membrane materi-
als that replace PDMS but do not include a cyclic stretch on the membrane include polytetrafluoroethylene
(PTFE) [61], Matrigel [30][74], silicon [52], poly(lactic-co-glycolic acid) (PLGA) [76], polyester [5], polyethylene
terephthalate (PET) [45], polycarbonate (PC) [56] and various other hydrogels [44][4]. Materials that are used
in combination with a cyclic stretch are various hydrogels and electrospun fibers, consisting of e.g. collagen
elastin (CE) -hydrogel [78], gelatin [54][40][16], GelMA [26], and polycaprolactone (PCL) [68][16].

The first LOC devices
The first LOC device contained a device layout and materials that are still inspiring researchers to date. This
device was designed by Huh et al. [28] and is shown in Figure 2.5 1. Huh et al. recreated the cyclic breath-
ing motion using vacuum chambers, which stretched the intermediate membrane when applying negative
pressure. They used a 10 µm thick porous PDMS membrane. This membrane was coated with fibronectin or
collagen ECM to increase cell viability [28]. Also, the air-liquid interface was recreated after the alveolar cells
had become confluent [64]. The strain applied on the membrane was a uniaxial in-plane strain. The device
was made using soft-lithography, and it was an influential addition to the study of lung inflammation [28].
Huh et al. [29] later also used this device design to study lung oedema.

The double channel configuration is an often-used device layout in LOC devices. However, other layouts have
also been proposed. For example, Stucki et al. [67], and Douville et al. [17] also used PDMS for their mem-
branes, but they created a bulging membrane to apply a three-dimensional out-of-plane strain on the cells
(Figure 2.8). Furthermore, PDMS is widely applied, generally in combination with soft-lithography. PDMS
has several advantages: elasticity, optical transparency, low fabrication costs and biocompatibility [60][8][14].
However, it also suffers from small molecule ab- and adsorption, making it less suitable in drug screening
studies [78][14]. Therefore, many papers looked into the use of other materials. Generally, researchers re-
placed the membrane, since this is the part that is most in contact with the cells, and left the rest of the device
still made of PDMS.

(a) The LOC device designed by Stucki et al. [67]. (b) The LOC device designed by Douville et al. [17].

Figure 2.8: Two LOC devices with a PDMS membrnae and an out-of-plane strain.

For example, Sellgren et al. [61] also used soft-lithography for their device, but they ventured into using
different materials than PDMS. What is remarkable in this device is that they used a double membrane con-
figuration (Figure 2.6). They recreated the air-liquid interface using a triple cell co-culture of primary airway
epithelial cells, lung fibroblasts, and microvascular endothelial cells.

This LOC device consists of three compartments containing stiff nanoporous membranes. In the top com-
partment, epithelial cells are grown and airflow is present. In the middle compartment, interstitial fibroblasts
are grown. In the bottom compartment, endothelial cells and the fluid flow are present. The middle compart-
ment with the fibroblasts was included to more closely resemble the microarchitecture in the airway mucosa
and to incorporate a geometrical division between cell types [61]. This separation is physiologically relevant
since it allows for heterotypic cell interaction over their respective membranes, giving it a more biomimetic
structure.

However, this device does not simulate a breathing motion. The membranes were made of PET, PTFE, and
PC, which are rigid materials that do not allow for a cyclic stretch. The overall barrier thickness was about
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200 µm [61]. Such rigid membranes could also be seen in the research of Punde et al. [52], who designed
a microporous silicon basement membrane (Figure 2.9). Other double channel configurations with a rigid
membrane have been designed by Benam et al. (polyester) [5], Nalayanda et al. (PET) [45] and Rimsa et al.
(PC) [56].

Figure 2.9: The LOC device designed by Punde et al. [52].

Hydrogel membranes
Other device designs based on the double channel configuration have been designed by Humayun et al. [30],
Xu et al. [74], Huang et al. [26] and Zamprogno et al. [78], who all changed the PDMS membrane to a hy-
drogel membrane. Hydrogels are promising to replace PDMS as a membrane material due to their intrinsic
characteristics such as their lower stiffness, chemical composition, and porosity [78]. However, generally,
these hydrogel membranes have poor mechanical properties. Consequently, these membranes usually have
a thick design or no cyclic stretch is applied. This generates a lack of dynamical cues or an overscaled mem-
brane thickness, as can be seen in the AOC by Xu et al. [74]. Zamprogno et al. [78] circumvented this problem
by including a support structure within the membrane.

Humayun et al. [30] focused on the epithelial-smooth muscle cell (SMC) interaction in the upper airways in-
stead of on the gas exchange in the alveoli, which might explain why the membrane they used was designed
substantially thicker than the mean thickness of AOC membranes. They used a suspended hydrogel with a
thickness of 0.65 mm as a membrane, and they did mimic the ALI. No strain was applied, however. The hy-
drogel they used was Matrigel in combination with collagen, and the rest of the device was made with PMMA
(Figure 2.10a). They were able to set up a coculture for more than 31 days.

(a) The LOC device designed by Humayun et al. [30]. (b) The LOC device designed by Xu et al. [74].

Figure 2.10: Two LOC devices with a hydrogel membrane.

Xu et al. [74] did mimic the alveolar-capillary barrier, with a LOC device based on Zhang et al. [81] (Figure
2.10b). They had an 80 µm thick coagulated Matrigel membrane on which no stretch was applied. No ALI
was incorporated, and the media in the alveolar channel was exchanged daily. In the capillary channel, a
continuous flow was present [81]. Confluent monolayers could be formed for both endothelial and epithelial
cells, on which subsequently the effect of nanoparticles was studied [74].
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Huang et al. [26] used a different approach and was able to include a biaxial in-plane cyclic stretch up to 15%,
an ALI and a media flow. They developed an AOC by using a 3D porous GelMA membrane to simulate better
the composition of the ECM and the physiological stiffness (Figure 2.11). They also state that the topography
and composition of the ECM significantly influence the cell functions, and therefore, these characteristics
should be incorporated in the design.

They created an inverse opal structure, recapitulating the in-vivo alveolar sac dimensions and the intercon-
necting windows. Each alveoli pore had a diameter of 200 µm, and within their design, they were able to
recreate about 7050 alveoli. The total membrane thickness was less than 3 mm, and the scaffold structure
itself had a thickness of 546.4 µm, which consisted of about three stacked layers of simulated alveoli. Overall,
this is a relatively thick membrane. Although a media flow was present underneath the membrane, the de-
vice only contained the epithelial cell layer. A confluent epithelial monolayer could be created. Furthermore,
they found that 3D scaffolds present a more optimal geometry and microarchitecture than a 2D, planar struc-
ture regarding cell adhesion, proliferation, and migration. They also observed that a cyclic mechanical strain
seemed to promote tight junction formation in the epithelial layer [26].

Figure 2.11: The LOC device designed by Huang et al. [26].

Like the design by Huang et al. [26], there have been other studies into creating a three-dimensional hydrogel
scaffold for lung cells [26][55][35]. However, it remains an issue that a three-dimensional scaffold does not
directly resemble a membrane. The human body contains a dense network of capillaries encapsulating and
wrapping around the alveoli. If a three-dimensional scaffold is created, a designer needs to ensure that the
scaffold is not too porous or too thick. Simultaneously, thin barriers need to exist between the endothelial
and epithelial cells, while nutrients should reach all the cultured cells. This means that a barrier or membrane
with limited porosity and thickness should always be present.

Electrospun membranes
Another type of LOC device is one that uses an electrospun porous nanofiber membrane without a support
structure. These membranes are used in the devices by Yang et al. [76], Tas et al. [68] and Jin et al. [34]. An
electrospun membrane has several advantages, mainly because its fibres mimic the microarchitecture and
anisotropy of the ECM [76]. Besides that, they allow for specific tailoring of characteristics: porosity, me-
chanical strength, stretchability, thickness, fibre diameter, and fibre orientation can all be adjusted [68]. Also,
in-vivo, collagen and elastin fibre networks reorient themselves by deforming irreversibly along the direction
of macroscopic strain [68]. Tas et al. [68] found that their fibrous PCL membrane also exhibited this fibre
aligning behaviour.

However, electrospun membranes are generally thick membranes. Research has not shown an electrospun
membrane for long-term cell cultures without a support structure that is thinner than the widely used PDMS
membrane (10 µm). A solution to obtain thinner membranes could be to include a support structure in the
membrane. Furthermore, electrospun membranes contain a wide distribution of pore sizes. For example,
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(a) The LOC device designed by Yang et al. [76]. (b) The LOC device designed by Tas et al. [68].

Figure 2.12: Two LOC devices with electrospun membranes.

Jin et al. [34], who created a ∼ 70 µm thick PCL membrane, had a pore size range, where 77% of pores were
between 1 and 10 µm. Due to the random nature of electrospinning, it is difficult to create a uniform porosity
and homogeneous pore distribution over the membrane.

Yang et al. [76] designed a porous nanofiber membrane in order to mimic the alveolar barrier for anti-cancer
drug testing. The device they designed had a cell scaffold with PLGA electrospun nanofibers, placed over
PDMS channels (Figure 2.12a). The diameter of the fibres was 3 µm, and the membrane thickness was sev-
eral microns. The PLGA is biocompatible and biodegradable, although their experiment duration was too
short (5 days) to observe degradation. They achieved a co-culture of three cell types and did not observe any
significant leakage through the electrospun membrane. Diffusion of rhodamine-B was present through the
membrane, indicating the presence of an adequate permeability for molecules. Yang et al. [76] designed a
membrane that was thinner than the widely used 10 µm, but no long-term cultures, cyclic stretching or me-
dia flow have been studied on this membrane.

Tas et al. [68], although not yet peer-reviewed, designed a 20 µm nanofibrous PCL membrane, between
PDMS channels, to model ventilator-induced lung injuries (Figure 2.12b). This membrane was selected to
model the 3D nanofibrous structure of the alveolar basement membrane. A cyclic stretch, ALI and media
flow were also incorporated into the device. For the breathing motion, a strain of 25% at 0.1Hz was applied
for 2 hours to simulate overstretching of the alveoli. The membrane used is commercially available (Cellevate
AB, Sweden, 3D Nanomatrix). Moreover, the PCL membranes do not significantly leach cytotoxic materials
into the cell culture medium. Tas et al. [68] state that, besides mimicking the mechanical stretch, also the
in-vivo nanofibrous topography must be recapitulated in order to support cell growth. No long-term cell
cultures have been constructed on this membrane yet.

Support structures
Various materials use a support structure, especially when the membrane material or its structure has weak
mechanical properties. When a support structure is implemented in combination with a strain, the type of
strain has so far been a bulging strain in combination with a honeycomb support structure. This type of
structure is seen in the research of Laniece [40], Zamprogno et al. [78] and Radiom et al. [54]. Zamprogno et
al. [78] designed a hydrogel membrane over this structure, whereas Radiom et al. [54] and Laniece [40] used
an electrospun membrane.

Zamprogno et al. [78] designed a LOC model that mimicked the physiological in-vivo dimensions of the alve-
oli (Figure 2.13a). That means each hexagon diameter in the gold support structure is based on the diameter
of a single alveolus. Over this gold support structure, a collagen-elastic (CE) hydrogel is placed. The mem-
brane allows for cyclic stretching to simulate breathing motions and incorporates an ALI. Furthermore, the
membrane is partly biodegradable.

They used a biological collagen-elastin (CE) membrane, which was structurally stable and elastic. Vitrify-
ing the membrane allowed the membrane thickness to be decreased to 5 – 10 µm. The hexagonal support
structure had a thickness of 18 µm. The CE membrane had reduced resorption of hydrophobic molecules
compared to PDMS and could be deposited on the hexagonal structure by drop-casting, using the hydrogels
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(a) Schematic of the membrane designed by Zamprogno et al. [78]. (b) The LOC membrane designed by Radiom et al. [54].

(c) The LOC membrane designed by Laniece [40].

