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SUMMARY

The high death toll of cardiovascular diseases worldwide and the lack of effective treat-
ments for them are the main motivation for developing alternative and more efficient
models for cardiac drug development and disease research. The missing link between
current laboratory research on static in vitro and animal models and the clinical stage
research on human patients could be created using the rapidly emerging Organ-on-Chip
(OoC) technology. The microphysiological models developed within OoC research com-
bine devices made of biocompatible, soft materials and human-origin organ-specific
cell types, which are then exposed to flow, chemical, electrical or biomechanical stimuli.

Modeling a human cardiac in vivo environment in an artificial model represents
quite a challenge from several aspects. First, cardiac tissue in vivo is exposed to a strong
coupling between different biomechanical and electrical stimuli that need to be faith-
fully captured by an in vitro model. Furthermore, such an in vitro model should reca-
pitulate the complexity of cell-cell and cell-extracellular matrix (ECM) interactions be-
tween different cardiac cell types, while obtaining physiologically relevant responses.
This thesis addresses the first challenge, in an attempt to engineer a dynamic, artificial
microenvironment, suitable for the growth, monitoring, and stimulation of hiPSC-based
engineered cardiac tissues (EHTs).

First, the development and optimization of the mechanical support for EHT culture
are described. An existing platform for EHT culture was taken as the starting point. The
platform consists of a pair of micropillars with rectangular cross-sections within an el-
liptic microwell. Upon seeding the cell/ECM mixture within the elliptic microwell, cells
self-assemble into tissue-like bundles around the micropillars and start spontaneously
contracting. The initial platform was anisometrically downscaled to 1, 2, and 3 µL vol-
ume of the elliptic microwell, to reduce the number of cells per tissue while providing the
same passive load for the tissues in all platforms. The platform was fabricated by PDMS
moulding into the cavities in the Si wafer. The initial study showed that tissues formed
successfully and remained functional, regardless of the platform size, without significant
differences among them. Platform downscaling enabled the reduction of the number of
cells used per tissue, as well as the compatibility of the micropillar size with the standard
wafer thickness (500 µm). However, a direct comparison of the tissue performance in
different platforms was not possible due to the arising issue of tissue position variation
along micropillar length and jumping off the micropillars with the increase in the force
of contraction.

The issue of jumping tissues was solved by upgrading the geometry of micropil-
lars. Micropillars with hourglass profiles were designed and fabricated to enable spa-
tial confinement of the tissues within the indented area by providing mechanical resis-
tance to tissue movement. Two versions of tapered micropillars were successfully fabri-
cated by PDMS moulding into a Si wafer. The mould was created using a combination of
anisotropic deep reactive ion etching (Bosch process) and isotropic etching of Si. The tis-
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x SUMMARY

sue confinement efficiency of the upgraded micropillars was confirmed in experiments
with EHTs by comparing the performance of two tapered micropillar geometries with
that of straight micropillars. The tapered design improved the experiment yield by solv-
ing the problem of tissue position variation and therefore represents a more convenient
geometry for further use within the EHT platform.

One of the high-priority readouts to obtain from EHT platforms is tissue contrac-
tile force and kinetics. To measure both, two methods were implemented: optical and
electrical. Optical measurement of tissue contractile performance was achieved via the
newly developed stand-alone, Python-based software ForceTracker, which detects and
tracks the displacement of micropillar tips throughout the recorded videos of contract-
ing tissues. The software was developed as a versatile tool, able to analyze multiple data
formats and aiming at standardizing the analysis across differing EHT platforms. Its per-
formance was validated on two different EHT platforms with micropillars of rectangular
and circular cross-sections, respectively. An electrical force assessment was proposed
and attempted with an integrated co-planar capacitive sensor of micropillar displace-
ment. The pair of spiral capacitors was integrated underneath each rectangular mi-
cropillar, within the 3 µL platform, to detect the tension and compression in the sub-
strate upon micropillar bending. The capacitive sensors were incorporated into the EHT
platform using a combination of standard micromachining and polymer processing. A
highly sensitive readout system, based on a commercially available electronic compo-
nent, was developed to measure capacitance change in the aF range. The characteri-
zation of static and dynamic sensor behavior was successfully performed and demon-
strated agreement with the predicted values. Due to the problems with the assembly
process, extensive analysis and experiments with tissue culture are yet to be performed.

To complement electrical sensing, in situ electrical stimulation of the tissues was im-
plemented by integrating a pair of TiN microelectrodes at the bottom of the elliptic mi-
crowell, in proximity to the tissue. The platform with integrated pacing electrodes was
fabricated using the same technology as in the case of capacitive sensors. The electrical
properties of the platform were assessed upon completing the wire-bonding and assem-
bly process. In parallel, electronic circuitry for the generation of biphasic rectangular
pulses for tissue stimulation was developed and implemented. Test with cardiac cell in-
clusion demonstrated the biocompatibility of the platform. The tissue pacing efficiency
is yet to be proven due to problems with leakage and system assembly.

Finally, following up on the single-chip development, a multi-well plate system was
developed to multiplex the pacing of the tissues to up to 32 individual EHT platforms
with integrated electrodes. The well plate is composed of a custom-made printed circuit
board (PCB) at a bottom of a standard 96-well plate frame. This PCB contains single-
chip footprints, contact pads, and interconnects to the external pacing circuitry and it is
protected with an acrylic plate with cell culturing wells. Control of the pacing signal and
individual well selection was realized via a custom-made software application.

The achievements presented in this thesis are meant to contribute to the develop-
ment of a miniature sensorized platform for culturing, monitoring, and stimulating EHTs.
The functional modules developed in this thesis can be combined in a single platform
and represent the basis for the future development of a multiplexed system with closed-
loop control of the tissue culturing environment.



SAMENVATTING

Het hoge sterftecijfer door hart- en vaatziekten wereldwijd en het gebrek aan effectieve
behandelingen zijn de belangrijkste beweegredenen voor de ontwikkeling van alterna-
tieve en efficiëntere modellen voor onderzoek naar en medicijn ontwikkeling voor hart-
en vaatziekten. De ontbrekende schakel tussen huidig laboratoriumonderzoek op sta-
tische in vitro en diermodellen en het klinische onderzoek op menselijke patiënten kan
worden gecreëerd met behulp van de snel opkomende Organ-on-Chip (OoC) technolo-
gie. De microfysiologische modellen, die binnen OoC-onderzoek worden ontwikkeld,
combineren chips gemaakt van biocompatibele, zachte materialen en menselijke or-
gaanspecifieke celtypen, die in deze chips vervolgens worden blootgesteld aan stroming,
chemische, elektrische of biomechanische stimuli. Het modelleren van een menselijke
in vivo cardiaal weefsel in kunstmatig modelen is gezien meerdere aspecten een behoor-
lijke uitdaging. Ten eerste wordt cardiaal weefsel in vivo blootgesteld aan een com-
binatie van verschillende biomechanische en elektrische stimuli die nauwkeurig moe-
ten worden gerecreëerd door het in vitro model. Bovendien moet zo’n in vitro model
de complexiteit van cel-cel en cel-extracellulaire matrix (ECM) interacties tussen ver-
schillende cardiale celtypen nabootsen, terwijl fysiologisch relevante informatie wordt
verkregen. Deze scriptie richt zich op het ontwerpen van een dynamische, kunstma-
tige micro-omgeving, die geschikt is voor de groei, monitoring en stimulatie van hiPSC-
gebaseerde gekweekte cardiale weefsels (Engineered Heart Tissues, EHT’s).

Allereerst wordt de ontwikkeling en optimalisatie van de mechanische ondersteu-
ning voor EHT-cultuur beschreven. Een bestaand platform voor EHT-cultuur werd als
startpunt genomen. Dit platform bestaat uit een paar micropilaren met een rechthoe-
kige doorsnede binnen een elliptische microwell. Na het zaaien van de cel/ECM-mix in
de microwell, groeien de cellen uit tot een weefselachtige bundel rond de micropilaren
en beginnen spontaan samen te trekken. Het oorspronkelijke platform werd anisome-
trisch verkleind tot een well volume van 1, 2 en 3 µL om het aantal cellen per weefsel te
verminderen terwijl dezelfde passieve belasting aan de weefsels in alle platforms wordt
geboden. Het platform werd gefabriceerd door PDMS-molding in de holtes van de Si-
wafer. De initiële studie toonde aan dat weefsels succesvol werden gevormd, functio-
neel waren en onderling geen significante verschillen vertoonden ongeacht de grootte
van het platform. De verkleining van het platform maakte het mogelijk om het aan-
tal cellen per weefsel te verminderen en zorgde hierbij voor goede compatibiliteit van
de micropilaargrootte met de standaard wafer dikte (500 µm). Een directe vergelijking
van de weefselprestaties in verschillende platforms was echter niet mogelijk vanwege
het probleem van variatie in weefselpositie langs de hoogte van de micropilaar en het
afspringen van de weefsels van de micropilaren bij toename van de contractiekracht.

Het probleem van de afspringende weefsels werd opgelost door de geometrie van
micropilaren te verbeteren. Micropilaren met zandloperprofielen werden ontworpen
en gefabriceerd om ruimtelijke constrictie van de weefsels in het taps toelopende gebied
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mogelijk te maken door mechanische weerstand te bieden tegen weefselbeweging. Twee
versies van taps toelopende micropilaren werden met succes gefabriceerd door PDMS-
molding in een Si-wafer. De mal werd gemaakt met behulp van een combinatie van
anisotrope diep reactieve ion etching (Bosch-proces) en isotrope etsen van Si. De effici-
ëntie van de weefsel constrictie op de geoptimaliseerde micropilaren werd onderzocht
door de prestaties van twee taps toelopende micropilaargeometrieën te vergelijken met
die van rechte micropilaren. Het taps toelopende ontwerp verminderde de variatie in
weefselpositie en verbeterende hierdoor de experimentele opbrengst. Deze geometrie is
dus meer geschikt voor het gebruik in het EHT-platform.

Een van de belangrijkste data punten, die te verkrijgen is uit EHT-platforms, is de
contractiele kracht en kinetica van de weefsels. Om beide te kunnen meten, werden twee
methoden geïmplementeerd: een optisch en elektrisch meting. De optische meting van
de contractiele prestaties van weefsels werd bereikt door de ontwikkeling van ForceTrac-
ker, een nieuw ontwikkeld en stand-alone Python programma. Dit programma detec-
teert de verplaatsing van micropilaartips en volgt deze in de opgenomen video’s van sa-
mentrekkende weefsels. De software is ontwikkeld als een veelzijdige tool en is in staat
om meerdere gegevensformaten te analyseren om zo de analyse van verschillende EHT-
platforms mogelijk te maken en te standaardiseren. De prestaties ervan werden gevali-
deerd op twee verschillende EHT-platforms met micropilaren van respectievelijk recht-
hoekige en cirkelvormige doorsneden. Een elektrische meting van de contractiele kracht
is ontwerpen en uitgevoerd met een geïntegreerde coplanar capacitieve sensor van mi-
cropilaarverplaatsing. Een paar spiraalvormige condensatoren werd geïntegreerd onder
elke rechthoekige micropilaar (3 µL platform) om de spanning en compressie in het sub-
straat bij micropilaarbuiging te detecteren. De capacitieve sensoren werden in het EHT-
platform geïntegreerd met behulp van een combinatie van standaard micromachining
en polymeerverwerking. Er werd een zeer gevoelig uitleessysteem ontwikkeld, gebaseerd
op commercieel verkrijgbaar elektronisch componenten, om capacitieve verandering in
het aF-bereik te meten. De karakterisering van statisch en dynamisch sensorgedrag werd
succesvol uitgevoerd en toonde overeenstemming met de voorspelde waarden aan. Van-
wege problemen met het assemblageproces moeten uitgebreide analyses en experimen-
ten met weefselkweek nog worden uitgevoerd.

Om elektrische metingen te complementeren is er in situ elektrische stimulatie ge-
ïmplementeerd. Dit is gedaan door een paar TiN microelektroden op de bodem van
de elliptische microwell aan te brengen, dichtbij het weefsel. Het platform met geïnte-
greerde pacing elektroden is gefabriceerd door middel van dezelfde technologie als de
capacitieve sensoren. De elektrische eigenschappen van het platform zijn bepaald na
het voltooien van het wire-bonding en assemblageproces. Tegelijkertijd zijn elektroni-
sche schakelingen om biphasic rectangular pulses voor weefsel stimulatie te genereren
ontwikkeld en geïmplementeerd. Testen met hartspiercellen hebben biocompatibiliteit
van het platform aangetoond. De efficiëntie van de weefsel-pacing moet echter nog aan-
getoond worden door problemen met lekkages en systeemassemblage.

Om elektrische metingen te complementeren is er in situ elektrische stimulatie ge-
ïmplementeerd. Dit is gedaan door een paar TiN microelektroden op de bodem van
de elliptische microwell aan te brengen, dichtbij het weefsel. Het platform met geïnte-
greerde pacing elektroden is gefabriceerd door middel van dezelfde technologie als de
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capacitieve sensoren. De elektrische eigenschappen van het platform zijn bepaald na
het voltooien van het wire-bonding en assemblageproces. Tegelijkertijd zijn elektroni-
sche schakelingen om biphasic rectangular pulses voor weefsel stimulatie te genereren
ontwikkeld en geïmplementeerd. Testen met hartspiercellen hebben biocompatibiliteit
van het platform aangetoond. De efficiëntie van de weefsel-pacing moet echter nog aan-
getoond worden door problemen met lekkages en systeemassemblage.

Ten slotte werd na de ontwikkeling van de single-chip een multi-well plate ontwik-
keld om de pacing van de weefsels te multiplexen tot maximaal 32 individuele EHT-
platforms met geïntegreerde elektroden. De well plaat bestaat uit een op maat gemaakt
printplaat (PCB) aan de onderkant van een standaard 96-well plate. Deze PCB bevat
single-chip footprints, contactpads en interconnects naar de externe pacing-circuit en
wordt beschermd door een acrylaat plaat met cell culture wells. De controle van het
pacing-signaal en de individuel wellselectie werd gerealiseerd via een op maat gemaakte
software toepassing.