Figure 2.13: LOC devices using a honeycomb support structure.

surface tension. Inside the membrane, collagen molecules are assembled into fibrils, which provide struc-
tural support. The membrane’s stiffness was between 1Pa and 1kPa, having a Young’s modulus lower than
that of PDMS. [78]

Zamprogno et al. [78] obtained cell-cell contact after two weeks with primary human lung alveolar epithelial
cells, and cultures lasted at least three weeks. A strain of up to 10% was obtained, although not in long-term
cultures. Furthermore, no media flow was included, and the membrane’s porosity was not defined. When a
solution of MMP-8, a neutrophils collagenase, was introduced, the CE membrane would degrade completely.
The slowest degradation time they used was about 6 hours. The degradation was tested without cells present
on the membrane, so no effect on cells has been studied yet. A biodegradable membrane can aid in investi-
gating alveolar barrier remodelling, which occurs in various lung diseases.

Overall, a CE-membrane is a promising biodegradable material to design a lung alveolar membrane that fits
requirements such as: optical transparency, stretchability, low ad- and absorption of molecules, biophysical,
good mechanical microstructural properties and biodegradability. However, more long-term studies on, e.g.
the long-term strain, porosity, inclusion of a media flow and the rate of degradation should be done.

Radiom et al. [54] and Laniece [40] used a similar hexagonal design, although with an electrospun mem-
brane made of gelatin nanofibers (resp. Figure 2.13c and Figure 2.13b). Their support structure was made
of PEGDA and Ormostamp, respectively, and gold coated. Both electrospun membranes had a thickness of
around 1 µm, and their pore sizes were approximately comparable. This membrane thickness is comparable
to the in-vivo thickness of the interstitium. Unlike Zamprogno et al. [78], they included a media flow, besides
incorporating a cyclic stretch and an ALI. Radiom et al. created an ALI by placing the membrane in the mi-
crofluidic chip manufactured by MesoBioTech.

Both designs had a hexagonal diameter mimicking the alveolar diameter, although being somewhat larger
than an alveolar diameter and the diameter of Zamprogno et al.[78]. An alveolus has a diameter of about 200
to 300 µm, whereas Laniece et al. used a diameter of 400 µm and Radiom et al. of 500 µm [40][54].

Gelatin was used because it is a natural polymer derived from collagen [54]. Radiom et al. found that the elas-
tic modulus of their membrane was 4.0±1.0 MPa, which is in roughly the same order as PDMS [54]. Laniece
[40] also observed that HUVEC cells degrade the gelatin membrane, thereby creating unwanted holes in the
membrane. So on the membrane, only a combination of cells could be cultured, where no HUVECs were
present or where HUVECs could grow on top of other cells.

The cyclic three-dimensional out-of-plane strain that they could achieve with these membranes was for
Laniece [40] maximally 6.2% due to the rigidity of their honeycomb and nanofiber structure, which is too
low to mimic the complete physiological strain range. Moreover, this was not yet tested on live cells for the
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long-term [40]. Secondly, Radiom et al. [54] applied a strain of 5% to the cells at 0.2 Hz for 1 hour. Also, the
displacements of the membrane were not constant (>10% standard deviation), possibly due to the random
deposition process of the electrospinning causing variations in the nanofiber density [54].

Besides the low strain values, the duration of the experiments in these studies is also too short for the ex-
periments that this current review focuses on. So even though they were able to use a very thin membrane,
extended experiment durations would still need to be conducted to study the effect of more prolonged and
higher cyclic strain on such a thin membrane. Although the support structure allows thinner membranes to
be used, the drawback of these rigid honeycomb structures is that no in-plane stretch is possible. This also
limits the possibility of introducing a media flow that remains parallel to the membrane.

Membranes changing over time
Several studies utilize LOC devices with membranes that change over time, i.e., containing a membrane con-
version. Some of which have already been discussed previously, such as Zamprogno et al. [78] and Fusaro et
al. [20], who used biodegradable membranes. Moreover, also various scaffolds are designed with biodegrad-
able materials [79][55]. A notable study that uses biodegradable materials to adjust pore size is the study by
Doryab et al. [16].

Pores on LOC devices are generally 1-3 µm [16]. However, these pores are too small to permit cell migration,
which is crucial in, for example, observing neutrophil migration in inflammatory conditions. Doryab et al.
[16] state that at the start of a cell culture, no pores are necessary yet. They designed a hybrid AOC membrane
that was non-porous during cell seeding and the initial growth phase. When cell stretching and an ALI were
introduced, the membrane became porous to allow for cell migration and nutrient exchange in a later stage
of the cell culture.

The membrane used by Doryab et al. [16] was thinner than 5µm and made of gelatin and poly(ϵ)-caprolactone
(PCL). This Biphasic Elastic Thin for Air-liquid culture conditions (BETA) membrane is stretchable up to 25%
linear strain, and the type of strain was a three-dimensional out-of-plane bulging (Figure 2.14a). The de-
sign has fitting surface wettability and good porosity for an ALI with lung epithelial cells, besides having a
biomimetic elasticity and good optical transparency. No pretreatment was needed to enhance cell adhesion,
and proliferation [16].

(a) Schematic of the LOC device designed by Doryab et al. [16]. (b) The membrane designed by Doryab et al. [16].

Figure 2.14: Two LOC devices with electrospun membranes.

The membrane was fabricated by spin coating a PCL and gelatin emulsion. The gelatin bubbles present in
the PCL membrane initially provide increased wettability, which is favourable in cell adherence and growth.
When cells grow and proliferate, they will secrete their own ECM. This ECM will allow the cells to migrate to
less wettable materials, in this case, the PCL. Subsequently, they will form a continuous monolayer spanning
both the gelatin and the PCL regions. Eventually, the gelatin will gradually degrade, leaving pores in the PCL
membrane. This degradation also increases the elasticity since the more elastic PCL will remain, and the
stiffer gelatin will dissolve. The 3D Young’s modulus of the membrane during cell culture decreased from 1.33
± 0.14 MPa to 0.78 ± 0.24 MPa from day one to day six due to the gelatin dissolving. [16]

They found that on their membranes, the cells only formed a monolayer when the pore size was smaller than
the size of an individual cell, which is roughly between 10 and 50 µm. The pore size ranged between 1.1 and
7.9 µm and had a mean of 4.5 ± 1.7 µm. They noticed ECM formation within pores, and most notably cell-cell
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interaction through pores. [16]

The membrane is suitable for experiments up to at least 48 h of cyclic stretching [16]. However, this duration
is shorter than the experiments of 2 to 4 weeks that are desired in this project. Also, no endothelial cells
have been cultured on this membrane. Nevertheless, this membrane poses a very interesting and promising
approach to the use of biodegradable membranes.

Prior work in the PME group
In order to recapitulate the alveolar-capillary barrier, the Department of Precision and Microsystems Engi-
neering (PME) group at the Delft University of Technology also designed a LOC device [46]. This design is a
resealable LOC device, which incorporates biaxial stretch (up to 20% linear strain). Besides that, the device
provides an ALI with both a gas and media flow. The media flow in the basal chamber exerted a shear stress of
0.55 Pa on the endothelial cells at a 2.6 ml/min flow rate. The cells can be seeded on the membrane by direct
pipetting, and they can be retrieved after the experiment for additional analyses. Furthermore, the LOC is
compatible with confocal microscopy and optical sensors to measure pH and O2 and CO2 concentrations. It
is also possible to include transepithelial electrical resistance (TEER) and temperature sensors. All the mate-
rials used (PDMS, glass) have good optical transparency allowing live imaging of the cells. [46]

Figure 2.15: Schematic of the LOC device designed by Nissar [46].

The device (Figure 2.15) uses a hollow actuation ring (black), which bends the PDMS elastomeric wall in-
wards when negative pressure is applied. This inward bending stretches the membrane (blue) biaxially. The
PDMS channels were fabricated using soft-lithography, and they were sandwiched between glass layers (Fig-
ure 2.16). Plasma bonding was used to bond the channels to the actuator. [46]

Figure 2.16: Layered view of the device by Nissar [46].
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The membrane designed for this device is a porous PDMS membrane coated with type 1 rate tail collagen to
adjust its hydrophobic surface properties. The membrane had a thickness of 10 µm and pores with a diam-
eter of 8 µm. The overall porosity was 2.1%. The central membrane hole had a diameter of 3.1 mm, and the
porous membrane itself had a diameter of 3 mm. [46]

Human primary bronchial epithelial cells (PBECs) remained viable for at least 16 days in culture on the mem-
brane, and they formed a monolayer after five days. This device is designed for an endothelial and epithelial
cell coculture, providing cyclic strain and shear stress. However, the membrane is made of PDMS, which has
several disadvantages that will be further explained in Section 3.1.1. Nissar states that, for example, SEBS or
cyclo-olefin copolymer (COC) could be used to replace the PDMS and glass, respectively, to make the device
better suited for OOC applications and large scale production. The design also allows for scale-up by manu-
facturing an array of LOCs next to each other so that multiple cell cultures can be performed simultaneously.
[46]

2.5. Conclusions and remarks on current LOC devices
Even though significant advancement in the design of LOC devices has been made in the past two decades,
there are still many limitations in the current designs. Several conclusions can be drawn from the literature.
First, only a limited number of studies were able to include a thin membrane (<10 µm), and only two had
a membrane equal or thinner than 1 µm to my knowledge [40][54]. Moreover, when a thin membrane was
incorporated, it was generally static or not yet tested for long-term cell cultures. No thin membranes made of
a different material than PDMS had a cell culture containing a cyclic stretch for longer than 48 hours. How-
ever, this review already concluded the importance of a dynamic membrane that can remain functional for
multiple weeks. The studies that did include a thin membrane with the possibility of short-term stretching
include the design by Laniece [40], Stucki et al. [66], Doryab et al. [16] and Zamprogno et al. [78]. All four
studies incorporated a triaxial, out-of-plane stretch (bulging).

Second, many devices had both an ALI, a media flow, and a cyclic stretch incorporated in their devices. Al-
though not all studies were able to apply the cyclic stretch and the media flow or ALI at the same time [40]
[67]. This means that these LOCs do not simulate a shear stress on the cells, while the cells are also subjected
to a strain, as displayed in-vivo. There are also differences present in the type of stretch that was applied. One
of the more common stretching types is the bulging stretch. Nonetheless, in-plane stretch was also widely
present in literature, although often in combination with thicker membranes.

Third, as explained by Doryab et al. [16] different phases of the cell culture may necessitate for or benefit of
diverse membrane requirements. Therefore, research containing changing membranes throughout the cell
culture were studied. These include membranes that are (partly) biodegradable. Rezaei et al. [55] designed a
biodegradable scaffold not suitable for stretching or an ALI. Also, Zhang et al. [79] made a POMaC scaffold,
which could contain an ALI, but no strain was applied to the membrane. Doryab et al. [16] made a promising
membrane with variating pore size. Zamprogno et al. [78] designed a promising biological and biodegradable
membrane. As such, inspiration can be taken from these designs.

Fourth, there are various promising material alternatives proposed for PDMS. Alternative materials also al-
low for alternative manufacturing methods and membrane structures, such as electrospun fibres or a rigid
support structure. Support structures generally contain a hexagonal shape. Most alternative materials were
still incorporated in devices that did not mimic the breathing motion, often due to the rigidity or the limited
mechanical strength of the used material. For example, glass [35], PET, PC, PTFE [45][61], polyester [5] and
silicon [52] were incorporated as a rigid substitute. Promising materials replacing PDMS that were subjected
to a strain include; gelatin [54][40], PLGA [76] and PCL [16][34] in the case of electrospinning. Furthermore,
GelMa [26] and CE-hydrogel [78] were proposed as hydrogel alternatives for membranes. The following chap-
ters will take a closer look at several promising materials and manufacturing methods for membranes.

In conclusion, several designs of LOC devices have incorporated a combination of breathing movements,
biodegradability, media and airflow while closely mimicking the lungs’ ECM. However, there are still no AOC
devices to my knowledge that do not use PDMS, and which contain simultaneously: an ALI, media flow,
cyclic in-plane physiological stretching, and a membrane with a thickness under 10 µm that allows for both
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endothelial and epithelial cell studies spanning multiple weeks. Besides that, generally, little information is
present on the motivation of the chosen pore size and its effect on the cell culture. Furthermore, few studies
consider that adjusting membranes could have a beneficial effect on cells in different phases of the cell cul-
ture. The possibilities of filling this knowledge gap need to be researched for the reasons stated previously, will
be further explored in the coming chapters. Future research into an adequate membrane will be conducted
using the device designed by Nissar [46] in the Department of Precision and Microsystems Engineering due
to its availability and previous promising results.