De prestaties die in deze scriptie worden gepresenteerd, zijn bedoeld om bij te dra-
gen aan de ontwikkeling van een geminiaturiseerd platform met sensoren voor het kwe-
ken, monitoren en stimuleren van EHT’s. De functionele modules die in deze scriptie
zijn ontwikkeld, kunnen worden gecombineerd in een enkel platform en vormen de ba-
sis voor de toekomstige ontwikkeling van een gemultiplexeerd regelsysteem van de weef-
selkweekomgeving.
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1.1. BACKGROUND AND MOTIVATION

T HE fast-advancing, modern society in which we are living presently is a great testi-
mony of human intelligence, evolution, and endurance. Even though its progress

rate is increasing with each coming decade, the seemingly comfortable lifestyle we are
enjoying today comes at times with a high price for our health. In the entire world, stress-
ful daily routines, bad life habits, long working hours, and poor diets with the lack of
nutrients are taking a toll on our organisms. All these factors, combined with genetic
predispositions are still keeping cardiovascular diseases (CVDs) as the leading cause of
death worldwide [1, 2]. The discomforting statistics show that, despite the rapid progress
in medicine, biology and technology, the number of people affected by CVDs will only
continue to rise in the future.

CVDs manifest through the disruption in cardiac muscle function, which is directly
affecting the vascular web entangled to it. It is well known that the heart is one of the
most important organs, and certainly the most important muscle of the human body. It
is the main “power supply” for the entire organism, as its restless contractions provide
oxygenated blood, replenished with nutrients, to the most remote parts of the human
body. This continuous flow of blood throughout the complex vascular web, including
oxygen and nutrient delivery, is a crucial mechanism for keeping a human organism
alive. Even a minor malfunction of this well-coordinated pumping machinery can have
fatal consequences. Therefore, any disease related to the cardiovascular system has a
major influence on the well-being and life expectancy of an individual. With such a sub-
stantial impact, CVDs impose a heavy burden on healthcare systems worldwide. It is
therefore of a high social priority to better understand the underlying mechanisms be-
hind the pathogenesis of CVDs, as well as to find efficient treatments for them.

Currently, the main bottleneck in the disease modeling and the drug-development
process is the use of non-adequate testing models during the pre-clinical research phase
which fail to faithfully recapitulate human (patho)physiology [3]. That is the reason why
most drug trials end up being discarded in the clinical stages when reaching human pa-
tients. The complexity of human cardiac physiology is often underestimated and over-
simplified with the use of static in vitro models, such as cell monolayers, or animal in
vivo models [4]. Even though they are still inevitably used during pre-clinical trials, both
static cell monolayers and animal models fail to mimic precisely the complex in vivo
environment of human myocardium. Consequently, there is a large translational gap
between the results obtained from the studies using such in vitro and animal models,
and the responses obtained from human patients. To bridge this gap, it is required to
develop more advanced and complex in vitro models that can accurately capture hu-
man cardiac (patho)physiology.

1.1.1. THE COMPLEXITY OF HUMAN CARDIAC MUSCLE
To understand to which extent is needed to increase the complexity of static cell cultures
and how exactly those physiologically relevant in vitro models should perform, we first
need to delve deeper into the structure and function of human cardiac tissue.

The heart is a highly complex pluricellular organ composed of cardiomyocytes (CMs)
and non-myocyte cells (e.g., fibroblasts, endothelial cells, smooth muscle cells, and im-
mune cells) [5]. Myocytes (Fig.1.1B) participate in electrical conduction and contractile
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force generation, while the other cell types contribute to building the surrounding ex-
tracellular matrix (ECM) together with supporting vasculature, and injury responses [6].
Functional heart muscle tissue is characterized by cells highly organized and structured
into muscle bundles with tightly packed myofibrils (Fig.1.1C). Such an organized envi-
ronment supports the strong electro-mechanical coupling of its main building blocks –
CMs.

A single contraction cycle starts with the cell membrane depolarization due to the
action potential, which stimulates the inflow of Ca2+ into the cardiomyocyte and acti-
vates muscle contraction. Followed by a calcium-induced calcium release within the
cell, troponin C binds to calcium, moves from the actin-binding sites, and frees actin to
be bound by myosin (Fig.1.1D) [7]. This interaction is responsible for sarcomere short-
ening, as the myosin head pulls actin filaments, resulting in muscle contraction.

Figure 1.1: The structure of a human heart: a) Close-up view of one of the main building cells of cardiac
tissue: cardiomyocytes; b) A cross-section of a cardiomyocyte muscle fiber; c) A single myofibril structure
within a muscle fiber; d) Enlarged sarcomere structure consisting of thick and thin filaments responsible for
the contraction force generation.

Such a fine-tuned interplay between electrical input and mechanical output of the
cardiac muscle is complemented by the whole spectrum of biomechanical and chem-
ical signaling accompanying the cardiac function. This is just a small glimpse into the
complexity of cardiac pumping machinery, on a tissue level, which needs to be recapit-
ulated in an equally complex and dynamic artificial microenvironment. In addition to
the basic electro-mechanical coupling during contraction cycles, there are several other
intrinsic mechanisms involved in the regulation of cardiac responses. The most relevant
to mention is the Frank-Starling mechanism, which captures the ability of the heart to
respond to increasing load requirements by generating higher contraction force, and the
force-frequency relationship, which regulates the increase in Ca2+ transients and force
of contraction with increasing pacing frequency [8].

To summarize, a robust and physiologically predictive in vitro model of adult human
cardiac tissue should be able to capture the complex 3D multicellular architecture and
cell-cell interactions, achieve functional and synchronized electro-mechanical coupling
of CMs, and obtain the physiological responses comparable to the native myocardium.
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1.1.2. A SOLUTION WITHIN THE ORGAN-ON-CHIP TECHNOLOGY

Recapitulation of such a finely tuned in vivo environment within an artificially fabri-
cated platform poses a difficult challenge on many fronts. On one hand, it requires in-
novation and creativity from the engineering perspective. For example, it should involve
the development of soft, 3D constructs made of biocompatible materials with mechan-
ical properties equivalent to the human heart. Additionally, it should include built-in
readouts and biomechanical stimuli with a high degree of control and automation. The
second aspect is the biological counterpart, which might pose an even greater challenge.
It requires finding the ideal composition ratio and interaction of various cell types within
2D or 3D cultures that could achieve connections and physiological responses compa-
rable to those measured in adult humans. In conclusion, the realization of such a com-
plex system, both biologically and technologically, requires symbiotic efforts of scientists
from the fields of biology, chemistry, electrophysiology, physics, and engineering.

An example of a promising in vitro model that aims to mimic the complexity of in
vivo cardiac tissue is currently being developed within the Organ-on-Chip (OoC) field
[9–13]. Both engineers and biologists, among other scientists, are joining forces in the
rapidly expanding OoC field to mimic the small functional units of different human or-
gans within artificial dynamic microphysiological systems. Great progress has already
been made and many of the developed systems have managed to recapitulate the func-
tion and physiological responses of different organs up to a certain extent. For exam-
ple, lung-on-chip devices recreated cyclic deformation of the alveolar-capillary inter-
face during the breathing cycle [14]. Both sheer stress and peristaltic motion effect on
gut epithelium have been implemented and studied in gut-on-chip models [15]. For
neural activity recordings and analysis, 2D and 3D microelectrode arrays (MEAs) be-
came the golden standard, and their designs are rapidly improving [16, 17]. Furthermore,
many systems were developed for analyzing the integrity of the blood-brain barrier us-
ing trans-epithelial resistance measurements [18], which is crucial for the drug-delivery
process in neurological disorders. Some of the mentioned examples are illustrated in
Fig.1.2.

Figure 1.2: A) An example of a Gut-on-Chip model mimicking peristaltic motion within the two-channel sys-
tem and vacuum chambers for channel actuation [15]. B) An example of a 3D MEA system for recording neural
activity in 3D Brain-on-Chip models [16].
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1.1.3. ENGINEERED HEART TISSUE AS A PROMISING in vitro MODEL
When it comes to cardiac 3D in vitro modeling, one that showed great potential to mimic
phenotype and (patho)physiology of adult human myocardium is engineered heart tis-
sue (EHT) [19–21]. The EHTs are engineered 3D constructs of cardiomyocytes com-
bined with other supportive cardiac cell types (fibroblast, endothelial, and smooth mus-
cle cells) within an ECM. The tissues of such origin typically self-assemble into muscle
bundles around two or multiple anchoring points. The anchoring points are commonly
made of soft, elastic polymers and provide mechanical support in the form of passive
stretch (preload) during the tissue formation, and the mechanical load during the tissue
contraction cycles.

Figure 1.3: The roadmap towards building
the physiologically relevant 3D in vitro car-
diac model.

EHT APPROACH

Within the EHT approach, the first step towards
obtaining a complex microenvironment of human
cardiac tissue was made with the transition from
2D cell cultures to 3D tissue-like constructs. In this
way, intracellular crosstalk between CMs, as well
as the crosstalk of CMs and non-myocyte cells with-
in the ECM became possible. Communication of
different cell types was achieved in all three dimen-
sions. Moreover, being organized within the tissue-
like structure reduced cell proliferation and allowed
long-term cultures. Both are essential for disease
modeling and long-term drug effect studies.

Another advantage arising from the tissue sus-
pension between two or more anchoring points in
3D models is the passive force acting upon cells
during the tissue-formation process. The passive
force proved to be very efficient in aligning CMs
and sarcomeres in parallel with the force direction.
This alignment is crucial for the optimal function
of the cardiac muscle and efficient electro-mecha-
nical coupling of CMs due to the high degree of or-
ganization. In this way, there is no further need for
introducing additional patterns or 3D features on
the cell culturing substrates for the alignment of
CMs in 2D layers.

Lastly, one important advantage of the EHT ap-
proach is the versatility and accuracy of contrac-
tile properties measurement that can be obtained
from the tissue suspended between two or more
anchors. It gives ample opportunities to incorpo-
rate precise force readouts and to assess the con-
tractile kinetics of the tissues.

The second very important step in the devel-
opment of EHTs as physiologically relevant in vitro
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cardiac models was the inclusion of human induced pluripotent stem cell (hiPSC)
technology into building these models [22, 23]. The hiPSC technology enabled the
use of human-origin cells of different organs obtained from specific patients, for build-
ing complex multicellular cultures. Different cell types, present in cardiac tissue, can be
derived from hiPSCs and mixed together to form tissue-like constructs. These tissues are
then cultured in biocompatible microenvironments with the goal of creating 3D in vitro
models with physiological responses close to adult human patients (Fig.1.3). The use of
hiPSC-derived cell types steered the OoC field toward the final application in personal-
ized medicine. By using cells obtained with this technology, we are not only able to build
more physiologically relevant in vitro models but also to obtain patient-specific disease
models and disease treatments.

1.1.4. CURRENT CHALLENGES
Even though mentioned advantages give a lot of hope that EHT is a path to take towards
creating a physiologically relevant in vitro cardiac model, there are still some major chal-
lenges to overcome on the way, before EHTs reach their full potential of being used in
personalized medicine and for drug discovery purposes [24–26].

BIOLOGY

One of the main drawbacks of the current models is that hiPSC-derived CMs (hiPSC-
CMs) are structurally and functionally immature, expressing fetal-like behavior rather
than adult CMs. Compared to adult human CMs, which are elongated and rod-shaped,
hiPSC-CMs are smaller in size, with more spherical morphology. The cell surface area is
also smaller than in the adult stage, which has a significant effect on the cell’s functional-
ity (e.g., impulse propagation, action potential depolarization velocity, total contractile
force, and membrane capacitance). Sarcomeres in hiPSC-CMs are 25–30 % shorter than
in adult CMs, with a lower degree of organization and sparse spatial distribution. Sim-
ilarly, the mitochondria of hiPSC-CMs are smaller in size, which affects their efficiency
in energy conversion. In terms of gene expression as well, hiPSCs are more similar to fe-
tal than to adult CMs. This, together with the non-uniform Ca2+ handling, results in low
contractile function compared to the adult stage. For all the mentioned reasons, the drug
responses of EHTs made of hiPSC-CMs might differ from the physiological responses in
adult humans.

In addition to the lack of maturation of hiPSC-CMs, there are also several other issues
to address [27, 28]. For example, it is still particularly challenging to obtain very dense
tissue, with muscle sheets one next to the other. Furthermore, it has been proven that the
stiffness of the ECM significantly affects tissue formation. Very soft matrices will result
in less compact and not dense tissues, while rigid environment will restrict cell move-
ment and prevent tissue formation. Therefore, the optimal stiffness of the ECM must be
found. Another aspect to consider is the optimal preload that the cardiac tissue should
experience during formation and culture, which is defined by the shape and elasticity
of anchoring points. This preload should be tuneable to different values for healthy and
disease models. Finally, the heart consists of fibroblasts, endothelial cells, and CMs, rais-
ing the question of the ratio of these three cell types that should be present in the tissue
construct. The optimal combination of all three cell types has yet to be determined.
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THE MISSING LINK BETWEEN TECHNOLOGY AND BIOLOGY

To lead the research forward, all of the mentioned aspects should ideally be addressed.
As the lack of maturation is one of the main drawbacks of EHT models, it is needed to de-
velop a robust tool to induce and promote cell maturation. There are already examples
demonstrating that maturation can be improved by including electrical and mechan-
ical stimulation into the models [29] and by tuning the stiffness and topology of the
substrates to improve cell organization. Furthermore, long-term culture [30] and inclu-
sion of different cell types showed also a positive effect on the CMs maturation [31–33].
All these factors should be incorporated into the EHT models to allow the identification
of the optimal parameters of the dynamic microenvironment of in vitro cardiac tissues
(Fig.1.4).

Figure 1.4: Factors involved in promoting the maturation of iPSC-CMs.

Until now, many of the developed EHT models and platforms addressed one or mul-
tiple of the mentioned challenges [34–40]. However, most of them are still in the initial
phase of development, providing mainly mechanical support for the tissue formation
and cell organization. The level of platform complexity is still low, as there are not many
sensory readouts or stimulation systems integrated within. Most of the mechanical and
electrical stimulations are performed with external systems. Therefore, the automated
regulation of experimental conditions and the precise control over the EHT in vitro en-
vironment is still very limited.
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1.2. MAIN QUESTION AND THESIS OBJECTIVES
To achieve a step closer toward a physiologically relevant in vitro cardiac model, this
thesis aims to answer the following main question:

How can we create an on-chip dynamic microenvironment, with integrated sensing
and stimulation, to guide the maturation and development of EHTs?