3
Materials and manufacturing methods for

LOC devices

This chapter gives a more elaborate explanation of the various materials and manufacturing methods used
for LOC devices. First, the various materials will be discussed. Second, the different manufacturing methods
will be analyzed. These materials and manufacturing methods mainly focus on their application for LOC
membranes. Lastly, membrane integration methods are studied.

3.1. Materials used for LOC devices
Zhang et al. [80] state that there are a considerable number of factors in the extracellular environment that
control cell fate and tissue function. These include scaffold structure, physical parameters, biological cues,
bioactive molecules, and electrical, magnetic, and chemical signalling among cells. These factors influence
cell differentiation and proliferation, immune system response, and angiogenesis. Besides that, the mechan-
ical characteristics of a scaffold or membrane also influence cell activity. For example, the geometric stiff-
ness, elastic modulus, viscoelasticity, surface hardness, tension and compression, and shear stress all exert
an influence [80]. Correspondingly, in choosing a suitable material for a LOC membrane, these mechanical
characteristics should be considered.

Other material characteristics that are important in LOC membrane design include: optical transparency;
the flexibility of the material; whether it ab- or adsorbs small molecules, and whether it is biocompatible and
sterilizable. An overview of the advantages and disadvantages of the various promising or often used material
groups is given in Table 3.1. These various material groups will be further discussed in this chapter.

3.1.1. The downside of PDMS membranes
Most OOC models are made of poly(dimethylsiloxane) (PDMS) as their main structural and cell-interacting
component [8][27][78][14][56][68]. PDMS is a soft and versatile polymer [60]. Its elastic modulus is generally
around 1 MPa, but its stiffness can accurately be controlled between 0.8 MPa and 10 MPa, while still allowing
20% uniaxial strain [60]. PDMS can be used in a broad range of temperatures, spanning from -100 ◦C to 200
◦C [60]. To fabricate PDMS structures, generally soft-lithography is used.

Using PDMS has several advantages; it is elastic, optically transparent, biocompatible, bioinert and has rela-
tively good mechanical characteristics [78][8][11][60]. Its biocompatibility allows for long-term cell cultures
[8]. Moreover, its flexibility allows recapitulating the strain and elasticity present in native tissues [8]. Further-
more, it has an excellent gas permeability, which is needed in an alveolar membrane [8][58]. Besides that, it
is easy to mould and to use in soft-lithography, and it has a low cost [14][8].

Although this makes PDMS seem like a very suitable material for a LOC device, it is hydrophobic, so it needs
surface treatment to enhance wettability, and cell adhesion [16]. Besides that, it has high adsorption and ab-
sorption of small hydrophobic molecules. Especially when there is a large surface-to-volume ratio, as is the
case with a membrane. This ad- and absorption limits its application in drug evaluation studies [78][14][8].

25
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Table 3.1: Overview of the advantages and disadvantages of various material groups.

Material group Advantages Disadvantages

PDMS

Elastic
Optically transparent
Biocompatible
Gas permeable
Relatively hydrophilic
High gas permeability
Ease of fabrication
Low cost
Sterilizable
Robust mechanical properties

Ad- and absorption of small molecules
Oligomer leaching
High water vapor permeability
Some autofluorescence
Low throughput manufacturing

Thermoplastics

Low cost
Robust mechanical properties
Sterilizable
Biocompatible
Good optically transparent
Low ab- and adsorption of small molecules
Low oligomer leaching

Not elastic

Glass and Silicon

Optically transparent (only glass)
Low ab- and adsorption of molecules
Sterilizable
Robust mechanical properties
Biocompatible
Low fabrication resolution
Low oligomer leaching

Not elastic
High cost of fabrication
Low design freedom
Not optically transparent (only silicon)

Silicon Nitride

Optically transparent
Elastic
Robust mechanical properties
No ad- and absorption of small molecules
Antibacterial properties
Biocompatible

High elastic modulus
Hydrophobic surface

Elastomers

Optically transparent
Low ab- and adsorption of small molecules
Flexible
High throughput manufacturing possible and ease of fabrication
Elastic
Sterilizable
Robust mechanical properties
Gas permeable
Biocompatible

Some oligomer leaching

PCL

Biocompatible
Biodegradable
Robust mechanical properties
Elastic

Hydrophobic

Hydrogels

Potential for cell ingrowth
Low cost
Biocompatible
Good cell viability
Elastic
Gas permeable
Optically transparent

Weak mechanical properties
Difficult sterilization
Some ab- and adsorption of small molecules
Some oligomer leaching
Low design freedom
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When the PDMS absorbs these molecules, there is (1) a reduction in the drug or cell-signalling compounds
that exert an effect on the cell culture, (2) cross-contamination, (3) increased background fluorescence, and
this all impairs accurate interpretations of the drug toxicity and efficacy/dose-response effect, thereby limit-
ing drug evaluation studies [14][8]. Furthermore, uncured oligomers present in the PDMS can leach out into
the surrounding environment [14]. Moreover, its intrinsic stiffness (1 MPa vs 2 kPa) and molecular composi-
tion are distinctly different from alveolar lung tissue [78]. It also has a high water vapour permeability, which
causes osmolarity shifts and thus influences homeostasis [14]. Additionally, it is autofluorescent to some ex-
tent, and it is incompatible with organic solvents [8]. Finally, it also poses a challenge when high volume
manufacturing is desired due to the development time when using master moulds [14][8].

When using PDMS, a possible solution for the ab- and adsorption of small molecules is to chemically modify
and coat the PDMS surface, e.g. with chemically vapour deposited parylene or solution deposited Teflon AF.
It was found that this reduces the absorption of specific hydrophobic molecules (rhodamine B and fluores-
cent dyes resp.) [14]. Besides that, it can also increase wettability. Also, coatings with ECM proteins such as
collagen, gelatin, fibronectin, and laminin are possible [16]. Nonetheless, these coatings compromise other
(mechanical) material properties, and they should remain stable throughout the entire experiment, possibly
lasting several weeks [14][8]. Furthermore, dislodgement of cells from the PDMS surface is an issue for long-
term cell cultures, especially under stretch conditions. This dislodgement is because of protein dissociation
[16].

Therefore, other materials than PDMS need to be analyzed to create a new membrane design. For devices
that recapitulate the physiological motion of breathing, highly elastomeric materials are desired [28]. Be-
sides that, the membrane material must still be optically clear to facilitate high-resolution microscopic anal-
yses [14]. Possible material groups include hydrogels, such as Matrigel or collagen-elastin/gelatin hydrogels.
Moreover, in order to create more elastic membranes that still have a diminished small molecule absorption,
elastomeric materials such as polyurethane, SEBS, tetrafluoroethylene-propylene (FEPM), PEGDA, POMaC,
or PICO can be used [8].

3.1.2. Alternative materials
This subsection summarises the various alternative materials that have been used or are promising as an AOC
membrane material.

Thermoplastic polymers
Often thermoplastic polymers are used as a PDMS replacement. Polymeric materials have a large variation
in chemical groups, allowing for a broad spectrum of physiomechanical properties [16]. In comparison with
PDMS, they restrict small molecule absorption but also increase cell adhesion, without the need for coating
[8]. Furthermore, thermoplastics are generally optically transparent, biocompatible and easy to manufacture.
However, PDMS has more desirable characteristics in terms of elasticity; the elastic modulus of thermoplas-
tics generally lies too high to use it to mimic breathing movements [8].

Silicon
Materials such as glass, silicon, resins and ceramics have a too high stiffness to use for fully flexible mem-
branes. These materials can be used as a support material within membranes, such as is seen in the research
by Laniece [40] and Zamprogno et al. [78]. Whereas silicon has been used in various OOC devices, it has so far
been used as a relatively static part of the microfluidic device [31][52][48]. Oleaga et al. [48] designed a silicon
cantilever that could measure the cardiomyocyte function through deflection, but this does not include large
strains. A silicon membrane on which a strain is applied has not yet been produced for LOC devices.

Silicon Nitride
Another silicon-based material group is silicon nitride (SiNx). SiNx is a non-oxide ceramic [72]. No LOC mem-
branes made of silicon nitride have been found in the literature. However, it is a promising material due to
its elasticity and optical transparency. SiNx has a broad interest and application in the form of thin films [24].
These films can be produced with chemical vapour deposition (CVD), electron cyclotron resonance (ECR),
and physical vapour deposition (PVD) [24]. SiNx thin films are promising in the application of hard coating
in challenging environmental conditions [24]. SiNx has a high hardness, and optical transparency [24]. Re-
cently, SiNx layers have been applied to a greater extent as flexible membranes [24].
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The specific material properties of SiNx depend on the manufacturing method, the material structure, and
membrane thickness. The main advantage of using SiNx is the well-established fabrication techniques. The
electronics industry has been using silicon since the 1950s to manufacture MEMS devices with silicon struc-
tures [8][57]. Manufacturing techniques include: dry and wet etching; laser-drilling; direct, adhesive or an-
odic bonding; or sand-blasting [8]. Although, OOCs with silicon can still be labour-intensive and costly to
manufacture [8].

Moreover, silicon-based materials are chemically inert, biocompatible, and they do not absorb small molecules
[8][72]. The surface of silicon nitride (Si3N4) is highly hydrophobic [72]. It was also found by Webster et al.
[72] that this silicon nitride has significant antibacterial properties during in-vivo experiments. However, the
elastic modulus is high. Carlotti et al. [9] found an elastic modulus of 256 GPa and a Poisson’s ratio of 0.28.

Elastomers
Campbell et al. [8] proposes three different elastomers for LOC devices; polyester elastomers, tetrafluoroethy-
lene propylene (FEPM) elastomers, and thermoplastic elastomers. The advantage of elastomers is that they
minimize the absorption of small molecules. Furthermore, they are elastic while containing robust mechan-
ical properties, and they are biocompatible. This makes them promising for use as a flexible membrane.

An example of a polyester elastomer is poly(octamethylene maleate (anhydride) citrate) (POMaC), which is
very long term stable and can be tailored to have nanoporosity [8]. Nano-porous membranes can be cre-
ated by adding a porogen (e.g. PEGDM) to the mixture [79]. This material was used by Zhang et al. [79] in
the scaffold in their AngioChip. They created POMaC with a bulk Young’s modulus ranging between 53± 8
kPa and 1423± 651 kPa. They created a scaffold of several tens of microns thick. POMaC has the advantage
that it is more elastic than other FDA approved polyesters, and since it is UV-polymerizable, it allows for easy
manufacturing. POMaC has less ab- and adsorption of small molecules than PDMS, and it is a mechanically
stronger material than hydrogels. Besides that, POMaC biodegrades by hydrolysis, and the degradation rate
is in the order of weeks. [79]

Regarding the FEPM elastomers, a collagen vitrigel membrane between two layers of FEPM was designed by
Sano et al. [58] to recapitulate the epithelial-endothelial interface. This layout allowed both fluid flow and
mechanical strain to be incorporated in this design. FEPM has exquisite chemical resistance, significantly
diminishing ab- and adsorption of small hydrophobic compounds within this design when compared to the
use of PDMS [58]. FEPM is, however, just as POMaC, limited by its fabrication method due to its high glass
transition temperature [8].

An example of a thermoplastic elastomer is styrene-ethylene-butylene-styrene (SEBS). SEBS elastomers have
diminished absorption of small hydrophobic molecules while still having the advantages of flexibility, optical
clarity [14]. Although, the ab- and adsorption is not completely eliminated in both FEPM, POMaC, and SEBS
[8]. Another main advantage of SEBS over PDMS is that it can be used in higher throughput manufacturing
such as injection moulding and extrusion moulding [14].

Besides these elastomers, also, for example, the polyurethane (PU) elastomer researched by Domansky et
al. [13], and off-stoichiometry thiol-ene polymer (OSTE), researched by Rimsa et al. [56] are promising al-
ternatives. OSTE is, like PDMS, thermally or UV-curable, giving it the same ease of manufacturing. It is
commercially available, and it has no small molecule diffusion and 80% less small molecule absorption when
compared to PDMS. However, it does have a lower light transmission than PDMS, making the optical proper-
ties of the membrane challenging to be used under a confocal microscope [56].