In order to tackle the main objective of the thesis we need to start by answering
smaller questions. First, we need to understand what are the main physiological fea-
tures that would be significant to model and study with our system. Next, we need to
build our model starting from a simple 3D environment that allows tissue formation and
understanding how the material and topography themselves influence the 3D tissue or-
ganization and function. Once a suitable substrate is developed, further upgrades can
follow. The complexity of the entire system should slowly increase with the integration
of electrical stimuli and force readouts, as those are the crucial parameters carrying in-
formation about tissue well-being and the maturation stage. At each step along the way,
it is important to carefully study and understand how each of the introduced changes in
the tissue microenvironment affects its physiological responses. Lastly, the developed
platform should provide precise mechanical and electrical stimuli to the tissue culture
with high automation and control levels. In the end, we should be able to obtain more
insights into the parameters and properties of the microenvironment that are most suit-
able for the development of an in vitro cardiac model and how to further improve the
development of such an environment.

THE APPROACH OF THIS RESEARCH

To address the research questions and develop the EHT platform, from an engineering
perspective, we had to delve into mathematical models that can describe the effect of
the platform design on the tissue. By using analytical and numerical modeling we could
study the mechanical properties of the 3D topography and the potential effect of the
latter on the tissue contractile properties. Furthermore, we could estimate the optimal
design for the electrodes delivering electrical pacing by studying the electric field distri-
bution throughout the tissue. From the modeling and platform design, we proceeded to
fabrication. By using a combination of standard microfabrication techniques and poly-
mer processing we could create a large number of platforms on a wafer level. With stan-
dard dry etching techniques, it was possible to obtain 3D structures with various profiles
and sophisticated details etched into the silicon. Additionally, using lithography and dif-
ferent material deposition techniques, we could pattern metal, oxide, or polymer layers
on top of silicon wafers with high accuracy. Combining this well-established technol-
ogy in the Else Kooi laboratory of TU Delft with novel techniques of polymer processing
made it possible to manufacture soft, transparent, biocompatible platforms, suitable for
cell culture with integrated sensors and electrodes. Once the platforms were made and
characterized, the biological counterpart came into play. All the cell culture experiments
and analyses were performed in close collaboration with researchers from Leiden Uni-
versity Medical Centre (LUMC). The experiments with cell culturing assessed the tissue
formation and functionality in different stages of the platform development.
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1.3. OUTLINE OF THE THESIS
This dissertation is structured into eight chapters, including Introduction (Chapter 1),
Conclusions and Future perspectives, describing the initial development and functional
evolution (in time) of the platform for culturing and inducing maturation of EHTs.

Chapter 2 is the first building block on the road towards a dynamic mi-
croenvironment for hosting EHT formation and culture. It starts from the
concept of mechano-transduction and explores suitable three-dimensional
structures for supporting the formation and growth of the tissues. The initial

platform consists of two rectangular micropillars within an elliptic microwell. We start
with three different sizes of the platform to study the effect of mechanical load on tissue
formation and function. After rounds of characterization, both mechanical and biolog-
ical, the optimal design choice is made. However, as we delve further into the accuracy
of the readouts that we want to obtain from the platform, as well as the reproducibility
of the experiments, the need for a design upgrade emerges.

In Chapter 3 we address the drawbacks of the platform developed within
Chapter 2 by implementing a novel design of micropillars. Tapered pillars
with the hourglass profile are fabricated and characterized. Such design, with
the sides inclined towards the middle of pillars, provides mechanical resis-

tance to the tissue movement outside of the constraining areas. In this way, we achieve
spatial confinement of the tissues in predefined positions along the pillars’ height, which
results in increased reproducibility, experiment yield and force measurement accuracy.

Once the 3D mechanical support for the tissue formation and growth is es-
tablished, with precise positioning and confinement, in the next chapters we
can focus on the functional readouts we want to obtain from the platform.
One of the most important parameters to measure in EHT models is the force

of contraction. It is a hallmark of its maturation and an indicator of a number of diseases.
In Chapter 4 we describe the automated tool we developed for the optical assessment of
contractile properties of the tissue. The python-coded standalone app ForceTracker was
developed to track the displacement of the pillar tips throughout the recorded videos of
tissue contractions. This displacement is further correlated to the force applied upon
pillars by the tissue. We validate the functionality of the software on two different EHT
platforms and compare it to the alternative contractile assays.

Optical measurement is a commonly used method for force assessment in
most of the EHT platforms, but certainly not the optimal technique. Chapter
5 explores the possibility of using electrical readout from integrated capaci-
tive sensors measuring the deformation of the substrate below the displaced

pillars. This deformation is attributed to the bending of pillars upon the contraction of
adhering tissue. To capture it, a spiral capacitive displacement sensor is integrated into
the PDMS layer below the pillars. The differential capacitive measurement is read-out
with a portable UTI system developed at TU Delft.

To achieve a dynamic microenvironment for tissue culture and to contribute
to the maturation process, we need a range of different mechanical and elec-
trical stimuli, as explained earlier. One of the most important inputs for steer-
ing the maturation of iPSC-CMs is electrical pacing. Chapter 6 describes the

integration of a pair of TiN electrodes within the previously developed EHT platform.
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The electrodes are positioned near the micropillars, to apply electric field perpendicular
to the suspended tissue. Additionally, a custom-made electronic board is developed to
provide a variety of biphasic rectangular pulses for stimulating the tissues.

Performing a high-throughput analysis in an up-scaled and standardized
manner is the final goal of the developed platform. Chapter 7 describes the
incorporation of the platform with integrated electrodes into a 96-well plate
format, which allows multiplexing of the pacing experiments with automated

selection of individual chips. This chapter also discusses the multifunctionality of the
platform and its flexibility to incorporate force or additional readouts in the same multi-
plexed manner.

Finally, in Chapter 8 (Conclusions and Future perspectives) all the results obtained
within the thesis are summarized and analyzed in detail. Additionally, encountered lim-
itations of the model are discussed while giving recommendations and suggestions for
the continuation of the model development.







CHAPTER 2

THE BASELINE:
 EHT PLATFORM WITH STRAIGHT PILLARS

|part of this chapter have been published in Journal of Microelectromechanical Systems 29,5(2020)|40
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2.1. THE IMPORTANCE OF MECHANO-TRANSDUCTION

T HE first step towards the development of a dynamic microenvironment for the growth
and maturation of EHTs is the substrate definition, by means of its mechanical prop-

erties and topography. Most human cells are known to be mechanosensitive, in the sense
that the mechanical cues from their native environment are converted into biological
responses. [42, 43] Hence, mechano-transduction has an important role in steering the
formation and development of EHT models in a dynamic artificial environment.

In the case of cardiac cells organized into a tissue-like construct within the EHT ap-
proach, as has been already discussed in the introductory part, the optimal stiffness of
the extracellular matrix supporting the tissue formation has yet to be determined. More-
over, the effective mechanical resistance to the tissue contraction is defined by the stiff-
ness of the anchoring points around which tissues self-organize. This is yet another rele-
vant parameter requiring optimization. Additionally, the shape and dimensions of these
anchors determine the efficiency of cell compaction and alignment within the tissue,
as well as the passive load applied to the cells during the self-assembly process. [25]
For this reason, the design of the substrate of suitable mechanical properties and corre-
sponding topography is the starting point in the design of a platform for culturing EHTs.
This chapter will, however, focus only on passive mechano-transduction and the effect
of substrate stiffness and topology on cell behavior. The active mechanical stimulation
of tissues, involving actuation of the substrate, is left for future work.

Figure 2.1: Examples of different Heart-on-Chip platforms: A) multi-anchor platform [44]; B) tear-drop shaped
pillar platform [45]; C) rectangular pillar platform [34]; D) biowire platform [40]; E) upside-down tissue culture
platform [46].

Many research groups explored different approaches trying to answer this question
and came up with multiple designs of the anchoring points for tissue formation.[34, 40,
44–46] The designed platforms differ in the number of anchors, geometry, and size, as
well as the position of tissue attachment along their length. [19, 35–37, 47] The most
representative examples are shown in Fig.2.1. Still, the question of finding the optimal
microenvironment for tissue self-assembly remains open. For example, the force devel-
oped by human ventricular CMs is approximately 50 mN/mm2. [48] Similar values were
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confirmed from ex vivo experiments, where the force per cross-section area (i.e. contrac-
tile stress) of the tissue remains in the same range independent of the tissue thickness.
However, in existing human induced pluripotent stem cell (hiPSC)-based tissue models
reported up to date, measured contractile stress is much lower ( 4mN/mm2) [49]. One
of the reasons is certainly the lack of maturation of hiPSCs-CMs, but also the need for
optimization of the biomechanical cues of the tissues microenvironment.

2.1.1. HEARTDYNO AS A STARTING POINT

The platform design starts from a previously developed system that reported some of
the highest contraction force values measured in EHTs up to date (300 µN). The system
called HeartDyno was developed by the research group from QIMR Berghofer Medical
Research Institute, and it consists of two rectangular micropillars surrounded by an el-
liptic well of the same height as the micropillars. [50] The micropillars are anchors pro-
viding structural support to the tissue, while the elliptic well confines a known volume of
cell/ECM mixture from which the tissue is formed. The entire platform is made of PDMS
– a biocompatible elastomer and the most common material for the fabrication of OoC
systems.

In addition to the high values of the measured force, the HeartDyno system was
chosen as a starting point for the design since it is a relatively small PDMS-based plat-
form, potentially compatible with upscaled cleanroom fabrication and sensor integra-
tion. Furthermore, the platform is compatible with a standard, stand-alone 96-well plate,
which allows its easy adoption by pharma in existing robotic pipelines as well as by re-
search laboratories within academia.

The main shortcomings of the HeartDyno system are its current manufacturing meth-
ods by manual PDMS moulding, use of relatively high cell numbers per tissue, and optical-
only readout. By downscaling the original platform and making it compatible with batch
cleanroom-based fabrication, the first two shortcomings can be addressed in this Chap-
ter. Later on, in Chapter 5 integration of the force readout will be introduced. As it will be
shown in this thesis, the representation of the PDMS platform with EHT formed around
the micropillars, at the bottom of a 96-well plate, is depicted in Fig2.2.

Figure 2.2: A) 3D model of the EHT platform; PDMS structure (in blue) at the bottom of a single well of a 96-
well plate, with the tissue (brown) formed around two micropillars, surrounded by an elliptic microwell. B)
Close-up image of the tissue within the elliptic microwell.
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2.2. DESIGN OF THE EHT PLATFORM

2.2.1. ANISOMETRIC DOWNSCALING
The geometry of the original HeartDyno system was anisometrically downscaled to re-
duce the number of cells required per EHT and to make the fabrication compatible
with batch wafer-level processing while retaining the original pillar stiffness. The Heart-
Dyno’s original volume of 3,5 µL, containing approximately 50.000 cardiac cells in the
confining microwell, was scaled down respectively to 3, 2, and 1 µL in three distinct ver-
sions of the platform. As will be shown, the anisometric scaling ensured that the stiffness
of the pillars remained constant in all cases, so that the tissues could effectively experi-
ence the same load in all chip sizes.

The idea of platform downscaling has on one side the purpose to study the effect of
the mechanical properties of the environment on tissue formation and contractile per-
formance - particularly, to understand better the relation between generated force of
contraction and the size of the tissue, number of cells and its cross-section. There are
still gaps in knowledge about contractile force behavior as a function of mentioned pa-
rameters, therefore the nature of the force generated by iPSC-CMs in EHT models has yet
to be fully characterized. Another interesting aspect, which has been studied somewhat
more extensively, is the effect of substrate stiffness and the preload of anchors on tissue
formation and function. In addition to these more fundamental questions, downscaling
is also relevant for practical reasons to ensure compatibility of the fabricated platforms
with the standards of microfabrication technology and potential mass production. The
main guidelines to achieve platform downscaling were:
• Preserving the stiffness from the initial HeartDyno system;
• Keeping the pillars vs. medium volume ratio to not affect tissue formation protocol;
• Choosing the minimum well volume of 1 µL, to allow reproducible manual pipetting.

Figure 2.3: Illustration of the pillars’ deformation when the force is applied in the z direction.

The principle of a bending cantilever in beam theory can be used to describe the be-
havior of elastic pillars upon tissue contraction. The beam theory for small displacement
can be applied with several assumptions: beam cross-section remains undeformed along
the entire neutral axis and the transverse strain can be neglected in the bending curve
derivation. [51] Given this, the pillars’ behavior is described by a one-end fixed bending
beam, i.e. cantilever, to determine the downscaling factors. An illustration of the bend-
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ing pillars upon force application is shown in Fig.2.3. Here, h, w , and L are the thickness,
width, and length of pillars, respectively; d is the distance between pillars, while δ is the
tip displacement resulting from the force F acting upon the side of the pillar. For small
deflections (δ << L), the force applied upon the pillar is related to the pillar’s displace-
ment via the effective stiffness k.

F = k ·δ (2.1)

The stiffness of the rectangular beam, when a point load force is applied, is defined with
the equation:

k = 6EY I

(−x3 +3Lx2)
(2.2)

where EY is Young’s modulus of the material, x is a position on the beam where the force
is applied, along the X axis from Fig.2.3, L is the length of the beam (in this case length of
the pillar), and I is the moment of inertia which for a beam of rectangular cross-section
is defined with Eq.2.3:

I = wh3

12
(2.3)

Combining Eq.2.2 and Eq.2.3, Eq.2.1 becomes:

F = EY wh3

2(−x3 +3Lx2)
δ (2.4)

It is assumed that the tissue applies a point load in the middle of the length of the pillar,
therefore, when x = L

2 Eq. 2.4 becomes:

F = 4EY wh3

5L3 δ (2.5)

The stiffness of pillars experienced by the tissue adhering to the middle of the pillars
length is then defined as:

k = 4EY wh3

5L3 (2.6)

There are many possibilities to achieve anisometric downscaling of all the pillar di-
mensions while preserving the same stiffness as in the HeartDyno system. However, the
main assumption is that the final shape of tissues formed around the pillars is deter-
mined by the thickness h and width w of the pillars, so the ratio between the two should
remain constant by applying the same downscaling factor S. The additional condition
comes from the fact that the length of the pillars L is determined by the thickness of
silicon wafers used for fabrication, as it will be shown later. The idea is to reduce the
length of pillars as much as possible to make them compatible with standard microfab-
rication techniques and wafer sizes, therefore, the length of the pillar is downscaled with
a different factor SL . Accordingly, Eq.2.6 can be written in the following form:

k = 4EY wh3S4

5L3S3
L

(2.7)
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Since the k is kept constant, and EY is Young’s modulus determined by the material
properties, the relation between different scaling factors is:

SL = S4/3 (2.8)

The second condition of keeping the ratio of medium volume and pillar volume constant
can be expressed as:

Vmedi um

Vpi l l ar
=C (2.9)

where Vmedi um = Vi takes values of 3, 2 and 1 µL and wi , hi and Li correspond to the
pillar dimensions for each of the volume variations, for i = 1,2,3. Now, using Eq.2.7 and
2.9 we can obtain the relationship between the length of the pillar L and its thickness h,
after downscaling:

Li = 4

√
4Vi EY

5C k

√
hi = N

√
hi (2.10)

Combining the Eq.2.7, 2.10 and knowing the ratio between L and h before scaling (3.5),
it is possible to derive the expression for the scaling parameter Si , while the scaling co-
efficient SLi is then easily calculated using the Eq.2.8.

Si =
(

1

3.5
p

h

4

√
4Vi EY

5C k

)5

(2.11)

This scaling factor depends on the media volume defined by condition (3), as the rest of
the parameters are known constants. Table 2.1 gives the overview of all the downscaled
parameters, pillar dimensions and original dimensions of the HeartDyno system.

Table 2.1: Design parameters for the EHT platforms.

Symbol Description HeartDyno 3µL
platform

2µL
platform

1µL
platform

w [µm] pillar’s width 500 487 427 352

h [µm] pillar’s height 200 210 176 151

L [µm] pillar’s length 700 700 560 460

d [mm] pillars’ distance 1 0.97 0.85 0.7

a [mm] semi-minor axis
of elliptic wall

1.1 1.05 0.93 0.76

b [mm] semi-major axis
of elliptic wall

1.5 1.43 1.27 1.03

t [µm] thickness of the
elliptic wall

/ 200 200 200
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2.3. MICROFABRICATION OF THE PLATFORMS

2.3.1. MICROFABRICATION TECHNIQUES
Three different sizes of EHT platforms were fabricated at the wafer level using silicon-
based micromachining and polymer moulding techniques. Some of the techniques used
during fabrication are plasma-enhanced chemical vapour deposition (PECVD) of SiO2,
photolithography, reactive (RIE) and deep reactive ion etching (DRIE).

PECVD
Thin layers of SiO2 can be deposited on a wafer surface as a product of condensation
and chemical synthesis occurring from the gas phase of SiH4, N2O and N2 in the low-
pressure chambers at elevated temperatures [52]. If the process is additionally enhanced
by plasma, which provides energy during deposition, allows for reduced process tem-
perature, and improves the layer structural integrity and uniformity, it is then called
PECVD. [53] Thin and uniform layers of oxides and nitrides can be obtained using this
method. The quality of the PECVD oxide layer is lower than the one obtained from ther-
mal growth, but still very useful in microfabrication as a protective layer during wet and
dry etching.

PHOTOLITHOGRAPHY

Photolithography is a technique of patterning photosensitive layers (i.e. photoresists
(PRs)) on top of a silicon wafer using UV light. [54] The incident light is blocked in a con-
trolled way by passing through a glass mask patterned with chromium and placed be-
tween the light source and the wafer. The exposed parts of PR undergo chemical changes
and become either hardened or softened depending on the type of photoresist. The final
stage of the process is PR development in which exposed (positive PR) or non-exposed
(negative PR) parts are removed so that the mask pattern is transferred to the residual PR

Figure 2.4: Sketch of deep reactive ion etching: A) A reactor chamber of DRIE etcher in which inductively cou-
pled plasma is generated; B) Illustration of the Bosch process in three steps: breakthrough etch, passivation,
etching.
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on the wafer surface. The patterned layers of PR are used as selective protection for the
material below during wet or dry etching.

RIE
Reactive ion etching (RIE) uses a reactor with a parallel plate capacitor configuration to
generate plasma in an inert gas (Ar) atmosphere and low-pressure conditions. In our
case, RIE is used to etch SiO2 layer protected with patterned PR. The wafer is placed
on one of the electrodes and cooled down with He during the entire process. Upon
plasma ignition, DC voltage drives positively charged ions toward the electrode with the
wafer, where the chemical reaction with SiO2 occurs. All SiO2-on-Si dry-etch processes
are based on fluorocarbon plasmas, with SiF as the volatile product [53, 55].

DRIE
Anisotropic etching of silicon wafers to achieve deep cavities of high aspect ratios is per-
formed using DRIE, also known as the Bosch process. The process utilizes a high-density
inductively coupled plasma (ICP) source and alternating gas chemistry for the controlled
steps of reactive ion etching (RIE) and polymer deposition. An additional RF source is
used to generate DC bias to attract ions to the wafer and achieve better directionality
of the etching (Fig.2.4). The process consists of three steps: breakthrough, passivation
and etching. During passivation cycles, a thin Teflon layer C4F8 is conformally deposited
over the wafer and the sidewalls of etched structures. In the subsequent etching cycle,
the fluorocarbon polymer is etched from the bottom of the cavities and partially from
the sidewalls. Since the ion flux is lower, the polymer on the sidewalls is removed much
slower than on the bottom of the structures in the plasma direction, minimizing the lat-
eral etch of silicon. This allows further in-depth etching of silicon by fluorine radicals
released from SF6 plasma. Before removing the polymer completely, the deposition is
repeated and the cycles continue until the desired depth is achieved [53, 56, 57].

2.3.2. PROCESS FLOW
Fabrication of the platforms starts with the deposition of SiO2 on 1 mm-thick, double-
side polished, 4-inch Si wafers. PECVD oxide is deposited on the wafer surface, on top
of 50 nm of previously grown thermal oxide (Fig.2.5A). The oxide layer is patterned using
standard lithography steps and RIE, to serve as a hard mask during the DRIE of silicon
(Fig.2.5B). The patterned Si wafer was etched using the Bosch process, to precisely define
the depth of cavities for PDMS moulding of the pillars and elliptic microwell (Fig.2.5C).
A different number of cycles defined three different cavity depths of 423, 560, and 660
µm, respectively.

After the DRIE process, three different depths of cavities are obtained for the three
versions of the platform. Prior to PDMS spin-coating the wafers were functionalized
with a perfluorinated anti-adhesion self-assembled monolayer (SAM) to ease PDMS re-
moval (Fig.2.5D). The anti-adhesive layer was formed by evaporation of a few droplets
of perfluorooctyl-trichlorosilane in a vacuum chamber for two hours. As a result, the
silicon dioxide-covered surface of the Si wafer became highly hydrophobic, which was
confirmed using water contact angle measurements (117±3°).

As an alternative treatment to silane deposition, it is possible to use fluorocarbon
deposition (C4F8), i.e. teflon, which is the second step of the Bosch etching process, as
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Figure 2.5: Process flow for the fabrication of the platforms for culturing EHTs with straight pillar design.

an anti-adhesion layer on top of Si wafers. In the case of teflon deposition, the rough-
ness of the side of the cavities is increased and the deposited layer is approximately 300
nm thick. Regarding hydrophobicity, SAM and teflon both gave comparable results and
therefore can be successfully used as anti-adhesion layers.

An uncured PDMS mixture of Sylgard 184 elastomer and its curing agent (ratio 10:1)
was spin-coated using a two-step process (Fig.2.5E). The first step was used to ensure the
deep cavities in the wafer were filled with PDMS. The second spin-coating step defined
the final thickness of the PDMS substrate supporting the pillars (∼ 300 µm). In between
the two spin-coating steps, the wafers were degassed under vacuum to make sure that
the PDMS reached the bottom of the cavities without trapping air. The PDMS was then
cured in an oven at 90 °C for 1 hour and peeled off the wafer easily (Fig.2.5F). After de-
moulding, the platforms were manually cut out of the PDMS substrate and transferred
to the bottom of the wells in a 96-well plate.

Profile measurements of the final PDMS structures as well as the etched mould in
Si wafer were measured with a Keyence laser profilometer. Fig.2.6 shows an example
of these profile measurements for only one pillar length. It can be noticed that DRIE
gives slightly tapered profiles of the etched cavities, which means that the PDMS pillars
will have the shape of truncated pyramids instead of parallelepipeds. Shortening of the
top cross-section surface area of the pillar compared to the bottom one is measured to
be ≈ 5%. In order to obtain the stiffness of the final structures as precisely as possible,
this effect was taken into account in the numerical model. (Section 2.4.1) A comparison
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Figure 2.6: Profile measurements of the A) Si mould of pillars and microwell and B) de-moulded PDMS struc-
tures. The line measurements (bottom) evidence tapering in the etched structures and consequently in the
PDMS pillars.

of the cuboid-like structures with the truncated pyramid-like structures gave negligible
difference in the stiffness calculations (≈ 0.02 N/m).

Figure 2.7: Process flow for the fabrication of rectangular patterns at the bottom of cavities for pillar moulds.
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2.3.3. ADDITION OF FOCUS FEATURES

Upon pillar fabrication, biological experiments were performed as will be presented
later. During the experiments, tissue contractile properties were measured by optically
tracking the displacement of PDMS pillars with custom-made software. (Chapter 5) For
this purpose, 10 s videos of contracting tissues were recorded with the focus of the op-
tical microscope on top of the pillars to capture their displacement. It was noticed that
focusing on the top of the pillars becomes quite challenging due to the pillars optical
transparency as well as the fact that cells often end up covering parts of the pillars tips.
As focusing exactly on the tips of the pillars is crucial for the software working principle
(Chapter 5), the idea was suggested to introduce additional rectangular patterns on the
pillars tips as focusing features.

To facilitate the inclusion of additional rectangular patterns on the tips of the pillars,
the fabrication flow has been slightly modified. The idea is to create a rectangular pattern
at the bottom of the cavities in the Si wafer, which will be translated into a pattern on top
of the pillars after PDMS moulding. The rectangular shape is created by using a two-step
mask for silicon etching (Fig.2.7), which enabled first the transfer of small rectangles into
the Si wafer and later the etching of the pillars and the microwell. The two-step mask
was made by adding a patterned photoresist with small rectangular features (Fig.2.7C)
on top of the previously patterned SiO2 hard mask for pillars and wells (Fig.2.7A,B). In
this process, dry etching of SiO2 was performed with a soft landing to make sure not to
damage the silicon layer below the oxide. This is a very important step, as every defect
or non-uniformity at the Si wafer surface would introduce micro-masking for the later
DRIE of rectangular shapes.

Figure 2.8: A) Examples of damaged rectangular patterns at the bottom of deep cavities, due to the non-
optimized parameters of the Bosch process; B) Rectangular patterns etched at the bottom of three different
Si moulds, showing their comparison at the beginning and at the end of the etching process.
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First, small rectangles of 20 µm depth were etched into the Si with the PR mask
(Fig.2.7D). After PR removal and cleaning of the wafer, SiO2 hard mask remained for the
DRIE of pillars and wells (Fig.2.7E,F). However, to make sure that the shape of small and
shallow rectangles at the bottom of the bigger cavities can be preserved and transferred
to the desired depths, the parameters of the standard Bosch process had to be adjusted.

The slopes and wall roughness of deep cavities made with the Bosch process is deter-
mined by the fine-tuning duration of the passivation step and the final etch step in each
cycle. In the case of shallow patterns at the bottom of deep cavities, the lateral etch rate
of C4F8 on the 20 µm large walls is much higher than on the walls of pillars. Therefore,
the polymer layer is almost entirely consumed during the last etching step, creating dis-
torted patterns with damaged walls. Some of the examples of damaged shallow rectan-
gular structures are shown in Fig.2.8A. To address this issue, the deposition time of C4F8

was extended from 2 s to 2.2 s per cycle, while at the same time, the etching duration
was reduced from 1.5 s to 1 s per cycle. These changes made sure that there is enough
protective polymer layer during the last etching step of the Bosch process to ensure the
preservation of the shallow rectangles until the final depth of the pillars is reached. In
addition to process parameter adjustment, the sharp edges of the rectangular patterns
were rounded off to reduce the deformation at the corners.

There is a significant difference between the starting rectangular shapes and the final
ones obtained at the end of the etching. The most challenging pattern transfer was in
deepest cavities (3 µL EHT platforms) where the most prominent geometry broadening
can be noticed. This effect is seen in Fig.2.8B, where patterns at the bottom of different
depth cavities are shown at the beginning and at the end of the etching process. The
overlapping of starting and final patterns is also shown.

After successfully etching cavities of three different depths in the silicon wafer, with
rectangular patterns at the bottom, the moulds were made hydrophobic using SAM of
(perfluoro)silane. The PDMS moulding followed, in the same way as in the case of pil-
lars without patterns. A 3D image of the Si mould in case of 1 µL platform and the corre-
sponding de-moulded PDMS structure is shown in Fig.2.9.

Figure 2.9: A) 3D optical image of Si mould of 1 µL platform with focusing features etched at the bottom of the
cavities; B) 3D optical image of PDMS structures of 1 µL platform with focusing features transferred on top of
the pillars.
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2.4. MECHANICAL PROPERTIES OF THE EHT PLATFORMS

2.4.1. NUMERICAL MODEL OF STRAIGHT PILLARS

Figure 2.10: Implementation of straight pillar design in Comsol Multiphysics: A) 3D geometry of pillars on the
soft substrate; B) deformation of pillars upon force application on the sides; C) geometry meshing to define
equation nodes.