A thermoplastic synthetic polyester that is elastic is polycaprolactone (PCL). PCL is regularly used in tissue
engineering, especially in more recent research [16][68][6][34][11]. It is a biodegradable biomaterial, and
it has good mechanical properties, providing tensile strength to hydrogels due to crosslinking when used
in a hydrogel combination [6]. PCL is widely used as electrospun fibres. The material itself, however, is
hydrophobic.
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Hydrogels
Hydrogels generally have high biocompatibility and physiochemical similarities to in-vivo ECM, increasing
cell viability. Therefore a 3D matrix and microstructure can more closely resemble the real ECM than 2D or
2.5D structures. Due to this close resemblance, hydrogels are well-suited for use as a cell-contact material,
such as in a tissue construct or a tissue interface barrier. The complex structures can be controlled very well
during their manufacturing. They can be used in a 3D-(bio)printer, allowing a wide range of topologies and
scaffold structures. Also, sacrificial moulding is a manufacturing method regularly used. [8]

There are three kinds of hydrogels. Natural hydrogels have limited mechanical strength, long-term stabil-
ity and batch-to-batch reproducibility. Synthetic hydrogels can be adjusted more easily to have the desired
reproducible mechanical properties, although they require additional chemical modifications for good cell
adherence. Hybrid hydrogels are made with bio-sourced molecules such as hyaluronic acid and amino acids.
Terrel et al. [70] state that the most important factors that need to be taken into consideration when selecting
a hydrogel are cell compatibility, molecular diffusion rates, and mechanical properties. [70]

The elasticity of hydrogels allows for physiological movements, such as breathing, to be modelled [8]. It has
been demonstrated that the matrix stiffness and topography of a hydrogel influences cell adhesion, morpho-
genesis, differentiation and viability [38]. Primary human alveolar type II cells seeded on Matrigel, a commer-
cially available basement membrane, formed alveolar-like cysts. This is a sign that the in-vivo structure is well
simulated [38]. A hydrogel membrane also provides the potential for cell ingrowth into the membrane. On
gelatin methacryloyl (GelMA) cells were able to form a confluent alveolar epithelium containing tight junc-
tions [26]. Other advantages include that it is generally an optically transparent and low-cost material [8].

Due to the high compliance of hydrogels, structural support materials are often needed to preserve their
mechanical integrity and long-term use. When covering this support material, hydrogels reduce the con-
tact between cells and the support material. Even though unwanted absorption of hydrophobic molecules
is better in hydrogels than in PDMS, it might still pose a problem within the hydrogel or support material.
Furthermore, hydrogels are not robust to all sterilization methods, possibly creating the need for a sterile fab-
rication environment. [8]

Moreover, hydrogels such as poly(ethylene glycol) diacrylate (PEGDA) swell when submerged in water. This
swelling can influence the architecture and integrity of the membrane [40]. This aspect needs to be consid-
ered when, for example, a small pore size or a thin membrane is desired.

Composite materials
Many hydrogels, such as chitosan (CS) and gelatin, have poor mechanical properties. To circumvent this
problem, these hydrogels could be used in combination with other polymers. A possible combination is with
pectin [6]. A second possibility is to combine it with polycaprolactone (PCL) [6][16]. The combination of
PCL/CS has already been used to create an electrospun liver scaffold, and also Bennet et al. [6] proposed
this combination to create a bioprinted scaffold. This combination has several advantages: good mechanical
properties, hydrophilicity, good cell growth and attachment. Besides that, this composite exhibits good sur-
face roughness, augmenting cell attachment [6].

This material combination also exhibits swelling due to water absorption. Bennet et al. [6] observed a
swelling between 13% and 21% after 72 hours of incubation in PBS. The higher the PCL concentration, the
lower the swelling and the higher the elastic modulus. They reported a strain of 0.39 under a stress of 0.0042
kPa. Degradation of the scaffold was also observed after 3 weeks, with a value between 28% and 71.5%, and
with PCL having a slower degradation rate than CS. CS enhances wettability and permeability. Subsequently,
this stimulates PCL‘s hydrolytic degradation rate. Bennet et al. [6] state that this composition is promising
for developing in-vitro cell cultures.
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3.1.3. Biodegradability of materials
An interesting characteristic that membrane materials can exhibit is biodegradability. A (partly) biodegrad-
able membrane acts as a temporary structural support for tissue generation. It introduces time as a fourth
dimension in tissue engineering. It thereby allows a change of mechanical and chemical characteristics of
the membrane throughout the cell culture. Since these characteristics influence cell behaviour, as described
previously, a biodegradable membrane can provide an environment that changes with the developing cell
culture. It could give advantageous biochemical cues and represent the physical stimulation in a more ade-
quate and complex manner. [80]

Over time the membrane will degrade and have changing features regarding the chemical, physical and me-
chanical properties [20][80]. The ideal biodegradable scaffold has a degradation rate that matches the regen-
eration rate of the tissue, and it should have the mechanical properties to support the tissue during genera-
tion [20]. For example, the membrane could be thicker or stiffer when a cell monolayer is still being formed
and become thinner or more elastic when sufficient tight-junctions have been formed, and a stretch on the
membrane is applied [16]. During degradation, the mechanical load can be shifted to the generated tissue.
This load shift could ensure a more realistic loading case on cells since the cells can bear more load after the
tight junction formation than they would have been able to at the start of the cell culture [80]. Moreover, the
use of a degradable material can provide a changing pore size throughout the cell culture duration [16].

A promising example of a biodegradable membrane is by Zamprogno et al. [78], who created a thin biodegrad-
able membrane (10 µm) mimicking the alveolar barrier, consisting of a collagen-elastin (CE) hydrogel inte-
grated in a gold mesh. The hydrogel degraded after being exposed to an MMP-8 solution. This membrane
forms due to surface tension, and when water evaporates from the mixture, the collagen molecules assemble
into fibrils. Just as in a human lung’s ECM, these fibrils provide a natural structural support. These robust,
dried membranes can be shelved for at least three weeks. Another advantage of this biodegradable membrane
is that it is still optically transparent (Figure 3.1). Furthermore, the ad- and absorption of the CE membrane
were significantly lower than PDMS, making it a promising material for drug and toxicity studies. [78]

Figure 3.1: A) Optical properties of a 10 µm collagen-elastin membrane integrated in a hexagonal gold mesh. Scale bar: 200 µm. B)
Optical properties of the collagen-elastin membrane compared with a standard transwell membrane. [78].

The degradation time of the membrane depends on the concentration of MMP-8 solution applied. Times
ranging from one to seven hours were recorded [78]. Nevertheless, longer degradation times should also be
obtainable by lowering the MMP-8 concentration. The membrane was subjected to a mechanical strain of up
to 10% when lung epithelial cells were present. The membrane’s stiffness can be adjusted based on the ratio
between collagen and elastin concentrations. The stretchability of the CE membrane was also higher than
that of PDMS: at a negative pressure of -2 kPa the radial strain of the CE-membrane was 9.1% ± 2.5%, instead
of only 2.7% ± 0.5% for a PDMS membrane of the same dimensions [78]. For a 1:1 collagen-elastin ratio, the
radial strain was roughly 5%, at a negative pressure of 1.0 kPa. This indicates an average tissue stiffness of
roughly 20 kPa. The stiffness of human alveolar tissue is still about ten times lower [51]. Although it is one of
the softer materials found in LOC devices.

Moreover, Zamprogno et al. [78] state that human primary alveolar epithelial cells and human lung microvas-
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cular endothelial cells were successfully cultured on both sides of the membrane for at least three weeks. The
effect of media flow on the membrane’s mechanical properties and its degradation rate were not studied.
However, as stated above, hydrogels have poor mechanical properties [68][20]. Thus, some support structure
should be needed when using this material.

Fusaro et al. [20] state that instead of natural biodegradable materials, synthetic materials are required, due to
their good elastomeric mechanical properties and controllable degradation rate, while still being biocompati-
ble. However, synthetic materials do lack specific binding sites for cell interaction. They used a biodegradable
electrospun membrane made of PBCE. This material is very flexible, biodegrades at a fast rate and exhibits
good biocompatibility [20]. Biodegradable materials were also applied by Doryab et al. [16] who used a PCL-
gelatin membrane to create a variable pore size. With this method, they could create a membrane with a
thickness of less than 5 µm, on which only epithelial cells could be cultured.

However, scaffold biodegradability can also adversely affect the cell culture. For example, acidic byproducts
may be released during the breakdown of the aliphatic polyesters PLA and PGA. This release has a nega-
tive effect on pH, cell mobility, and angiogenesis [80]. Adverse effects, such as these, need to be taken into
account. Besides that, the material should also withstand the shear forces and strains exerted on it by the
media flow and have an adequate degradation rate. However, overall, a biodegradable material can provide
adjustable mechanical or chemical properties and dimensions that recapitulate the native environment at
various points in time and therefore can be desired throughout the cell culture to elicit the preferable cell
behaviour.

3.2. Manufacturing methods for LOC devices
OOC devices are typically manufactured using soft-lithography. Other applied manufacturing techniques in-
clude electrospinning, micromoulding, microetching, micromilling, solid object printing, 3D printing, pho-
topolymerization, laser etching, and injection moulding [38]. A LOC device ideally must be produced in a way
that is low-cost, high throughput and applicable repetitively. In order to make LOCs low-cost and broadly
available, the throughput must be on a significant scale or at least able to scale up. Besides that, in com-
bination with the material, the manufacturing method has a significant influence on the device’s eventual
structural resolution and properties. Selecting a correct manufacturing method is therefore of great impor-
tance. Within the design of AOC devices, the main fabrication techniques found in the literature are soft-
lithography, 3D printing and electrospinning. Therefore, these fabrication techniques will be discussed in
this section, along with alginate bead moulding. First, the fabrication methods for LOC membranes are dis-
cussed. Second, the different ways of creating pores in these membranes are analyzed.

3.2.1. Soft-lithography based fabrication techniques
One of the most common fabrication techniques for LOC membranes is soft-lithography. This is a technique
that is often used to fabricate PDMS structures and was applied by Huh et al. [28] and Sellgren et al. [61]. The
name ’soft-lithography’ is based on the fact that a patterned elastomeric polymer is used as a mask, stamp or
mould to pattern soft materials [73]. Figure 3.2 shows the basic steps in soft-lithography. A master mould is
fabricated by, for example, photolithography or 3D printing, on which PDMS is poured. This mould subse-
quently acts as a negative for the cured PDMS. Various types of soft-lithography include: replica moulding,
microcontact printing, micromoulding in capillaries, microtransfer moulding, and moulding for microflu-
idics [73]. The technique is very low cost and has significant ease of manufacture. However, high throughput
manufacture remains a challenge [46][73].

3.2.2. 3D (bio)printing
The development of 3D printing has assisted the design of scaffolds with innovative and previously unobtain-
able structures. Currently, shapes such as the ear, nose, heart and brain already have been mimicked using
3D printing [80]. As explained by Zhang et al. [80] the scaffold structure provides structural guidance for the
cells to aggregate and to generate tissue in a shape dictated by the scaffold. The pore size and geometry in-
fluence gene expression, cell proliferation and differentiation. In literature, 3D-printing has been applied by
Tas et al. [68], Mejias et al. [44], and Rezaei et al. [55].
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Figure 3.2: Schematic process of the soft-lithography technique to create PDMS structures [73].

Cell-laden hydrogels
Zhang et al. [80] state that adding cells to the bio-ink allows for the printing of complex and heterogeneous
tissues. Also, Tenenbaum et al. [69] and Huang et al. [26] state that bioprinting and cell-laden hydrogels are
promising possibilities for the fabrication of more complex and biomimetic 3D structures [69][26]. Further-
more, concerning OOCs, they state that such technology has not been fully explored yet [69]. Moreover, also
Huh et al. [29][28] state that growing cells within 3D ECM gels can improve tissue organization and tissue-
specific functions. These models are already used in drug efficacy, and toxicity testing [29].

However, although 3D-bioprinting allows for a composition of a multitude of cell types in a shape closely
resembling native organs, cell-laden hydrogels do not reconstitute key structural and mechanical features of
living organs central to their function. This means two things. First, they fail to recreate an active tissue-tissue
interface, which limits the transport of fluids, nutrients, immune cells, and other regulatory molecules [28][8].
Also, contributions of vascular and airflow are diminished [29][8]. Secondly, it restricts the application and
transmittance of dynamic mechanical forces such as the breathing mechanism to be transferred between
cells, which are crucial for their correct function and development [28]. Besides that, when using cell-laden
hydrogels, there is a limitation on the control of cell alignments and diffusion restrictions since the cells may
not be evenly dispersed throughout the gel [70].