Prior to the fabrication of three different EHT platforms, theoretical and numerical
modelling was performed. A model of a bending cantilever was used to simulate the
behaviour of the elastic pillars when the force is applied by the contracting tissue. Nu-
merical simulations were performed in COMSOL Multiphysics, using a finite element
method within the Solid Mechanics module. The 3D geometry of pillars on a soft sub-
strate was generated in Comsol and is shown in Fig.2.10A. The force applied by the tissue
was modelled as a load distributed on a rectangular area in the middle of the pillars for
all three sizes. The width of this rectangular area was set to 1/3 of the micropillar’s length
to approximate the estimated tissue thickness. The assumption about the position of
adherence of the tissue along the micropillar’s height was adopted from literature [58].
Due to the applied force, elastic pillars bend, and by quantifying the displacement of the
pillars while knowing their mechanical properties, it is possible to estimate the applied
force (Fig.2.10B). The relationship between applied force and the pillar displacement
was defined with the Eq.2.1.

Whereas analytical bending cantilever theory assumes rigid support for the cantilever,
and as such was used to define downscaled platform dimensions, the numerical model
implemented in Comsol Multiphysics more faithfully reproduces the realistic situation,
where pillars are attached to the elastic PDMS substrate. The difference in the pillars’ tip
displacement, when the same force applies to the pillars attached to a rigid versus elastic
substrate, is shown in Fig.2.11.

To confirm model agreement with the HeartDyno system, the analysis of pillar me-
chanical properties was carried out in the following manner. Using the Solid Mechanics
module in Comsol, the load of 14 µN was applied on the sides of the pillars and the
tip displacement was measured. As the expected stiffness of the pillar, when the point
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Figure 2.11: Comparison of the substrate effect on the pillar displacement, in case of a soft and rigid connec-
tion between pillars and the substrate.

force is applied in the middle of its length, is k = 14N/m, consequential tip displacement
should be 1 µm. The tetrahedral mesh was generated for the entire geometry, with the
refinement features around the pillar connection to the substrate (Fig.2.10 C). The mesh
density determines the number of differential equations the model uses to converge to-
ward a single solution. The momentum balance equation in the form:

0 = FV +▽PT (2.12)

was used to obtain the values of displacement components u,v,w. Here, the term FV

represents volume forces acting on the undeformed material, while P is the first Piola-
Kirchoff stress tensor which relates forces acting in the spatial directions to areas in the
undeformed configuration [51]. The flow of the FEM study is illustrated in Fig.2.12. Table
2.2 shows the resulting stiffness of pillars in three different platforms, for the estimated
EY = 1.4 MPa, which is the value used for the HeartDyno system. The pillar geometry
used in calculations is corrected for the truncated pyramid effect.

Table 2.2: Effective stiffness calculation from numerical simulations.

Symbol Description HeartDyno 3µL
platform

2µL
platform

1µL
platform

k [µN] effective
stiffness

14 N/m 13.98 N/m 14.58 N/m 13.52 N/m
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Figure 2.12: Computational flow of mechanical response study of straight pillars using FEM implemented in
Comsol Multiphysics.

2.4.2. ANALYTICAL MODEL OF STRAIGHT PILLARS
As mentioned previously, the analysis of pillar deformation was carried out using the
beam theory. When a straight beam is loaded and the action is elastic, assuming the
small displacement δ<< L, the longitudinal centroidal axis of the beam becomes a curve
defined as an "elastic curve." The elastic curve of the beam when the force F is applied
at the position a is defined with the following set of equations:

y = F x2

6EY I
(3a −x),0 < x < a (2.13)

y = F x2

6EY I
(3x −a), a < x < L (2.14)

From these equations, the maximal tip displacement used previously can be derived for
x = L, and therefore the corresponding effective stiffness (Eq.2.2). However, to validate

Figure 2.13: Comparison of the analytical and numerical model of the pillar displacement, when force is ap-
plied on different positions along pillar length.
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the theoretical and numerical model, the comparison with mechanical characterization
must follow. For this purpose, the theoretical model was fitted to the numerical to facili-
tate precise calculation of pillars’ mechanical properties. A comparison of the analytical
and numerical model of the pillar displacement at the position of applied force is shown
in Fig.2.13. Both calculations were carried out for EY = 1.4 MPa. In Fig.2.13 only a com-
parison for 1µL EHT platform is shown since graphs are similar in all three cases.

It is worth noticing that there is a slight mismatch between these two models, since
the numerical one accounts for the truncated pyramid shape and the load distribution
on a rectangular surface area, while the theory assumes straight pillars with point force
approximation. The effect of the soft substrate and its addition to the pillar displacement
was included in the theoretical model via additive constant C = 0.1 µm derived based on
function fitting in Matlab.

2.4.3. MECHANICAL CHARACTERIZATION
A FemtoTools Nanomechanical Testing System (FT-NMT03) was used for the mechan-
ical characterization of the fabricated PDMS platforms. The nanorobotic system is de-
signed to test the mechanical properties of micro/nanostructures and is equipped with a
micro-force sensing probe with a silicon tip that can apply a specific force and measure
the displacement of the tip. The PDMS substrate with micropillars was mounted onto
a holder next to the sensing probe. The silicon tip was positioned at a predetermined
height along the micropillar length with nanometer precision, as shown in Fig.2.14.

During the measurement, the force was applied to the micropillar by the silicon
tip and the displacement of the tip was continuously measured with a high-resolution
piezo-scanner. After a pre-determined displacement of the probe or after the defined
force limit had been reached, the elastic micropillar started returning to the initial po-
sition, thereby exerting the restoring elastic force onto the silicon tip. This movement
of the tip was again measured with the piezo-sensors and the force-displacement curve
was obtained. The stiffness of the micropillar is represented by the slope of the force-
displacement curve during the micropillar’s return to its initial position. Measurements
were performed at five distinct micropillar positions for all three different platforms.

Figure 2.14: Setup for the mechanical characterization of the PDMS micropillars using nanoindentation. The
blue frame highlights a single pair of micropillars cut out from the wafer-sized PDMS substrate, as well as the
sensor tip of the nanoindentation tool.
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Comparison between measured data and data from numerical simulations showed
curves with very similar slopes and only slightly shifted apart. The same trend and very
similar graphs were obtained for all three micropillar sizes, as demonstrated in graphs
Fig.2.15 A-C. In order to fit the simulations to the measured values, an analytical func-
tion was introduced to precisely describe the model of bending pillars on the elastic
substrate, which could not be approximated using only Eq.2.2. The fitting function in
Eq.2.15 was generated by applying Taylor’s expansion to Eq.2.2 for x = L

2 and finding the
missing coefficients Ci using the least square difference fitting tool in Matlab®.

k ∼ 4EY wh3

5L3

(
c1 − c2

x

L
+ c3

x2

L2 − c4
x3

L3

)
(2.15)

Consequently, the value of Young’s modulus of PDMS was calculated to be 0.8 MPa
in all three cases, which is consistent with the use of the same PDMS mixture for all
platform types. This value of EY was used in the further contractile force estimation.

Figure 2.15: Stiffness analysis for the three different platforms with PDMS pillars. Data from finite element
simulations (purple) were compared and fitted to the measured data (blue) to estimate Young’s modulus of
PDMS for the EHT platform.

2.5. INCLUSION OF CARDIAC CELLS
The inclusion of different cell types in fabricated chips, cell differentiation, EHT gener-
ation, tissue monitoring and staining during the entire experiment duration, was con-
ducted by collaborators at Leiden University Medical Center. Human-induced pluripo-
tent stem cell (hiPSC) - derived cardiomyocytes (CMs) and hiPSC-derived cardiac fibrob-
lasts (FBs) (4:1 ratio) were mixed in a collagen/Matrigel-based ECM gel and seeded in
the three different chips [33]. As a source of differentiated cardiomyocytes and fibrob-
lasts, the LUMC0020iCTRL-06 hiPSC-line was used [59]. For the ECM gel mixture, we
used acid-solubilized collagen I and growth factor-reduced Matrigel (2.6 mg/ml colla-
gen I and 9% Matrigel). The number of cells used per chip was approximately 47000
(volume: 3 µL), 31000 (2 µL) and 16000 (1 µL). After pipetting the gel mixture into the
PDMS microwells, the 96-well plate was shortly centrifuged to achieve the level and ho-
mogenous distribution of the mixture throughout the well, to make sure that the tissue
formed around midway along the micropillars length, and to remove any trapped air.
Self-assembly and compaction of the tissue around the micropillars were visible within
24 hours, and spontaneous contraction of EHTs started within 72 hours. The formation
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Figure 2.16: Timeline of tissue formation: starting from the cell/gel mixture seeding in the chip (0h) until the
compaction into a tissue-like structure after 24h.

process of the tissue over 72h at different time points is shown in Fig.2.16. After approx-
imately 2 hours of gel solidification in a humidified incubator, wells of the 96-well plate
were filled with 200 µL formation medium, preventing the tissues from drying out. For-
mation medium was used during the first 3 days of cell culture and maturation medium
thereafter, according to the HeartDyno protocol [50]. Cells were kept in a humidified
incubator for the whole time and the medium was refreshed every 3 to 4 days.

All tissues successfully formed regardless of the chip size, demonstrating that the
miniaturized design of the elastic micropillars is suitable for the self-assembly of different-
sized tissues. Representative images of the three different tissue sizes formed around the
micropillars in the PDMS platforms are shown in Fig.2.17. Brightfield images were taken
live on day 4 since the beginning of the experiment with a Nikon Eclipse Ti2 optical mi-
croscope. Immunostaining of the intracellular sarcomeric structures demonstrated the
cellular organization around the flexible PDMS micropillars and sarcomere orientation.
The tissues were stained whole–mount and imaged with an Andor Dragonfly 500 fluo-
rescence microscope on day 19 from the beginning of the experiment. Sarcomeres were
stained using cardiac-specific antibodies against alpha-actinin (ACTN2) and cardiac tro-
ponin T (TNNT); nuclei were stained with DAPI (Fig.2.18).

Figure 2.17: Representative images of the three different sizes of hiPSC-based cardiac tissues successfully
formed around PDMS micropillars in the miniaturized EHT platforms, taken on day 4 after chip seeding.
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Figure 2.18: Immunostaining of the three tissue sizes for cardiac-specific markers alpha-actinin (αACT) and
cardiac troponin T (cTNT). Nuclei were stained with DAPI.

During the 18 days following formation, the contractile performance of the tissues
was recorded three times per week and analyzed using custom-made software for track-
ing the movement of the PDMS micropillars. Recordings of tissues were taken on a Nikon
Eclipse Ti with a custom-built environmental chamber at 37°C and 5% CO2 concentra-
tion and equipped with a high-speed camera (Thorlabs). For each data point, 10 seconds
of footage was saved at 100 frames per second. Using image processing techniques im-
plemented within a Python-coded custom software (ForceTracker, see Chapter 4) the po-
sition of the rectangular tip of the micropillars was tracked throughout all of the frames
in recorded videos. The movement of the rectangular tips of the micropillars was mea-
sured in pixels and later converted to micrometers. Displacement of the tip of the mi-
cropillars is proportional to the tissue’s contractile force, which was calculated using the
stiffness of micropillars k, Eq.2.15. Using Eq.2.1, and assuming that the tissues adhered
to the middle of the micropillars, the contraction force of EHTs could be obtained.

Furthermore, to test the response of the tissues to the electrical stimulation, the EHTs
were paced with external platinum electrodes [31]. Voltage in the form of biphasic rect-
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Figure 2.19: Contraction force of 1, 2 and 3 µL-derived EHTs, paced with 0.6 and 1.2 Hz, estimated using
software for tracking the displacement of pillars.

angular pulses (40V peak-to-peak) was applied to the tissues, with frequencies ranging
from 0.5 to 3 Hz. It was seen that all EHTs followed the pacing frequency up to 2.4 Hz.
The output of the software for tracking micropillar motion in the case of pacing at 0.6
and 1.2 Hz on day 11, for all three chip sizes, is shown in Fig.2.19.

The comparison of contractile parameters for the three different chip sizes is shown
in Fig.2.20. The measured force is lower than in [58] probably due to the smaller number
of cells per tissue. Fig.2.20 shows the comparison for the force of contraction, contrac-
tion and relaxation duration, time to reach maximum force as well as 50%-to-50% tran-
sient time. It is possible to notice that the variability in force of contraction is large in all
three chip sizes, hindering the precise comparison among different-sized tissues. The
rest of the contraction parameters are very comparable in all platforms with regard to
the value and graph trends. Based on the obtained results, there is no significant differ-



2.5. INCLUSION OF CARDIAC CELLS

2

33

ence between the three chip sizes and therefore no preference from the biological point
of view for a certain tissue size. It was thus shown that the downscaling of tissues resulted
in the successful formation and function of tissues in all three platform sizes.

Figure 2.20: Comparison of contractile parameters for 1, 2 and 3 µL platform for culturing EHTs.
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2.6. CONCLUSION AND DISCUSSION
This chapter introduced the development of the baseline platforms for EHT culture and
formation. Three miniaturized and well-characterized PDMS platforms suitable for EHT
formation were described. The PDMS platform for supporting cardiac tissue formation
is a downscaled version of the HeartDyno system with three different microwell volume
sizes: 3, 2 and 1 µL, respectively. The design of the PDMS platforms containing two pil-
lars with rectangular cross-sections within an elliptic microwell was fabricated by com-
bining wafer-scale silicon- and polymer-based processing. After fabrication, the PDMS
chips were mechanically characterized using nanoindentation and finite element simu-
lations, which allowed accurate measurements of the contractile force of the tissues. For
cell seeding, the chips were transferred to a standard 96-well plate. Mixtures of hiPSC-
CMs and hiPSC-derived cardiac fibroblast were seeded in all three chip sizes. Tissues
formed successfully in all wells and were functionally active. Contractile properties of
the tissues were evaluated by optically tracking the movement of PDMS pillars. The tis-
sues were viable and functional for at least 18 days. Experiments with electrical stimula-
tion showed that miniaturized EHTs followed the pacing frequency up to 2.4 Hz.