For all the reasons stated above, the methodology using cell-laden hydrogels is less suitable for creating an
alveolar membrane. A possible solution that Terrel et al. [70] propose for the control of cell alignments on
hydrogels is the use of photolithography for precise gel localization. This method can, for example, be used to
create hydrogel pillars using photomasks. These pillars serve as anchoring points for seeded cells, increasing
control of the cell alignment. This approach may, however, generate phototoxicity issues [70]. Bennet et al.
[6] also hypothesized that a hydrogel scaffold was more receptive to surface cell seeding than to a cell-laden
culture. Thus, when using hydrogels, a separate structure should be made with the hydrogel, on which the
cells are seeded afterwards.

Another drawback in using 3D printing is the printing resolution. Rezaei et al. [55] used a combination of CS
and PCL to 3D bioprint a scaffold. They found that they could use a strand diameter of 360 µm. The strand
would have too weak mechanical properties if they reduced this diameter. However, this strand diameter is
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already thicker than the overall thickness of most AOC membranes. Thus, the resolution of the printed struc-
ture is a limitation. Extrusion-based 3D printing technology has a resolution of around 200 µm and ink-jet
technology of around 20-100 µm. If a smaller, submicron resolution is desired, other technologies such as
electrospinning are favoured [80].

Also, in the design of OOCs, hydrogels are generally used in bioprinting. As explained in Section 3.1.2 on hy-
drogels, these materials have poor mechanical properties. For example, Rezaei et al. [55] were able to print a
uniform scaffold with a porosity of 55% on which cells were able to grow, proliferate and migrate. The elastic
region of this printed material was very small, with strains below 0.04% and stresses below 0.004 kPa. The
weak mechanical properties underline the importance of using a support structure when larger strains are
applied on a hydrogel.

3.2.3. Electrospinning
Flat, 2D surfaces do not accurately mimic the 3D structure of the ECM found in-vivo. Chen et al. [11] state
that an ECM analogue scaffold is required in a cell culture, even if there is media flow present, in order to be
able to simulate in-vivo conditions completely. Electrospinning is a good method to mimic this ECM struc-
ture because the use of nanoscale fibres allows for the mimicking of the fibrillar structures and porosity of the
ECM architecture on the nanoscale (Figure 3.3) [71][70][15]. For example, Jin et al. [34] found that nanofiber
membranes have greater cell adhesion than flat surfaces since the structure of nanofibrous membranes is
more similar to the ECM of human tissue. Moreover, electrospun membranes have, like real ECM, a high
porosity, spatial interconnectivity and high surface area [11].

Figure 3.3: Collagen structure and assembly. Atomic force microscopy of dried reassembled collagen [70].

Another reason electrospun membranes could be very promising is that the electrospun fibres could mimic
the ’nylon stocking effect’. The nylon stocking effect is the effect that under stretching conditions, the fi-
bre response is a network effect, instead of an individual fibre response [10]. This effect is also seen within
the ECM. Although the precise response of the fibre network also depends on the fibre orientation, distri-
bution and thickness. Electrospun scaffolds are widely applied in mimicking the vascular systems, creating
endothelial cell scaffolds, but also in bone and cartilage tissue engineering, and for in-vitro cell culture sub-
strates [71][20][11]. Nonetheless, there has been limited research into recreating scaffolds that recreate the
3D ECM in a microfluidic device [11].

Electrospinning is a method where polymer solutions are transferred to fibres with a nano- or microsized
diameter (Figure 3.4) [11]. An electrospinning machine generally consists of a high voltage power supply, a
grounded collector and a syringe pump along with a syringe containing a metal needle (cannula) [20][11]. An
electric field exists between the charged metal cannula, which contains the polymer solution, and the collec-
tor electrode. When the magnitude of this electric field exceeds the surface tension of the polymer solution,
a Taylor cone is created. This cone is elongated towards the grounded collector due to the electrostatic force,
creating fibres that dry up due to the evaporation of the solvent [11].
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Figure 3.4: Schematic of the electrospinning process [11].

Besides electrospinning, phase separation and self-assembly have also been used to create nanofibrous scaf-
folds. The advantages of electrospinning are the wide possibility of materials, its easy and cost-effective man-
ufacturing process, and the fact that it generates fibres with comparable dimensions to real ECM fibres. [71]

Materials with good mechanical properties can be used, allowing for applying large strains to be applied to the
membrane [15]. Often polycaprolactone (PCL) is used [68][11][34], sometimes in combination with chitosan,
gelatin or collagen [20][11]. But also, for example, gelatin fibers [54], p(BCE-co-TECE) [20] and PLGA fibers
[76] are used. Although these materials generally achieve sufficient stretch conditions, they often have hy-
drophobic characteristics, which shows itself in limited cell growth and proliferation [15]. Thus, even though
a large range of materials can be used, careful consideration needs to be taken in selecting the right material.

As stated briefly previously, electrospinning has several advantages. The first advantage is the large porous
surface area of electrospun membranes. The large surface area to volume ratio in electrospun structures
allows for the integration of bioactive molecules [1][15]. These bioactive components can increase cell prolif-
eration, and differentiation [71]. The pore size and the number of pores can be controlled to a certain degree.
However, the obtainable pore size is generally very small, limiting a 3D scaffold construction in which cells
can migrate and infiltrate into the scaffold [1]. Furthermore, the pore size is often not specified or varies a lot
throughout the membrane (Table 3.2). This challenges the creation of a reproducible membrane.

The second advantage of electrospinning is that it is possible to control the fibre orientation [1]. This al-
lows mimicking of the anisotropy of the lung tissue material. To accurately simulate the native ECM and its
anisotropic properties, a well-defined architecture with certain introduced alignments is necessary to mimic
these mechanical properties [71]. Electrospun membranes have, for this reason, been widely studied in re-
search on the blood vessels or cartilage [20].

This fibre orientation, along with fibre fusion at contact points, largely determines the overall mechanical
properties of the membrane and has an influence on cell activity [20]. Moreover, aligned scaffolds can in-
fluence the cell orientation and extension and have an influence on the direction cells migrate to [71]. For
example, Fusaro et al. [20] found that the cyclic stretching of aligned electrospun fibres had a beneficial effect
on endothelial cell activity and proliferation when compared to random fibre orientation. All these variables
(surface area, fibre orientation, pore size, porosity) influence cell differentiation, orientation, adhesion, infil-
tration and migration through the membrane [1][71].

Generally, the nanospun fibres have well controllable mechanical properties. Since the ECM has fibres in the
range of 10 nm to 50 nm, fibres with a diameter smaller than 100 nm need to be created to mimic this archi-
tecture. Notwithstanding that, the porosity and pore size still needs to be large enough for cell migration, and
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Table 3.2: Overview of membranes fabricated using electrospinning.

Author Stretch Media flow Fiber thickness Membrane thickness Pore size
Chen et al. [11] No Yes 1.6 ±0.6 µm 379 ±15 µm 113 ±19 µm2

Fusaro et al. [20] Yes Yes
560 ± 210 nm
800 ± 190 nm

- -

Jin et al. [34] No No 200 - 500 nm 70 ±10 µm 3 µm - 4 µma)

Laniece [40] Yes Yes - 1 µm 2 µmb)

Tas et al. [68] Yesc) Yes 441 ± 1490 nm ∼ 20 µm -

Yang et al. [76] No No -
2.3± 0.2 µm to
9.1 ± 1.2 µm

-

Radiom et al. [54] Yesd) Yes few 100 nm 100 - 500 nm 1 - 10 µm
Zhou et al. [82] Yes Yes 2.5 µm ∼ 300µm -

a) 77% between 1 - 10 µm; b) average pore size; c) duration: 2 hours; d) duration: 1 hour.

infiltration [71]. However, it is challenging to make nanofibers with a diameter of less than 10 nm that still
have good mechanical properties [1]. Most fibre diameters used in LOCs do not reach below this 100 nm.

Subsequently, the major disadvantage of creating an alveolar membrane with this method is the possible
membrane thickness. Although electrospinning seems an excellent option, it is critical to create a thin mem-
brane when mimicking the alveolar-capillary barrier. Generally, 10 µm is used as a membrane thickness, and
the in-vivo alveolar barrier (including cells) is around 1 µm. Besides that, the membrane also needs to be
strong enough to be subjected to a cyclic strain of roughly 15%. Generally, electrospun membranes do not
near the standard 10 µm membrane thickness. If they do, they generally do not have exhibited mechanical
properties that are good enough to culture cells under cyclic strain for multiple weeks.

An overview of the characteristics of several electrospun membranes found in literature can be found in Table
3.2. Additional information on these membranes can be found in Figure A.1 in Appendix A, which includes
a table containing all LOC devices found in literature. Noteworthy is that many papers do not mention their
specific (range of) pore sizes. Also, there is a large variation within the pore sizes and fibre thicknesses.

Laniece [40] found that each membrane patch that they used also varied regarding nanofibers configuration
and specific porosity. She used thin gelatin nanofibers spread over a honeycomb PEGDA support structure
to create a nanospun membrane for cell cocultures. This membrane is the thinnest electrospun membrane
used to mimic the alveolar membrane seen so far (< 1 µm) and nears the biological in-vivo dimensions of
the membrane. Both a media flow and a cyclic stretch were exerted on the membrane. The cyclic strain they
could obtain was 6.2%, which is below the physiological strain threshold. Also, the support structure bulged,
adding to the total deformation (Figure 3.5). Besides that, the applied flow was not enough to induce physio-
logical shear stress.

Another example of an electrospun mesh is by Chen et al. [11]. They made an airway-on-a-chip model by
using a circular base structure of PDMS, on which a fibrous scaffold was deposited by electrospinning. Hu-
man dermal fibroblasts grown on the substrate resembled in-vivo regarding morphology and cell size, and
they could adhere to the scaffold well. Furthermore, no fibre detachment was seen when the fluid flow was
introduced. However, no cyclic stretch was applied. Yang et al. [76] also created a very thin membrane but
did not include a cyclic stretch, by which the membrane thus could become thinner.

Both Radiom et al. [54] and Tas et al. [68] designed promising membranes with a thickness of 100 – 500 nm
and about 20 µm respectively. Both LOC designs included media flow, along with a cyclic stretch. However,
it is unknown if these membranes are suitable for experiments spanning multiple weeks since their experi-
ments, including stretch and media flow, did not span more than 1 hour and 2 hours, respectively.

Jin et al. [34] designed a nanofibrous membrane to look at the neutrophil displacement through the mem-
brane. The membrane was electrospun with PCL and consisted of several electrospun layers of 70 ± 10 µm
thick, making up a membrane of 150 µm thickness overall. The membrane was placed between two PDMS
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Figure 3.5: Bulging of the support structure under an orthogonal pressure [40].

chambers. The nanofibrous membrane had a dominant pore size of 3 to 4 µm. Neutrophils were able to
travel through this membrane, even though Jin et al. [34] found that many neutrophils remained stuck in the
membrane.

Zhou et al. [82] designed a fibrous superhydrophobic membrane with a large obtainable biaxial strain (up
to 700% under cyclic loading conditions). This membrane was produced by electrospinning poly(styrene-
butadiene-styrene) p(SBS) combined with FAS. P(SBS) is biocompatible, and it can be produced on a large
scale using a commercial product. Hysteresis, due to fibre reorientation, was found not to have a signifi-
cant difference after the first 200 cycles. However, the membrane produced was significantly thicker than the
thickness desired for an alveolar membrane, with a thickness of 300 µm. [82]

In conclusion, an electrospun membrane that is strong enough to create long-term structural support for
cells while withstanding cyclic strain and media flow is generally too thick. Furthermore, there is much vari-
ation in porosity, nanofiber and pore size and distribution. This variation poses a challenge when an easily
reproducible membrane is desired. Therefore, an electrospun membrane is not the most suitable approach
for designing a membrane mimicking the alveolar-capillary barrier. It might be a better approach for thicker
membranes such as the larger airways.

3.2.4. Alginate bead moulding
Another fabrication technique worth mentioning is the technique by Huang et al. [26], who fabricated a
membrane with an alveoli-like 3D inverse opal structure by moulding GelMA hydrogel using dissolvable algi-
nate beads (Figure 3.6). First, a lattice of uniform alginate microbeads was assembled, after which the GelMA
solution was added to the voids between the beads and crosslinked. Subsequently, the alginate beads could
be quickly removed using a M EDTA solution. Roughly 7050 microbeads, spread over three layers, provided
a membrane with a thickness of about 546.4 µm and a pore size of ∼ 200 µm. This pore size was chosen be-
cause it resembles the dimensions of alveoli in the lung. This method resulted in an alveoli-like 3D hydrogel
with uniform pores. Although this manufacturing method does not provide a thin membrane on which a
coculture can be created, it can be used as an inspiration for manufacturing methods. [26]

Figure 3.6: Schematic of the alginate bead molding process [26].
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3.2.5. Creating pores in LOC membranes
Pores in a membrane are often created simultaneously and with the same manufacturing technique used to
fabricate the membrane itself. For example, in soft-lithography, 3D printing and electrospinning, the pores
can be formed during the fabrication process. However, these pores generally have a relatively large diame-
ter. In soft-lithography, which uses moulding, pore sizes rarely are below 10 µm. In 3D printing, the printing
resolution limits the pore size, which is already a limitation in the fabrication process. Electrospinning gives
a wide range of possible pore sizes, depending on, e.g. the spinning time, fibre diameter and material used.

Other fabrication methods used to create pores in LOC membranes include: track etching, laser etched pores,
block-copolymers and nanosphere lithography (NSL). Laser etching pores can, for example, be done with a
femtosecond laser. This fabrication method is suited for small surfaces and pores larger than several mi-
crometres [2]. Nanosphere lithography can achieve a resolution smaller than the conventional photolithog-
raphy resolution limit of 2µm. It relies on the use of self-assembling nanospheres in the etch mask fabrication
[32]. As simple schematic of the process can be seen in Figure 3.7 [47]. Pores designed with this technique
can reach below 500 nm [32].

Figure 3.7: Schematic of the step-by-step fabrication of pores, using NSL [47].

Track etching is done on thin polymer membranes to create straight pores through the membranes. This is a
well-known and widely used production technique, mainly used on PET transwell inserts (Figure 3.8). In this
method, energetic ions are discharged at the material, altering its material properties. These regions are sub-
sequently chemically etched, creating hollow channels [59]. The porosity and pore size can be independently
varied in a wide range. The pore size can range from 10 nm to tens of micrometers, whereas the pore density
can range from 1 to 1010 cm−2 [3].

Figure 3.8: SEM image of a track etched PET membrane [59].

The block-copolymer technique uses a combination of block polymers, which microphase-seperate (Figure
3.9). This creates a homogeneous, crosslinked nanostructured composite. By chemically etching, one of the
block polymers can be etched away, leaving monoliths with a porous structure behind [62]. This technique is
suited for relatively small surfaces and mesopores, which are pores between 2 and 50 nm [41].
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Figure 3.9: Schematic visualisation of block-copolymer nanopore fabrication [62].

3.3. Membrane integration methods
Besides the material and the manufacturing technique, the membrane’s integration into the rest of the LOC
device needs to be taken into account. The membrane itself should be leak-tight connected to the rest of
the microfluidic device. This membrane integration is not always an easy task since this integration should
remain intact and leak-tight while subjected to a cyclic strain. Several methods have been proposed to inte-
grate a membrane into the device in the literature.

When no cyclic stretch needs to be applied, a standard integration frequently used with various membrane
materials is to sandwich the membrane between 2 layers of PDMS. These layers are sealed together by slow-
curing liquid PDMS between them. This was done by Nalayanda et al. [45], who used a porous PET mem-
brane. This method, however, produces a membrane integration that is often not strong enough to remain
intact when cyclic stretching is applied.

When using a PDMS membrane in a PDMS device, the integration bond is often a lot stronger than when
using different materials, allowing for straining of the membrane. Oxygen plasma treatment can bond the
membrane and the rest of the device together. This treatment was done in the devices of both Jain et al. [33],
and Nissar [46]. Another bonding option when using PDMS on PDMS is using a corona treater. Douville et al.
[17] irreversibly bonded a 100 µm thick PDMS membrane, where a large bonding surface area was present.
They were able to create a leak-tight membrane undergoing a cyclic bulging stretch. However, given that the
membrane is irreversibly bonded to the chip, the membrane can not be reversibly taken out of the device for
further analysis.

Regarding the integration of electrospun membranes, there are few reports. Chen et al. [11] proposed the
solution of directly spinning the fibres onto the contact surface. However, this would bring several manufac-
turing challenges, and the membrane would not be easily retrievable. Laniece [40] did the integration of the
membrane by adding a solid PEGDA outer ring for increased surface area and an extra PDMS middle layer
to the membrane (Figure 3.10). The membrane in the chip was retrievable, allowing to take the membrane
out of the device for analysis momentarily. The device itself was pressed together by an external casing to di-
minish any leakage. She detected that a leak-tight integration becomes more difficult when using handmade
electrospun membrane patches. Because a few hundred microns difference can already cause a leakage in
the membrane integration [40].

Laniece’s [40] solution was to ’pre-bond’ the membrane. The designed membrane had an outer solid ring,
where no cells or structures were present and to which another layer could be attached. A middle PDMS layer
was first bonded on top of the designed membrane. Afterwards, this middle layer was plasma bonded to the
device’s top and bottom PDMS parts, thereby fully sealing the membrane into the PDMS layers. The middle
layer has a hole with a diameter a little bit smaller than that of the membrane. The overlap between the mem-
brane and the middle layer was 4 mm. This method allows for bonding of the membrane and an open cell
culture. [40]
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Figure 3.10: A burst view of the LOC device by Laniece [40].

In order to further increase the contact between the PDMS layers, Laniece [40] also proposed the use of a
magnetic clamp, which exerts an equally divided pressure over the chip. She found that using such a clamp-
ing device, in combination with introducing a middle layer, prevented any leakage along the membrane, even
though a pressure of at least 800 mbar was applied and the membrane was deflected out-of-plane.

For the design of a good membrane integration when an in-plane strain is applied on the membrane, several
factors play a role: First, the materials of the contact surfaces of the membrane and the device should be
compatible. This means that a strong bond between these surfaces should be possible. Second, the strength
of this bond can be increased by a larger contact surface area or by ’pre-bonding’ the membrane to a middle
layer [40]. Last, a clamping device could help with further eliminating any possible leakage.

This chapter provided a more in-depth review of the possible membrane materials, manufacturing methods,
and membrane integration methods for LOC devices found in the literature. Careful consideration of all
the advantages and disadvantages needs to be made regarding the materials and methods, depending on
the device’s desired functionality. The next chapter will cover the membrane requirements that need to be
considered when designing a membrane for an AOC.
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Membrane requirements

In order to obtain the required functionality within an AOC device, several requirements need to be taken
into account. This chapter covers the various requirements for designing an adequate AOC membrane based
on the literature.

The alveolar-capillary barrier that is aimed to be recreated is an elastic and exceptionally thin porous mem-
brane. Doryab et al. [16] state that in order to allow for transport across the membrane barrier, three things
need to be taken into account: a low membrane thickness (≤ 5 µm); large pore size (up to 8 µm); and high
porosity (around 9%). According to Doryab et al., two phases can be discerned during cell culture growth.
In Phase 1, alveolar epithelial cells adhere to the membrane. They proliferate and grow into a connecting
monolayer, forming tight junctions. In this phase, the membrane is still fully submerged on both sides, and
no stretch is yet applied. In Phase 2, the cell layer will be further cultured under ALI conditions. This means
that the media is interchanged with a gas flow on the apical side, initiating epithelial cell differentiation and
acclimatization. During this acclimatization, cells will polarize and secrete surfactant. In the second phase,
the cells are continuously secreting a cell-secreted ECM, which forms a layer underneath the cells between
them and the membrane. After the cells have formed a monolayer during this phase, a cyclic strain can be
applied. [16]

Table 4.1: Overview of membrane requirements.

Membrane requirement Value
Chemical inertness Minimal molecule ab- and adsorption and chemical reactivity
Biocompatibility Long-term biocompatibility must be present
Wettability WCA < 70o

Stiffness 1 kPa - 0.3 Mpa
Actuation pressure ≤ -800 mbar
Membrane diameter 3 mm
Membrane thickness ≤ 10 µm
Pore size ≤ 3 µm in Phase 1, ≥ 3 µm and ≤ 8 µm in Phase 2
Permeability ∼4.3x10−6 cm/s to proteins
Strain ≥ 20%
Breathing frequency 0.2 Hz
Shear stress on endothelial cells ∼1.54 N/m2

Optical transparency Adequate for confocal microscopy
Sterilizable 70% ethanol or 5% H2O2

Sustain x number of cycles ∼5x105c ycles
Membrane integration Leaktight, detachable after experiments

Thus, for each phase, different membrane characteristics are desired. Figure 4.1 gives a schematic overview
of how the different characteristics can change throughout the different phases. The phases begin with cell
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seeding, after which a monolayer is formed. Once this layer has been formed, the ALI is introduced. In
Phase 1, a membrane should be bioactive, promoting cell adhesion and growth, besides being wettable and
non-porous or containing small pores. It should contain small pores so that cells do not travel through the
membrane. These characteristics are optimal for cell monolayer formation. [16]

Then after the ALI has been introduced and the cells have differentiated, a strain can be introduced. For
this second phase, the membrane needs to be permeable and porous to allow transport of nutrients and sig-
nalling molecules. Furthermore, the membrane also needs to have an elasticity that recapitulates the human
lung’s ECM while being tough enough to undergo a cyclic strain [16]. Table 4.1 gives a brief overview of the
requirements for an AOC membrane. Each requirement is further elaborated on in the rest of this section.

Figure 4.1: Schematic representation of the membrane properties throughout the cell culture. Based on Doryab et al. [16].

Chemically inert and biocompatible: The membrane should react minimally with any other chemical com-
pounds present in the cell culture. Furthermore, it must be non-absorbent to molecules in the medium.
These molecules can include drugs, proteins and growth factors [16]. This is relevant because this interaction
with molecules can influence the accuracy of drug screening experiments [23].

Furthermore, the membrane material should be biocompatible. Both endothelial and epithelial cells should
be able to create a confluent monolayer on the membrane without any cytotoxic effects [76][8]. Moreover,
the material should remain biocompatible for the whole study duration so that long-term cell viability can
be acquired. Although, once the cells have formed a confluent monolayer and they have started to secrete
their own ECM, their contact with the membrane becomes less [1][15]. Thus, since the contact diminishes,
the biocompatibility of the membrane also becomes less crucial.

Hydrophilicity and wettability: The cell substrate must have certain hydrophilicity and wettability, in order
for cells to adhere adequately to the surface. A hydrophobic material would need a surface pre-treatment to
enhance cell adherence. This surface treatment is, for example, done with a collagen coating, as is often done
on a PDMS surface [56]. Regarding the wettability, Doryab et al. [16] state that a water contact angle of less
than 70◦ is favourable (WCA ≤ 70◦). A WCA of less than 90◦ indicates a hydrophilic surface. Most synthetic
materials used in OOC applications are hydrophobic. Therefore, this characteristic need to be taken into ac-
count when selecting materials.

The required wettability may also change throughout the cell culture stadia. A higher wettability is desired
during the first phase to improve cell monolayer formation. In the second phase, the cells have started to
secrete their own ECM, which creates a layer between the support membrane and the cell layer. Since the
cells have already formed a continuous layer including tight junctions and are not in direct contact with the
membrane anymore, the membrane may in this stage have a slightly diminished surface wettability (a larger
WCA). [16]
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Stiffness: The membrane must be stiff enough to support the adjacent cells, but also elastic enough to sustain
cyclic breathing movements. The pressure actuator (Elveflow, OB1 MK3+ microfluidic flow controller) used
for the AOC device by Nissar [46] can exert a negative pressure of 800 mbar on the membrane. The membrane
should be elastic enough to provide the desired strain under this pressure or less.