Through this preliminary research, we demonstrated that downscaling the existing
HeartDyno system is possible and convenient. The downscaling limit in this work was
set by the smallest cell medium volume that could be accurately pipetted manually (i.e.,
1 µL). Since fundamental problems were not encountered while downscaling, even smaller
devices might be fabricated in the future if handled by pipetting robots or other preci-
sion cell culture technologies, until reaching the microfabrication limits. By showing
that PDMS platforms could be made using scalable fabrication methods, we came a step
closer to high-throughput cardiac drug screening and disease modelling using OoCs.

Finally, cleanroom-based fabrication opened many possibilities for further upgrades,
including the integration of electrodes and sensors for platform automation. These as-
pects will be covered in Chapters 5 and 6. The size that was chosen for further platform
upgrade was 2 µL, as a compromise between cleanroom fabrication and ease of manual
pipetting.

The main limitation of the developed PDMS platforms is that the exact position of the
tissues and their thickness could not be measured during the experiments. Additionally,
during N=3 experiments with the three chip sizes, another issue appeared. As seen in
Fig.2.19, the variability of the force measurements is quite significant. This variability
can be attributed to the variability between tissues, with respect to their composition
and formation. Another origin of this variability comes from the variation in tissue po-
sition along pillar length, as it is not precisely controlled. All force calculations were car-
ried out with the assumption that tissues are formed exactly in the middle of pillar length
and remain there for the entire duration of the experiment, which was seemingly not the
case. This hypothesis was confirmed later during the experiment, as tissues started slid-
ing upwards towards the pillars’ tips and finally jumped off, evidencing the change in
the position in time (Fig.3.1). The new arising issue prompted a restriction to the tissue
movement and precise definition of its position along pillar length. A design solution
addressing this biomechanical issue is presented in the next Chapter.
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CHAPTER 3

MECHANICAL ENHANCEMENT:
EHT PLATFORM WITH TAPERED PILLARS



3

38 3. MECHANICAL ENHANCEMENT: THE EHT PLATFORM WITH TAPERED PILLARS

3.1. THE "JUMPING OFF" ISSUE

C HAPTER 2 concluded with the several issues which arose from the experiment with
three different sizes of EHT platforms with straight pillars. The main drawback was

the lack of tissue position control during the experiments in all three platform sizes,
which had three important consequences.

First, the inaccuracy of the estimated tissue position along the length of the pillar
introduced uncertainty in contractile force measurements. Initially, it was assumed that
after the formation and compaction process, tissues remain positioned in the middle
of pillars. However, it was shown that the initial formation position of tissues cannot
be accurately predicted and it differs among different platforms and tissue samples. As
demonstrated in Chapter I, knowing the exact position at which the tissue applies force is
crucial for accurate contraction force calculation. Hence, the variability of the initial tis-
sue formation position introduces uncertainty in force measurement and affects the re-
producibility of the experimental conditions. A potential circumvention of this problem
would be measuring the position of each tissue at the beginning of the experiment, prior
to the assessment of tissue contractile parameters. Such an approach is time-consuming
and not an optimal long-term solution for high-throughput experiments.

Figure 3.1: The timeline of the tissue jumping off of the straight PDMS pillars

The second problem emerging from the straight pillar design is not only the initial
position variation among platforms but also the change in tissue position in time, till
the later stages of the experiment. The position variation in time can be attributed to
the fact that tissues increase the contractile force until day 6 (Fig.2.22). Since pillars are
shaped as PDMS-based, slightly tapered cantilevers with smooth surfaces, the EHTs do
not face enough mechanical resistance to remain locked in place. Instead, they tend to
slide upwards, towards the tips of the pillars. The entire “jumping off” process is illus-
trated in Fig.3.1. Similarly to the first issue, the variability and unpredictability of tissue
position affect the reproducibility of the experiments and the accuracy of force measure-
ment. As a consequence, significant dispersion of force measurements is demonstrated
in Fig.2.21. In an ideal scenario, the only variability in the tissue contractile behavior
should have a biological origin, to enable accurate physiological interpretation. There-
fore, any variability introduced by the design and mechanical properties of the platform
itself should be minimized or completely eliminated. For this reason, it is required to ob-
tain precisely controlled and reproducible conditions for each EHT in the experiment, to
support the relevance of the statistical analysis.

Finally, as mentioned previously, the sliding of the tissues toward the tips of the pil-
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lars in most cases ends in the complete removal of the tissue from the pillars. This “jump-
ing off” decreases the yield of the experiment down to 15% of the starting amount of tis-
sues within the first week of culture, meaning that a very small percentage of the EHTs
reaches the end of the experiment (typically 14 days). This is a limiting factor for long-
term drug effect studies and disease modeling.

Mentioned issues are related mostly to straight pillar EHT platforms with upward
tissue culture. There are examples of EHT platforms where tissues form upside-down,
at the bottom of circular anchors. In this case, pillars have a flange at the tip to localize
the tissue and avoid its removal [35, 46]. Other examples involve platforms with wider
shapes at the top of the straight pillars to restrict the tissue movement [34]. However, a
more general solution that can be applied to all the cases was looked for and identified,
still inspired by the bio-mechanical analysis of the issue.

3.2. DESIGN UPGRADE: TAPERED PILLARS

3.2.1. MECHANICAL CONFINEMENT OF THE TISSUES
To address the problem we encountered with the straight geometry of pillars, we consid-
ered a design that is more suitable for providing mechanical resistance to tissue move-
ment while confining the tissue in a predefined position. Three designs of pillar cross-
section were proposed to tackle the mentioned problem [19, 61]. The advantages and
drawbacks of each of them are discussed below.

Figure 3.2: Proposed pillar designs for mechanical confinement of the tissues.

The first I-shape design (Fig.3.2A) features a step-wise transition from the narrow to
the wide area of the pillar. It provides the most efficient spatial confinement with the
highest mechanical resistance to tissue movement outside of the narrow region. How-
ever, in this design tissue thickness should be predetermined to fit exactly the indented
area. Otherwise, for thinner tissues, the adherence position would still vary within the
narrow region. As the exact control of tissue thickness is challenging, this design would
still result in a certain level of tissue position uncertainty, therefore it does not represent
the optimal design solution. In addition, from the microfabrication aspect, this design is
very challenging for moulding, as the sharp transition between wide and narrow regions
creates a lot of stress during PDMS de-moulding and is a potential breaking point of the
structures. Alternative manufacturing techniques (e.g. 3D printing) might be a better
choice if such a pillar design was selected.
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The second design (Fig.3.2B) has a rounded dumbbell shape, which makes the mould-
ing of PDMS less challenging than in the previous case, while still providing a good me-
chanical resistance for the tissue movement. However, the clear separation between nar-
row and wide areas imposes limitations regarding tissue thickness, similar to the previ-
ous design.

Finally, the third design has walls inclined towards the middle of the pillars forming
an hourglass-like profile. The confinement accuracy of such a design does not depend
on tissue thickness. The tissue would ideally be confined in the central indentation, at
the narrow part of the pillar, while experiencing enough mechanical resistance to pre-
vent climbing upwards. In addition, due to the gradual change in pillar width and thick-
ness, the hourglass design is the least challenging for PDMS release. Therefore, this is
the design that was chosen for implementation.

Figure 3.3: Dimensions of tapered pillars: A) 3D representation of tapered pillars geometry on a PDMS sub-
strate; B) cross-section of pillars in y-z plane; C) cross-section of pillars in x-z plane.

3.2.2. DIMENSIONS OF PILLARS
Prior to the fabrication of the selected tapered pillar geometry (Fig.3.2 C: design 3), there
are several design constraints to consider to determine the pillar dimensions. Fig.3.3
shows all the relevant dimensions of tapered pillars that need to be defined. Here wlong

and hl ong are width and thickness at the lowest and highest position along the length of
the pillar, while wshor t and hshor t correspond to the dimensions of the narrowest part of
the pillar. Since the assumption is that the tissue forms in the middle of the pillar, in the
indentation, wmi d represents the hypothetical tissue thickness and its adhering region
(Fig.3.3 B,C). The thickness of the tissue is supposed to be approximately L/2, where
L is the pillar length. The tapering angle α is defined as the angle between the pillar’s
sidewalls and the top plane, assuming perfect symmetry with respect to the center of the
pillar.
The pillar dimensions are related as follows:

tan(α) = L

(wl ong −wshor t )
(3.1)
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(wlong −wshor t )

(wmi d −wshor t )
= L/2

L/4
= 2 (3.2)

Combining equations 3.1 and 3.2 we can express wlong and wshor t as functions of the
tapering angle α, thickness of the tissue wmi d and pillars length L.

wshor t = wmi d − L

2tan(α)
(3.3)

wlong = wshor t +
L

tan(α)
(3.4)

hshor t = hlong −
L

tan(α)
(3.5)

3.2.3. DESIGN REQUIREMENTS
As stated in the previous Chapter, from the three different platform sizes the 2 µL one was
chosen to be used for further experiments and the platform upgrades. This decision was
made as a compromise between downscaling of the tissue size and compatibility with
the microfabrication on one side, and the controllability and reproducibility of manual
pipetting on the other. The change in the pillar design should not alter the tissue forma-
tion and functionality from the previously performed experiments. Therefore, the first
requirement is that the stiffness of the tapered pillars should remain similar to that of
the 2 µL design. Additionally, tissue formation and final shape should not be affected by
the new pillar design, imposing restrictions on the values for wmi d ≈ 423 µm.

The microfabrication imposes yet another set of constraints for the new pillar design.
First, due to the fabrication of desired pillar profile, its length is limited by the thickness
of the silicon wafer. As the standard wafer thicknesses are predefined (in this case 500
µm as it is the closest value to that of the previous 2 µL design), the new length of tapered
pillars is set to be 500 µm. A second challenge rises from the fact that the etching profile
of the pillars is rectangular. The uniformity of isotropic etching is highest for circular
structures [61], therefore, the difference in etching along x and y directions, as defined
in Fig.3.3, and consequently in the tapering angle, has to be found prior to deciding the
dimensions of the final structures. Finally, the tapering angle of the pillars should be the
right compromise between a high value, which achieves tissue confinement, and a small
value, which allows reliable PDMS de-moulding.

Based on these requirements, two tapering angles were proposed for testing the con-
finement efficiency of the new pillar design: 75° and 80°. Similarly to the previous design
with straight pillars, there needs to be an elliptic well surrounding the pillars and con-
taining the cell volume. In the case of tapered pillars, also the surrounding well will have
a tapered profile. This needs to be taken into account when deciding on the well dimen-
sions to make sure it can fit 2 µL volume.
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3.3. MICROFABRICATION OF TAPERED PILLARS

3.3.1. TAPERED ETCHING PROFILE

ETCHING STRATEGY

The strategy for wafer-level microfabrication of tapered pillars with the desired wall in-
clination is to use a combination of anisotropic and isotropic deep reactive ion etching
(DRIE) of the silicon substrate used as mould [62]. As explained in Chapter II, anisotropic
DRIE is performed using the Bosch process for etching straight holes into a Silicon wafer.
The process consists of three steps: polymer deposition, break-through and etch step,
where the dominant etching is performed in the third etch step using SF6 plasma [56].
These three steps compose a single cycle of a Bosch process. The number of cycles deter-
mines the final etching depth. Isotropic reactive ion etching is achieved using only the
third step of the Bosch process. During the Bosch process, polymer deposition prevents
the isotropic nature of etching and preserves the steep profile of the walls. However, if
there is no polymer deposition, SF6 plasma will uniformly etch the silicon wafer in all
directions, creating a rounded etching profile.

By tuning the number of Bosch cycles and duration of the iso(tropic) etch process
and alternating them, it is possible to achieve a staircase-like etching profile with a pre-
cisely defined side angle [63, 64]. The etching principle used for the fabrication of ta-
pered pillars is illustrated in Fig.3.4.

Figure 3.4: Illustration of the etching process by alternating isotropic and anisotropic RIE.

Fine-tuning and precise control of the tapering angle are possible by knowing the
etch rates of both isotropic and anisotropic processes. This angle (α) can be calculated
from Fig.3.4 in the following manner:

tan(α) = Z

X
(3.6)
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Here X and Z are defined by the etching time and rates in the lateral and vertical direc-
tions, respectively:

X = (ti so − tC4F8 )r−→i so(z) (3.7)

Z = cB rB (z)+ ti sor ↓
i so(z) (3.8)

So that:

tan(α) = cB rB (z)+ ti sor ↓
i so(z)

(ti so − tC4F8 )r−→i so(z)
(3.9)

Here cB is the total number of Bosch cycles, ti so is the duration of isotropic etch and tC4F8

is the time required to remove the residue of C4F8 layer from the walls after the Bosch
process. Vertical etch rate of the Bosch process, as well as vertical and lateral isotropic
etch rates are defined as rB , r ↓

i so and r→
i so , respectively. All etch rates are functions of the

etching depth, geometry and surface density of the openings and the process tempera-
ture [65, 66]. Mentioned effects must be taken into account when defining the number
of Bosch cycles and iso etch time in each iteration of the final etching process.

The final process parameters were defined based on several conducted etching tests.
Three approaches have been taken to find the best compromise between the etching
duration and the number of Bosch-iso etch alternations. The first two examples varied
the number of Bosch-iso alternations to reach the final depth (8 and 5 steps, respec-
tively), while the third approach used a Pseudo-KOH recipe in the last step to create a
more prominent tapering effect. This recipe mimics the effect of KOH wet etching of sil-
icon which results in an angle of 54.7°, defined by the fixed angle between < 111 > and
< 100 > crystal planes of Si. Fig.3.5 shows different etching profiles obtained from the
three mentioned approaches.

The first approach (Fig.3.5A) resulted in cavities with straight profile (α = 90°) and
with prominent scallops on the walls in a staircase-like form in 8 steps. The second
approach, with the reduced number of steps from 8 to 5, provided good control of the

Figure 3.5: Etching profiles of silicon wafer obtained using three different approaches: A) by alternating Bosch
and iso etching in 8 steps, B) by alternating Bosch and iso etching in 5 steps, C) by mimicking in dry form the
wet etching of silicon with KOH (pseudo-KOH).
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tapering angle with a more smooth etching profile. The difference between 8- and 5-
step etching is in the duration of the iso etch step. In the first case, with more steps
and shorter etching time, the iso etch time becomes insufficient to remove the polymer
residues from the walls after the Bosch step and to efficiently broaden the cavities uni-
formly in all directions. Hence, the profile remains mostly straight. Finally, the third
approach with the KOH recipe resulted in very smooth walls, with negligible scallops,
but with a minimal angle of 25°, which is still much higher than the desired tapering
angles.