Besides that, membrane stiffness also influences cell behaviour. The stiffness of the ECM has an influence on
cell migration (e.g. by mechanotransduction), differentiation, cell division and maintaining homeostasis [22].
Zamprogno et al. [77] found, for example, that human fibroblast cell spread is reduced on soft surfaces com-
pared to stiffer surfaces. The stiffness also influences cytoskeleton formation [22]. Softer membranes dimin-
ish tight junction formation and augment the distribution of actin, whereas stiffer membranes enhance the
formation of F-actin cytoskeleton [16]. The stiffness of the membrane may also differ when various diseases
are studied. For example, the collagen content increases in pulmonary fibrosis, which stiffens the alveolar-
capillary barrier tissue.

Preferably, the membrane mimics the stiffness of the in-vivo basement membrane [49]. The stiffness of an
alveolar wall ranges in the literature between a Young’s modulus of 1 kPa [15], and a stiffness of 0.3 MPa [16].
Osario et al. [49] for example, stated an elastic modulus of 3.4 kPa in uniaxial tension, and Pasman et al. [50]
stated a Young’s modulus of lung tissue of 400 Pa or lower. It is relevant to note that in the design of a mem-
brane, the overall membrane stiffness should be widely considered next to the material stiffness, since this
greatly influences the membrane stretch that can be obtained and transferred to the adhered cells.

Throughout the cell culture the stiffness may vary. When no stretch is yet applied in the first phase, the mem-
brane may be less elastic. In Phase 1 the membrane also largely has a support function and may therefore be
stiffer than native alveolar-capillary barrier tissue. The elasticity becomes an important variable and needs to
have a significant value when stretch is applied, and the membrane is deformed. This is also shown in Figure
4.1.

Dimensions: The membrane is designed to fit in the design by Nissar [46] and should therefore have suitable
dimensions. These dimensions include a membrane diameter of 3 mm, excluding the membrane edges used
for the membrane integration. Furthermore, a membrane with microscale thickness is needed to allow for
efficient gas exchange [76]. The membrane thickness should mimic the alveolar-capillary barrier thickness
as closely as possible, which is made up of 2 basement membranes of 50 nm each, creating a membrane
with a thickness of 0.1 µm overall [76]. Generally, an AOC membrane has a thickness around 10 µm and few
membranes have been designed to be thinner than that. Most membrane thicknesses have been determined
by the manufacturing possibilities rather than a biologically based choice. This is due to the trade-off be-
tween membrane thickness and membrane strength, and due to the achievable manufacturing resolution.
Thus, the thickness should adequately recapitulate the in-vivo properties while considering the materials
and manufacturing methods. The device dimensions should also allow the cell culture to be studied under a
confocal microscope. When using the device of Nissar [46], a membrane with a thickness of 10 µm has been
found to fit within the working distance of a confocal microscope (HCX PL Fluotar L 40x objective).

Pore size and permeability: Standard transwell inserts can generally be obtained with a pore size between
0.4 µm and 8 µm (Corning Incorporated, Corning, NY). Most LOC devices also contain pore sizes within this
range, though some membranes do not contain pores [74][17][35][30]. However, many studies do not elabo-
rate on their decision to choose a specific pore size.

A permeable and porous membrane is desired to facilitate nutrient and protein exchange through the mem-
brane. For example, Pasman et al. [50] found that in static cell cultures, a higher cell density was possible
on more permeable membranes since those facilitated a better nutrient supply. Furthermore, to measure
lung inflammation, neutrophil movement needs to be observed. An indication of lung inflammation is the
process of neutrophil displacement from the micro-vascular channel to the alveolar chamber [64]. Also, the
cytokine interleukin-8 (IL-8) gene expression and subsequent protein release happen when inflammation is
present [16][7]. This neutrophil and protein migration happens through the membrane, and thus a porous
membrane must be incorporated. Moreover, pore size influences macrophage migration through the mem-
brane. Besides that, pore size also influences cell differentiation, proliferation, adhesion, growth and viability
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[80].

The membrane is expected to have an increased permeability under dynamic loading conditions compared
to static conditions. This increase is because the pore size increases when strain is applied to the membrane.
For example, Doryab et al. [16] found that pore size increased by a factor of 1.10 when a strain of 21% was
applied. The device should have a watertight barrier between the upper and lower chambers even with this
increased permeability. As a reference for the permeability value, Zhang et al. [79] stated that the perme-
ability of mammalian capillaries to proteins is about 4.3x10-6 cm/s. Huh et al. [28] state the in-vivo level of
protein permeability is 1-2%/hr. Regarding the porosity, Doryab. et al. [16] aim at a porosity of 9%, whereas
Nissar aims at a porosity of 3% - 3.5% [46].

Doryab et al. [16] state that in the first phase, no pores need to be present in the membrane. If pores are
present, the maximum pore size is between 1-3 µm, to avoid epithelial and endothelial cells from travelling
through (or into) the membrane. This migration must be prevented since these cells need to form a con-
fluent monolayer on their respective membrane sides. Zhang et al. [80] also state that 2.5 – 3.5 µm is the
minimum pore size which cells can infiltrate and through which they can migrate. However, there still needs
to be sufficient nutrient supply in this phase, especially on a poreless membrane, where no nutrients can
travel through the membrane. Pasman et al. [50] demonstrated that on a poreless membrane, compared to a
membrane with pores, cells could grow more poorly.

Larger pore size was observed to allow cell penetration and immune cell recruitment in-vivo. Zhang et al.
[79] noted that endothelial cells could migrate through 20 µm pores, which indicates that a pore size of this
dimension could be too large. This has also been determined by Doryab et al. [16] who stated that in Phase 2,
a larger pore size of up to 8 µm is desired. This pore size could allow for neutrophil and macrophage migra-
tion across the membrane. They determined that on pore sizes larger than 8 µm, which is larger than a single
epithelial cell, no confluent monolayers could be formed.

Thus the dilemma arises that when pore sizes are very small (e.g. the often used 0.4 µm), immune cells can-
not pass through the membrane, but when the pore sizes are larger than 3 µm, endothelial and epithelial cells
can pass through the membrane, which hinders their adherence and monolayer formation.

A solution for this dilemma has been proposed by Doryab et al. [16] with their PCL and gelatin composite
membrane (Figure 2.14b). They were able to create a membrane with a variable pore size up to 8 µm, on
which a confluent epithelial cell layer was cultured. Initially the membrane contained no pores. The porosity
was also variable throughout the cell study up to 9.4 ± 0.2%. Although a cyclic out-of-plane strain of 25%
could be applied to this membrane, this was only experimentally tested for 48 hours under submerged con-
ditions [16]. Besides that, this membrane only contained a monoculture of epithelial cells. Thus, although
this is an improvement in the approach to pore sizes, the membrane in this design has not yet been proved
suitable for use in long-term cocultures.

Furthermore, Huang et al. [26] demonstrated that uniform pores are preferable to random pores in experi-
ments, even though the (average) pore size might be the same. Pasman et al. [50] also made the link between
a less homogeneous pore distribution and a less confluent monolayer. This is noteworthy, since LOC devices
often contain a range of randomly distributed pores and pore sizes [54][34][40][20][16].

Thus, an ideal membrane should have a uniform pore size below 3 µm in the first phase, where a confluent
monolayer is created. After this monolayer is created, a larger pore size is desired in order to mimic the in-
vivo transmembrane processes such as neutrophil migration more closely. To date, little literature is present,
however, on pore sizes and their effects in endothelial and epithelial in-vivo cell cultures.

Cyclic stretch: The membrane should be able to sustain cyclic stretch for several weeks. The physiological
strain range is between 4% and 12% [54][15]. And strains over 20% are considered pathophysiological [7][68].
Since an adequate membrane should be able to recapitulate the complete (patho)physiological strain range,
a strain of at least 20% must be sustained by the membrane in order to be able to mimic the whole range of
physiological breathing movements and to also be able to recapitulate a pathophysiological environment.
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The cyclic stretch, which exerts a strain on the cells, influences multiple cellular behaviours [28]. It en-
hances the formation of tight junctions [16]. Furthermore, it influences: pulmonary epithelial cell prolif-
eration; differentiation; surfactant secretion; and migration [15]. It also influences disease onset and ad-
vancement. These effects occur since mechanical stimulation affects specific signalling pathways, which in-
fluence gene expression and protein synthesis [15]. For example, a strain between 15% and 20% on endothe-
lial cells increases fibroblast growth factor release, activation of factor/monocyte chemoattractant protein-1
(MCAF/MCP-1), and production of the inflammatory cytokine IL-8 [7]. Besides that, overstretching of the
alveolar membrane can cause a disruption of the tight junctions, causing damage to the cell monolayer and
loss of cells [15][7]. This increases vascular leakage, which can lead to oedema [1]. Thus, mechanical stimuli
are vital in recapitulating the (patho)physiological circumstances to study the effect of possible treatments in
an in-vitro environment [15].

The type of cyclic stretch is often a sinusoidal cyclic stretch, as applied by Doryab et al. [15] and Stucki et al.
[66], but it can also be a triangular cyclic stretch, as applied by Nissar [46] and Stucki et al. [67] three years
later. The cyclic motion mimics the breathing motion, generally with a frequency of 0.2 Hz [26].

Various types of strain are present in LOC devices, as discussed in Section 2.4.2. Biaxial or triaxial stretch
simulates the in-vivo environment more closely than uniaxial stretch. Huh et al. [28] observed that cells
align to the loading direction perpendicularly when uniaxially stretched. This does not resemble the in-vivo
cell behaviour and thus, biaxial or triaxial stretching should be selected over uniaxial stretching. In contrast,
there is little information present in the literature on whether cells behave differently when subjected to a
two-dimensional or three-dimensional stretch and whether this influences how well cells can be cultured.

Out-of-plane biaxial or triaxial stretching, or bulging, of small diameter membranes, does resemble the in-
vivo type of stretching since the alveoli also exhibit a bulging of the membrane. However, often devices can
not provide a media flow at the same time as bulging the membrane [66], because the same chambers are
used for both purposes. Furthermore, if a media flow is provided, the shear stress exerted by the fluid flow
passing by the membrane exerts a different effect on out-of-plane stretched membranes than on in-plane
stretched membranes. The media will flow parallel to the membrane for in-plane stretched membranes, cre-
ating a uniform shear flow over the membrane. In out-of-plane stretch, the flow will not uniformly exert a
shear on the membrane since the channel itself will not deform along with the membrane (Figure 4.2). This
creates areas where shear stress will be higher than other areas. In the human body, the pulmonary vessel
can generally be assumed to also deform along with the alveolar membrane, avoiding these local variations
in shear stresses (Figure 4.3).

Figure 4.2: Schematic illustration of media and gas flow alongside an in-plane stretched membrane and an out-of-plane stretched mem-
brane. Red arrows indicate the stretching direction.

Figure 4.3: Schematic of the alveolar-capillary barrier [16].

Although the fluid flow in these devices is generally low, this aspect still needs to be considered. Besides
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that, as explained previously in Section 2.4.2, on larger diameter membranes bidirectional in-plane stretch-
ing exerts roughly the same effect as triaxial out-of-plane stretching, regarding the applied surface area strain.
Therefore, an in-plane biaxial stretch is best applied to the membrane. Furthermore, in a membrane that uses
a bulging stretch, there is at least one actuation channel that exerts the pressure difference needed to bulge
the membrane. Since this research aims to have two channels with medium flow (both gas and liquid), two
flow channels should be present. The actuation for this membrane stretch is therefore controlled via separate
actuation channels that run around the sides of the membrane (Figure 2.15).

The air-liquid interface and shear stress: The air-liquid interface (ALI) is an essential feature of healthy lungs.
An ALI consists of the epithelial cell layer, on which a thin liquid surfactant layer is present and its boundary
with the air. This surfactant layer separates the epithelial cells from the air [69]. The presence of air increases
surfactant production, which is crucial in maintaining the stability of the membrane [64][69]. Furthermore,
including airflow also introduces a more biomimetic permeability by decreasing the surface tension [64].

Douville et al. [17] note the importance of including both solid and fluid stresses within the device. Besides
cyclic membrane straining, the AOC should also include a media flow on the basal side of the membrane and
a gas flow on the apical side. Both flows, especially the media flow, can exert a shear stress on the adjacent
cells, and this may play a role in the mechanoregulation of the cell layers [30]. It also plays a vital role in
pathology, and disease mechanisms [17].