As the second approach was chosen for the final process, all the relevant etching
parameters were tested and adjusted based on Eq.3.9 to achieve the tapering angles of
80° and 75°.

ETCH RATES

As stated previously with Eq.3.9, etch rates for both isotropic and Bosch etching depend
on the etching depth. Therefore, the change of etch rates with depth was obtained from
the initial tests and used for further calculations of the final tapering angles. It was found
that the etch rate of the Bosch process is very stable and less sensitive to changes in tem-
perature or etching geometry than the isotropic etch rates. On the contrary, the isotropic
etch rate declines faster with the increase in depth of the etched cavity. This difference
in isotropic etch rate is expected since there is a bigger surface area of silicon exposed
to the plasma within deeper cavities. Unlike the Bosch process, where the walls are pro-
tected with polymer and dominant etching is directed towards the bottom of the cavity,
during iso etching, the interaction between gas and silicon atoms is happening in all di-
rections. Still, there is a significant difference in lateral and vertical isotropic etch rates

Figure 3.6: The relationship between different etch rates and the etched depth.
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since plasma is predominantly biased towards the Si substrate. Fig.3.6 shows measured
etch rates of Bosch vertical etching, as well as both lateral and vertical isotropic etch-
ing. The graph shown in Fig.3.6 was obtained by interpolating individual measurements
from 6 different etching depths. Each value was obtained based on N > 3 measurements
and the average value was taken for the final interpolation.

3.3.2. PROCESS FLOW

Tapered pillars were made using a combination of standard microfabrication techniques
and polymer processing, similar to the fabrication of straight pillars. The end goal was
to create cavities in Si wafer as a mould for tapered pillars made of PDMS. The main
steps of the described process flow are illustrated in Fig.3.7. The double-side polished,
500 µm-thick Si wafer was etched symmetrically from each side, assuring that the taper-
ing of both sides meets in the middle of the wafer. The first step of the fabrication was
the definition of a hard mask for DRIE (Fig.3.7 A). Similarly to the previous process, this
mask consists of a 50 nm-thick layer of thermally-grown SiO2 and 5 µm-thick PECVD ox-
ide. Thin thermal oxide enables a better definition of the etching profile and accurate
mask geometry transfer onto the cavities in the wafer, as it is a higher quality layer than
PECVD SiO2. The oxide layer was then patterned using standard photolithography steps:
coating, exposure, and development, followed by dry etching of SiO2. The same process
was repeated on each side of the wafer. The oxide layer was patterned in two steps creat-
ing a two-level hard mask (Fig.3.8). The first mask is the starting etching mask of narrow

Figure 3.7: Flow of the tapered pillar fabrication process.
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rectangular windows which define the middle part of the pillars. The second mask de-
fines the widest parts of the pillars, top and bottom rectangular cross-section, and it is
used to finalize etching and compensate for the bowing effect (see Section 3.3.3). After
the definition of the hard mask, staircase-like deep reactive ion etching follows.

Figure 3.8: Photolithography masks design for the two-step oxide mask patterning, for A) 75 ° and B) 80 °
tapered pillars.

FRONTSIDE

First, the front side of the wafer was etched by alternating the Bosch process and Isotropic
etching, until reaching 240 µm depth (Fig.3.7B). In the last 20 µm of the front-side etch,
the narrow mask is removed by wet etching of SiO2 in buffered HF. For this thin oxide
removal, the backside needs to be protected with photoresist to make sure that the SiO2

is not affected. The wet etching should be timed precisely so that only the thin oxide of
a narrow mask is removed completely, leaving the second oxide mask unaffected. The
front side etching was then finalized by transferring the process wafer to a Si carrier wafer
and etching until the middle (250 µm) (Fig.3.7C). The transfer to a carrier wafer is neces-
sary for this step to mimic the same etching conditions in both front and backside pro-
cessing, as the carrier wafer is required at the end of the backside etching as well. Only
in this way, the final shape symmetry can be obtained. The front side etching ended
with reaching slightly more than the middle of the wafer (≈ 260 µm) in the center of the
cavities, due to the rounded bottom profile. After completing the front side etching, the
wafer was removed from the carrier wafer, cleaned in O2 plasma to remove the polymer
residues from the sidewalls deposited during the Bosch process, and in HNO3 to remove
organic as well as metal particles. Table 3.1 shows the etching strategy for both tapered
designs for the front side etching. A similar process applies to the backside since the
cavities should be symmetric.

BACKSIDE

The backside wafer etching proceeded in the same way as the front side, with alternat-
ing Bosch and iso processes (Fig.3.7D). However, etching finalization requires support
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Table 3.1: Etching parameters for the tapered pillar fabrication process.

Tapering angle 80° Tapering angle 75°

Number
of steps

Bosch
cycles

Iso etch
[s]

Depth
[um]

Bosch
[cycles]

Iso etch
[s]

Depth
[um]

1 35 50 50 18 60 45
2 35 50 100 18 60 90
3 40 65 150 20 80 135
4 40 80 200 20 100 180
5 40 20 240 23 120 220
6 / / / 20 20 240

for the etch-through cavities in the wafer by closing them from one side. For this rea-
son, the process wafer needs to be tightly bonded to a support wafer, prior to completely
opening the elliptic walls around the pillars. The wafer bonding was performed with a
direct wafer bonding technique using an adhesive polymer as an intermediate layer in
between the two silicon wafers (Fig.3.7E). In this case, SU8 – an epoxy-based negative re-
sist - was used as the bonding adhesive, because of its good mechanical properties and
cross-linking efficiency [67, 68]. A thin layer of SU8 was spin-coated and soft-baked on a
support Si wafer. Prior to SU8 coating, 20 µm-deep rectangular shapes were etched into
the support wafer to be transferred later as focus features on top of the moulded pillars.
Fine alignment of two non-transparent Si wafers was achieved using the IR camera of
the wafer bonder EVG500. The bonding was performed by applying 2.5 kN force on the
wafers, which enabled the wetting of the Si surface by the SU8 layer. In this configu-
ration, the final cross-linking and hard baking step of SU8 were performed at 120°C, to
ensure strong and reliable wafer bonding. The bonding uniformity was quantified with
Newton rings, as shown in Fig.3.9.

Figure 3.9: Newton rings demonstrating the efficiency of direct wafer bonding for A) 80° and B) 75° tapered
pillars.
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After wafer bonding, the etching was completed from the backside in the same way
as the front. Before connecting the cavities from both sides of the wafer, the narrow
oxide mask is removed once again, and the wide rectangles were used to obtain the final
tapered profile of pillars (Fig.3.7F, G). In the end, cleaning in oxygen plasma is performed
to remove C4F8 residues from the cavities in Si.

PDMS
The final step of the fabrication is PDMS moulding (Fig.3.7H). Prior to polymer spin-
coating, the wafer surface was made hydrophobic by covering it with a self-assembled
monolayer of (perfluoro)silane from the vapour phase. PDMS mixed with the curing
agent in a 10:1 ratio was spin-coated for 30 s at 400 rpms on top of the silicon mould.
PDMS was then degassed for at least 20 minutes within a vacuum chamber, to ensure
the release of the trapped air bubbles and complete penetration of PDMS into the ta-
pered structures. PDMS was cured at 90° C for 1h. Finally, the PDMS structures were
released from the silicon mould with the assistance of the capillary force effect of iso-
propyl alcohol (IPA) (Fig.3.7I).

3.3.3. CRITICAL FABRICATION STEPS
There are several steps of the process flow very critical for the fabrication success. They
are discussed in more detail below.

1. Bowing effect
The first challenge encountered during the fabrication process is the step after remov-
ing the first SiO2 mask of narrow windows to finalize the etching process and define the
top and bottom shape of pillars. The second mask used in this case contains wide rect-
angular windows, as illustrated in Fig.3.8. During the staircase-like etching process, the
isotropic etch gives a rounded profile of the cavities, resulting in a significant under-
etched part below the oxide mask. This etched region underneath the first oxide layer
has a rounded profile, as shown in Fig.3.10A, and it is called the bowing effect [69]. The
formed curvature in Si, below the first oxide mask, is beneficial in this case, as it will
define the slope of the final tapered structures. However, the Si residue between the
widest part of the cavity and the second oxide mask needs to be removed (shown in light

Figure 3.10: Illustration of the bowing effect during etching finalization.
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gray in Fig.3.10B). For this reason, a second oxide mask is needed to expose this Si part
to plasma etching and to fine-tune the final slopes of tapered pillars. The etching after
the first oxide mask removal starts with an isotropic step (Fig.3.10 B). This etching step
will consume most of the Si residue, with a very small undercut below the second oxide
mask. In this way, the top and bottom shapes of the final structures are well-defined with
the second oxide mask. The iso etching step is followed by a Bosch process (Fig.3.10 C),
to smoothen out the sidewall underneath the second oxide mask and to fine-tune the
tapering angle. Additionally, the final Bosch step enables the merging of the cavities at
250 µm depth. In case the reverse approach was applied, first Bosch and then Iso etch,
the Bosch process would remove all the leftover Si below the first oxide mask and elon-
gate the etched profile, reducing the tapering angle. Iso etch would then compensate
for the angle reduction, but the bowing effect would be prominent in this case, creating
again significant undercut below the second oxide mask and affecting the final shape of
tapered cavities.

Figure 3.11: Examples of polyimide bonding issues.

2. Wafer bonding
The second critical step worth mentioning is the bonding of the process wafer to the
support wafer to provide the enclosure of pillars and wells from one side. Similar to
the straight pillar design, a rectangular focus feature was imprinted on the top of the
final PDMS tapered pillars (Fig.3.710). To achieve this patterning, small rectangles were
etched into the supporting Si wafer in correspondence with the tapered cavities. This
step imposes an additional challenge for the wafer alignment during bonding.

Polyimide bonding
To overcome the alignment challenge, the first approach was to bond a transparent wafer
with focusing features to the process wafer using uncured polyimide as the bonding ad-
hesive. The alignment was performed optically with a specially designed mechanical
wafer aligner. Aligned wafers were cured at 90° C, under the bonding pressure. This ap-
proach showed several drawbacks :
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• First, the uncured polyimide under pressure was pushed into the opened holes on ran-
dom spots across the wafer. The polyimide that reached the middle of the cavity from
the backside of the wafer interfered later with the final etching of the Si to merge cavi-
ties from both sides. (See Fig.3.11A, B)

• Second, PI that covered the supporting wafer was consumed during the last steps of
DRIE, in the exposed areas of pillars and wells. The uneven PI residues were visible on
the bottom of the opened structures, especially walls in Fig.3.11 C, D. Removal of these
residues is possible with CF4 plasma. However, this plasma treatment also affects the
cured polyimide layer that bonds two wafers, resulting in wafer detachment if exposure
to plasma is too long. Therefore, a compromise was found between the cleaning of the
exposed parts of the bottom wafer and affecting the PI bond.

• Finally, the applied pressure during wafer bonding and curing was controlled manu-
ally, which had a negative influence on bonding uniformity (Fig.3.11 E, F). As a result,
several Si islands with holes detached completely from the supporting wafer, decreas-
ing the fabrication yield.

Direct wafer bonding
Direct wafer bonding was explored only as the second approach due to the alignment
and contamination issues originating from the available tool in the cleanroom. Nev-
ertheless, with the soft baked SU8 as an adhesive layer, two Si wafers were bonded to-
gether, after 16h of the bonding process at 120° C temperature and 2.5 kN applied force.
The problem of polymer penetration into the pillar area was solved completely since the
used SU8 was already soft-baked. Also, the bottom of the opened pillars and wells were
completely free of residues, as shown in Fig.3.12. Additionally, the good bonding unifor-
mity resulted in increased fabrication yield to 100% for both 80° and 75° pillars.

Figure 3.12: Examples of the bottom of the structures in Si wafers at the end of the fabrication process, after
using direct wafer bonding with SU8 for A) 80° and B) 75° tapered pillars.
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3.3.4. CRITICAL PROCESS PARAMETERS

Several fabrication parameters influenced the process optimization and determined the
final design of the tapered pillars. The most relevant among them will be mentioned in
more detail.

1. Etch rate dependency on geometry
An important aspect of the fabrication process is the effect of the mask geometry on the
etching profile. This effect was already known and taken into consideration during the
design process, however, it could have been quantified only during the process develop-
ment.

During isotropic etch the efficiency and uniformity of gas interaction with the Si
atoms is the highest for circular geometries, while it decreases for sharp edges and nar-
row trenches [65]. This effect was noticed in the case of isotropic etching with a rectangu-
lar oxide mask. The final difference in lateral isotropic etching along x and y direction, as
defined in Fig.3.3, was found to be ≈ 10 µm by the end of the process. As a consequence,
the final tapering angle was different on each side of the pillars.

Not only does the etching depend on the geometry of the hard mask, but the fea-
ture size also influences the etching efficiency. For this reason, besides the difference
in lateral isotropic etching, there is a significant difference in both anisotropic (Bosch)
and isotropic vertical etching between pillars and the elliptic well. The etching area in
the case of the well is much larger than the pillar area, which allows more interaction of
the SF6 plasma with the exposed Si atoms. Due to this effect, elliptic wells were etched
faster than the pillars, resulting in a 50 µm depth difference when reaching the middle

Figure 3.13: Comparison between rectangular and rounded masks used for etching finalization for both ver-
sions of tapered pillars. Scale bar 100 µm.
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of the wafer. For this reason, the support wafer had to be included in the process very
soon after the beginning of the backside etching, to avoid well opening and detachment
of the islands with pillars before the end of the process.

The etch rate was also slightly affected by the different etching conditions in the front
and the backside of the wafer. During the backside etching, the cooling was less efficient,
due to the air present in the holes of the previously etched pillars. This effect increased
the isotropic etch rate by 16 ± 3 % while the Bosch process remained stable.