In conclusion, the LOC device should include both an ALI and physiological shear stress. The shear stress
exerted on endothelial cells due to blood flow ranges between 0.28 – 9. 55 N/m2, with a mean value of 1.54
N/m2. The shear stress in the smallest capillaries is in the higher range [39]. Besides mimicking the physio-
logical shear stress, the ALI should remain intact under cyclic stretch: no medium leaches to the air interface
side; and no cells detach from the membrane [16]. Furthermore, an open reservoir generally makes it diffi-
cult to create fluid stresses by a pressurized fluid flow, so the fluid channels should be able to be closed off if
a pressurized fluid flow is desired [17].

Handling requirements: Various handling requirements also need to be met to make the chip suitable for
laboratory use. These requirements include the possibility for direct on-chip cell seeding, confocal micro-
scope analyses, ease of use and membrane recovery. Furthermore, the membrane needs to be designed such
that it can be reproducibly manufactured. A closed chip configuration is unfavourable regarding the standard
handling principles applied in both the Erasmus Medical Center, as well as in laboratories and the pharma-
ceutical industry [79]. Therefore, an open chip configuration is preferred to practically seed the cells on the
chip and allow live imaging. The device by Nissar [46] contains a resealable chip configuration that can later
be opened when cell seeding or imaging is done.

The device, including its membrane should also be sterilizable. At the Erasmus Medical Center this is done
with 70% ethanol or 5% H2O2. Also Jin et al. [34], Tas et al. [68] and Shresta et al. [64], for example, used these
sterilization methods. Other sterilization techniques found in literature include: UV sterilization [17][11]
[40][55], ozone sterilization [66][78], ethylene oxide [19] or a combination of ethanol and peracetic acid [53].

Cell culture duration and cells used: The chip is designed for studies ranging from 2 to 4 weeks. At a breath-
ing frequency of 0.2 Hz a study of four weeks contains just less than 5 x105 stretching cycles. Therefore, the
membrane must maintain its intended properties for this duration at least. The type of cells that are desired
to be cultured on the membrane are primary endothelial and epithelial cells. Since these cells are relatively
hard to culture, also cancer cells could be tested initially in order to obtain a proof of concept.

Membrane integration: The membrane should be detachable after the cell culture experiments to allow for
additional testing. The membrane integration should therefore allow for suitable membrane removal. Be-
sides that, the membrane integration should be robust enough to resist and prevent leakage or membrane
detachment during cyclic stretching.

The requirements presented above should ideally all be taken into account when designing an adequate
membrane for an AOC device. Based on the literature and these requirements, a conclusion and a design
plan for designing a membrane will be proposed in the next chapter.
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Conclusion

This literature review covered membrane design for an alveoli-on-a-chip (AOC) device. It provides an in
depth review of the state-of-the-art LOC devices designed to date. Furthermore, it gives a clear overview of
the requirements that an AOC membrane should exhibit. Moreover, an explanation of the characteristics of
the various material groups used for LOC membranes was provided. Commonly used manufacturing meth-
ods were also covered in detail.

It has become clear that there has been much advancement in the field of LOC devices in recent years, and
to date, it is a broadly covered research topic in literature. Nevertheless, there are still many improvements
possible in the current designs. For example, the use of PDMS as an OOC material is undesirable due to its
high ad- and absorption of small molecules, which influences the accuracy of drug evaluation studies.

The alveolar-capillary barrier that is aimed to be recapitulated is an elastic and exceptionally thin porous bar-
rier. To achieve an adequate membrane in-vitro, several requirements need to be met. The first is that a thin
membrane must be incorporated. Besides that, the ALI, the gas and media flow, and the breathing motion
should ideally also be included in the AOC model. Several conclusions were drawn in this literature review
on whether devices contained these characteristics.

First, when not using PDMS as a membrane material, only a limited number of studies were able to include a
thin (<10 µm) membrane. These membranes were generally static and used in short-term cell culture stud-
ies. Second, a significant amount of the LOC devices found in literature do not include a cyclic stretch, along
with media flow and an ALI at the same time. Thereby, these LOCs do not recapitulate the shear stress and
the strain on the cells, as displayed in-vivo.

Third, various promising material alternatives for PDMS are proposed in the literature. Materials groups such
as hydrogels, elastomers, thermoplastics, and silicon-based materials have been used in literature and sub-
sequently these have been studied in more detail in Chapter 3. Most alternative materials were still incorpo-
rated in devices that did not mimic the breathing motion, often due to the rigidity or the limited mechanical
strength of the used material.

Fourth, different phases of the cell culture may necessitate for or benefit from diverse membrane character-
istics. Therefore, research containing dynamic membranes, which change throughout the cell culture, was
studied in more detail in Chapter 4. In the first phase, a membrane should be bioactive, promoting cell ad-
hesion and growth. Moreover, it should be wettable and non-porous or contain small-sized pores so that
cells do not travel through the membrane. For the second phase, the membrane needs to be permeable and
porous to allow transport of nutrients and signalling molecules across it. Furthermore, it has become clear
that the membrane needs to be elastic enough to undergo a cyclic strain while being robust enough to last
the entire cell culture.

The dilemma arises that when pore sizes are small, immune cells cannot pass through the membrane, but
when the pore sizes are larger than 3 µm, endothelial and epithelial cells can pass through the membrane
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which hinders their adherence and monolayer formation. Regarding pore sizes, an ideal membrane should
have a uniform pore size below 3 µm in the first phase, where a confluent monolayer is created. After this
monolayer is created, a larger pore size is desired to more closely mimic the in-vivo transmembrane pro-
cesses such as immune cell migration. However, little information is generally present on the motivation of
the chosen pore size in LOC devices and its effect on the cell culture. Hence, more research on pore size and
porosity throughout the cell culture is desired.

In conclusion, the need for a novel membrane for AOC devices became apparent in this review. The require-
ments for an ideal AOC membrane are set as follows: The membrane should sustain a cyclic in-plane stretch
of at least 20%, an ALI along with a physiological fluid flow, and it should have a thickness of 10 µm or less.
Furthermore, it should have an adequate pore size, be made of a material that has better ad- and absorp-
tion properties than the conventionally used PDMS, and it should be possible to culture cells for up to 2 to 4
weeks. Furthermore, more research on the effect of pore size and porosity needs to be undertaken.

5.1. Overall aim and research question
In this review, the concept of an ideal cell supporting membrane for an AOC was sketched, which is a mem-
brane that recapitulates the alveolar-capillary barrier. The membrane should sustain a cyclic in-plane stretch
of at least 20%, an ALI along with a physiological fluid flow, and it should have a thickness of 10 µm or less.
Furthermore, it should have an adequate pore size, be made of a material that has better ad- and absorption
properties than the conventionally used PDMS, and it should be possible to culture cells up to 2 to 4 weeks.

However, designing and testing a membrane on all these properties, next to testing and improving the prior
AOC design by the PME Department [46], would be a too large knowledge gap and research subject to cover
in the limited time span of this master’s thesis. Therefore, a small part of this overall aim is researched. In
this review, the need to establish adequate pore sizes in the membrane throughout the cell cultures became
apparent. This includes both the initial starting pore size, which is used when culturing the monolayers and
during cell differentiation, and secondly, the pore size which is desired when strain and an ALI are applied.
As explained previously, these two pore sizes do not necessarily need to have the same diameter. Therefore,
dynamically adjusting this pore size throughout the cell culture will be investigated as a possibility.

Thus, the research question of this thesis is: What is the effect of a dynamic membrane pore size on the for-
mation of a confluent alveolar epithelial and endothelial monolayer formation throughout the cell culture
duration, under an ALI, with physiological fluid flow and cyclic stretch? A physiological fluid flow should
exert a shear stress on the endothelial cells of about 1.54 N/m2, which is comparable to the in-vivo situation.
Physiological cyclic stretch is defined as applying an in-plane linear cyclic strain to the cells between 4% and
20% at a frequency of 0.2 Hz. In order to answer this question, several subquestions need to be researched.
The more elaborate design plan is discussed in Chapter 5.2.

First, it must be determined whether the base AOC device by Nissar [46] functions as expected regarding the
fluid flow and membrane stretching and whether primary endothelial and epithelial cells grow as expected
on the PDMS membrane located in the device. There are several subquestions for this phase (Phase A):

1. Can primary endothelial and epithelial cells form a confluent monolayer on PDMS?

2. Is it possible to create a leak-tight media flow in the base AOC device under which primary endothelial
and epithelial cells can grow a confluent monolayer on a conventional membrane such as PET or PC?

3. How well can primary cells create a monolayer under media flow, and how well do cells remain conflu-
ent and adhered to the membrane under physiological strain on a PDMS membrane in the base AOC
device?

These subquestions answer whether the base device works properly and set a control standard for any other
membranes designed.

In Phase B, the effect of pore size will be taken into account. In this phase, the ideal pore size to start an
alveolar cell culture will be determined. This ideal starting pore size will be determined to subsequently use
it as the initial pore size in the membrane that will have a varying pore size throughout the cell culture. Then,
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the effect of a varying pore size on monolayer formation and cell adherence is studied. Subquestions that are
relevant in this phase are:

1. What is the effect of various static pore sizes in the cell supporting membrane on monolayer formation?

2. What is the effect of a dynamical pore size, which increases in diameter during the cell culture, on
endothelial and epithelial monolayer formation and cell adherence?

3. Is a physiological strain, and media flow achievable on this dynamical membrane so that cells remain
confluent and adhered to the membrane?

4. Are cell cultures of 2 to 4 weeks possible with the designed membrane?

These subquestions answer the question of what pores sizes can be incorporated throughout the cell culture
to create a membrane that could support further research into the design of AOCs.

5.2. Design plan
The approach for this thesis project is first to check the base device in Phase A. Afterwards, the effect of vari-
able pore size on monolayer formation and cell adherence is studied in Phase B. A Gantt chart of the thesis
project planning is included in Figure 5.1. This chart is subdivided into Phase A, Phase B, and activities re-
garding the thesis report.

In Phase A, the device will first be checked on its fluidic capabilities by letting a media flow pass a convention-
ally used membrane, such as PET or PC. This is done to check the effect of media flow and the subsequent
shear stress on cell viability since it is already established that endothelial and epithelial cells can form a
confluent monolayer on these materials. Subsequently, the ability to grow a primary cell culture on a PDMS
membrane will be checked first in a static culture. The membrane for this cell culture will be the membrane
designed by Nissar [46], which is a 10 µm thick PDMS membrane with a pore size of 8 µm.

After establishing whether primary cells can grow on PDMS, this membrane will be tested within the base
AOC device to see how well cells grow under both strain, an ALI and a media flow. It will be checked if the
cells remain adhered in a confluent layer to the membrane when a physiological strain (4%-20%) is applied
to the cells during the cell culture. These cells are ideally primary cells, but if primary cells prove too chal-
lenging to culture, lung cancer cell lines can also be seeded. With this, the base device and the control set-up
are tested.

To check the monolayer integrity, transepithelial/transendothelial electrical resistance (TEER) measurements
can be conducted. This is a reliable, non-invasive method that measures the resistance over the cell layer to
signify the tightness of junctions and barriers and thus gives information on the integrity and permeability of
the monolayer [35][37]. Furthermore, visual inspection of the cells on the membrane can be done with con-
focal microscopy. For example, after about a week, the lung cilia cells should show mucus production in the
case of healthy cells, and this method can be used to check if there is no dramatic decrease in cell adherence
throughout the cell culture. At the end of a cell culture, fluorescence microscopy can be applied to visualise
the cell culture better, using, for example, DAPI and Phalloidin staining.

Subsequently, in Phase B, the effects of pore size on monolayer formation and cell adherence will be studied.
Firstly, the effect of several static pore sizes (e.g. no pores, 0.4 µm, 3 µm and 8 µm) on epithelial and endothe-
lial monolayer creation will be researched. This study is done to determine the most optimal starting pore
size. An optimal starting pore size indicates that both endothelial and epithelial cells can form a confluent
monolayer and that they are also able to differentiate on the membrane.

A dynamical pore size can be studied if this starting pore size has been determined. A membrane will be
designed initially having the optimal starting pore size. This pore size will be increased throughout the cul-
ture duration to about 8 µm [16]. The effect of this dynamical pore size, combined with cyclic stretch and a
fluid flow, on the monolayer formation, integrity, and cell adherence to the membrane will be assessed. This
assessment is done with TEER measurements and visual inspection, as explained above. The membrane will
be placed in the same device as used in Phase A.
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Appendix A

The figure containing the overview table can be found on the following page.
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