2. Wide mask geometry
The initial design assumed perfectly rectangular cross-sections both in the middle and
the top and bottom of the pillars, and the masks for oxide layers were designed accord-
ingly. However, due to the nature of the isotropic etching process - more precisely, the
bowing effect and the non-uniformity of the etching along x and y directions - the mask
design had to be modified. At the end of the first etching part using narrow rectangular
windows as the oxide mask, the top view of the formed cavity in Si was closer to an el-
lipse than a rectangle (Fig.3.13A, C). The second etch with the initial oxide mask resulted
in the addition of wide rectangular shapes at the top and the bottom of the pillars, which
disrupted the tapered geometry and affected the removal of the final PDMS structures
(Fig.3.13B, D). To circumvent this issue, the final mask for the second part of the etch-
ing included rectangular windows with rounded corners to match better the shape of
obtained cavities (Fig.3.13E-H). This approach increased the yield of the fabrication to
100%.

Figure 3.14: Optical inspection of the PDMS structures of both A) 80° and B)75° tapered pillars.

3.3.5. ANGLE MEASUREMENT
After PDMS moulding, the released tapered pillars were optically characterized to in-
spect the final dimensions and geometry. The Keyence laser profilometer with the mov-
able microscope was used for imaging tapered pillars at 60° view angle. The images of
both designs are shown in Fig.3.14.

In addition, scanning electron microscopy (SEM) was used to closely inspect the sur-
face properties of the holes etched into the Si wafer. Fig.3.15A shows the cross-section
of the diced Si wafer with both visible pillars of 75° tapering angle, while Fig.3.15B shows
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a close-up image of the top half of the etch cavity with clearly visible roughness and the
staircase-like structures on the wall.

Figure 3.15: SEM imaging of the 75° tapered holes etched into Si wafer.

Due to the previously mentioned difference in lateral isotropic etch rate in x and y
directions, it was expected that the final tapering angles would differ in both directions.
This was confirmed by final inspection and measurements of both PDMS structures and
cross-section of Si moulds. Obtained dimensions and accurate tapering angles were fur-
ther implemented in numerical model simulations for the characterization of pillars’
mechanical properties. (see next Section) The dimensions of the final masks and fabri-
cated PDMS structures are given in Table 3.2.

The large difference in dimensions of the masks and final structures originates from
the final etching steps. The isotropic etch is making the middle part of the pillars wider,
as well as introducing additional undercut in the top and bottom parts. For this reason,
the patterns of the masks were designed much smaller than expected structures to take
into account all the overetching.

Table 3.2: Designed and final dimensions of tapered pillars.

Tapering angle 80° Tapering angle 75°

mask
design

PDMS
structures

mask
design

PDMS
structures

αx 80° 78° 75° 75°
αy 80° 82° 75° 78°

wlong [um] 446 471 406 447
hlong [um] 222 252 234 280

wshor t [um] 345 383 290 367
hshor t [um] 100 142 70 157
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3.4. MECHANICAL PROPERTIES OF TAPERED PILLARS
Prior to designing the masks for fabrication and determining the final dimensions of pil-
lars, a numerical model was created using Comsol Multiphysics to perform the analysis
of the mechanical properties of the tapered pillar design. Further design upgrade fol-
lowed, after determining fabrication parameters and final dimensions of pillars. This
version was used for the comparison of mechanical characterization to numerical anal-
ysis.

3.4.1. FINITE-ELEMENT MODEL OF TAPERED PILLARS
The initial design of the tapered pillars and all the dimensions used during microfabrica-
tion were taken from numerical modelling of the pillars’ mechanical properties. Numer-
ical analysis was performed using the finite-element method (FEM) in Comsol Multi-
physics. Similar to the analysis of straight pillars, FEM was used to simulate pillar defor-
mation upon the force acting at the pillar’s side, mimicking the contraction of suspended
tissues. In the case of tapered pillar design, 3D geometry was first created in SolidWorks,
a 3D modelling software, and then imported into Comsol as a Parasolid file. SolidWorks
was especially useful for creating complex geometry with rounded pillar edges in the fi-
nal design. The second model included all the effects obtained after microfabrication
and therefore was the most accurate representation of the final PDMS structures.

Initially, the pillars were designed with rectangular cross-sections along the z axis.
The desired stiffness was obtained by tuning the hshor t and the mask dimensions were
extracted from this model following Eqs. (3.1-3.5). The 3D geometry of the pillar model
is shown in Fig.3.16A.

Figure 3.16: The initial design of tapered pillar geometry implemented in Comsol Multiphysics: A) 3D geom-
etry of pillars on the soft substrate; B) deformation of pillars upon force application on the sides; C) geometry
meshing to define computation points.
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Using the physics of the Solid Mechanics module in Comsol, a uniform load was ap-
plied to the 50x50 µm2 rectangular area on the wide side of the pillars. The load was ap-
plied along the x direction, on different positions along the z axis (Fig.3.16B). The load
distribution on the rectangular surface was used to mimic the nanoindentation setup,
which was used later to confirm the mechanical properties of the pillars. The material
for the pillars and substrate below was defined as Linear Elastic Material. The viscoelas-
ticity of PDMS was neglected, as the displacement of pillars and the material deforma-
tion was very small, and therefore still in the linear region. Young’s modulus of PDMS
was assumed to be 1.2 MPa, which is in accordance with the previous measurements
performed in our group. However, Ey was later precisely calculated during mechanical
characterization. The next step of the model building was the definition of the points for
which the set of differential equations in matrix form would be solved. These points are
defined by each node of extra fine tetrahedral mesh with the refined connection between
pillars and substrate area (Fig.3.16C). The momentum balance equation [70, 71] in the
form:

ρ0
d2u

dt 2 = FV +▽[(I+▽u)S] (3.10)

in a stationary study d2u
dt 2 = 0 was used to converge the matrix solution towards the values

of displacement components u,v,w. Here, the term FV represents volume forces acting
on the undeformed material, while the second term represents the divergence of the first
Piola-Kirchoff stress tensor, relating forces acting in the spatial directions to areas in the
undeformed configuration [51]. The flow of the FEM study is illustrated in Fig. 3.17.

Figure 3.17: Computational flow of FEM study of tapered pillar deformation implemented in Comsol.

Boundary load of F = 20 µN was applied on the defined rectangular areas along the
pillars’ length. The resulting deformation of pillars is shown in Fig.3.16B. This deforma-
tion (δ) was estimated from the computation output and the effective stiffness of pillars
(k) was determined based on the equation:

F = k ·δ (3.11)

Geometry dimensions from these simulations were used for the initial mask defi-
nition. However, after the fabrication of tapered pillars, the design from Comsol was
updated according to the fabrication constraints and finally obtained dimensions. The
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more realistic, new geometry was further used to estimate the stiffness of pillars and to
compare it with nanoindentation measurements. Final pillar geometry, and the resulting
pillars’ displacement, as well as the meshing of the geometry, are illustrated in Fig.3.18.

Figure 3.18: Final design of tapered pillar geometry based on fabrication results, implemented in Comsol
Multiphysics: A) 3D geometry of pillars on the soft substrate; B) deformation of pillars upon force application
on the sides; C) geometry meshing to define computation points.

3.4.2. ANALYTICAL MODEL DERIVATION

For straight pillars, the analytical model was imported from the standard linear beam
theory. However, the case of tapered beams requires a different approach. There are sev-
eral analyses of deformation and stiffness calculation for single tapered members [72–
74]. The concept from those studies can be extended to find the approximate deflection
curve in the specific case of symmetrically tapered pillars. This analysis still assumes
small beam displacement, and for this reason, the theory of equivalent systems was used
to simplify the problem [75]. This theory applies in cases where the structure has a vari-
able moment of inertia in the plane normal to the neutral bending axis of the beam. The
cross-section of the pillar along the longitudinal axis, with the bending principle used in
this model, and the relevant dimensions are shown in Fig.3.19.

The analysis starts from the moment-curvature equation, which is a second-order
differential equation describing the beam curvature, for small beam displacement, when
the load is applied in x direction:

d2 y

dx2 =− Mx

EY I
(3.12)

By double integration of Eq.3.12, the deflection curve y is obtained in the following form:

y = 1

EY I

∫ [
−

∫
Mx d x

]
d x +C1

∫
d x +C2, (3.13)
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Figure 3.19: Illustration of the tapered beam model with one fixed end and the deformation as a consequence
of the applied point force F.

where C1 and C2 are integration constants determined by the boundary conditions, EY

is Young’s modulus of the beam material, I is the second moment of cross-sectional area
and Mx is the bending moment acting in the direction of the applied load. The term EY I
describes the resistance of the beam to bending. In case of variable stiffness or beam
cross-section, this term becomes a function of x, where x is the bending axis of the beam:

EY I = EY (x)I (x) (3.14)

In the case of tapered pillars, Young’s modulus is constant, while the second moment of
cross-sectional area about the bending axis I is varying across the pillars’ length. It can
be expressed in the following manner:

I (x) = IL/2 f (x), (3.15)

where IL/2 is the value of I in the middle of the pillars, where the cross-section is mini-
mum. Eq.3.13 becomes:

y = 1

EY IL/2

∫ [
−

∫
Mx d x

f (x)

]
d x +C1

∫
d x +C2, (3.16)

The resultant bending moment at any cross-section is defined as:

Mx =−F (L−x) (3.17)

The equation for the second area moment for a beam with a uniform rectangular cross-
section is:

Ix = wh3

12
(3.18)
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However, in our case, both w (width) and h (thickness) are functions of x. Therefore:

Ix = w(x)h(x)3

12
(3.19)

Eq. 3.16 can be solved by dividing the problem into two separate segments and con-
necting them with boundary conditions. It is possible to define linear functions for both
w(x) and h(x) on these two regions:

w(x) =


(
1− 2x

L

)
w(0)+ 2x

L w
( L

2

)
, 0 < x < L

2( 2x
L −1

)
w(L)− ( 2x

L −2
)

w
( L

2

)
, L

2 < x < L
(3.20)

h(x) =


(
1− 2x

L

)
h(0)+ 2x

L h
( L

2

)
, 0 < x < L

2( 2x
L −1

)
h(L)− ( 2x

L −2
)

h
( L

2

)
, L

2 < x < L
(3.21)

By including these functions in the Eq.3.19, I (x) becomes a fourth-degree polynomial
function. To simplify the computation of the analytical solution of Eq.3.19, I (x) is ap-
proximated with a second-degree polynomial using function fitting tools of Matlab. I (x)
becomes:

I (x) =
{

(p1x2 +p2x +p3)I
( L

2

)
, 0 < x < L

2

(m1x2 +m2x +m3)I
( L

2

)
, L

2 < x < L
(3.22)

Coefficients pi and mi , i= 1,2,3, for both 75° and 80° tapered pillars, are given in Table
3.3.

Table 3.3: Fitting coefficients for the second moment of inertia. I (x)

i 1 2 3

75° pi 7.3 ·10−9 −4.47 ·10−12 8.1 ·10−16

75° mi 7.3 ·10−9 −2.7 ·10−12 3.5 ·10−16

80° pi 5.6 ·10−9 −3.5 ·10−12 6.23·10−16

80° mi 5.6 ·10−9 −2.01 ·10−12 2.7 ·10−16

The approximation of I (x) with the second-degree polynomial is shown in Fig.3.20,
proving the good agreement with the exact values obtained using the Eqs.3.19-3.21 at 10
positions along each segment. Fig.3.20A shows only I (x) fitting for 80° tapered pillars
since the slopes are similar for both designs.

By including this approximation into the Eq.3.16 it is possible to obtain a set of equa-
tions for bending curve of tapered pillars on two specified segments:

y(x) ≈


1

EY IL/2

∫ [∫ F (L−x)d x
(p1x2+p2x+p3)

]
d x +C1

∫
d x +C2, 0 < x < L

2

1
EY IL/2

∫ [∫ F (L−x)d x
(m1x2+m2x+m3

]
d x +C1

∫
d x +C2, L

2 < x < L

(3.23)
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Figure 3.20: A) Fitting the discrete values of I (x) based on analytical expression to the second degree polyno-
mial approximation; B) Comparison of numerical and analytical models for the displacement of 80° tapered
pillars tip, for different positions of applied force along the length of the pillar.

The solution for the bending curve can be obtained with the set of boundary and
matching conditions to calculate integration constants. First boundary conditions are
defined at the fixed end of the beam (x = 0), assuming that both deflection and slope are
zero:

y(0) = 0 (3.24)

dy

dx
= 0 (3.25)

These two boundary conditions provide the solution for the first segment x ∈ (0, L
2 ). For

the second segment, the continuity in mechanical behaviour applies, assuming the con-
tinuity of the slope and matching deflection at the junction of two intervals. Therefore,
matching conditions are defined as follows:

y

(
L−

2

)
= y

(
L+

2

)
(3.26)

dy

dx

(
L−

2

)
= dy

dx

(
L+

2

)
(3.27)

The solution for the bending curve was obtained using dsolve function in Matlab for
corresponding boundary conditions. Finally, the maximum displacement of the beam
(Ymax = y(x = L)) was calculated for different positions of applied point force along the
beams’ length.
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The results obtained from the analytical model were compared to Comsol simula-
tions for both types of tapered pillars. To reduce calculation complexity, a rigid surface
was assumed as the contact point at the bottom of the pillars and the effect of substrate
deformation was not taken into account for analytical analysis. For the sake of the model
comparison, the same conditions were implemented in Comsol, assuming that pillars
are attached directly to the rigid surface. In Fig.3.20B the comparison of the numerical
and analytical model is shown. The calculated correlation coefficient (R = 0.999) shows
very good agreement between the two models.

The analytical model development enabled direct calculation and fitting of EY , to the
experimental values obtained from mechanical characterization, as it will be shown in
the next section. Later on, the accuracy of the value obtained with the analytical model
is compared to FEM analysis, which takes into account the more realistic geometry of
pillars and replicates measurement conditions.

3.4.3. NANOINDENTATION MEASUREMENT

Figure 3.21: Nanoindentation setup
for mechanical characterization of ta-
pered pillars. Tapered pillars in PDMS
mounted on a metal base with the sen-
sor tip next to it.

In the same way as previously described in Chapter
II, FemtoTools Nanomechanical Testing System (FT-
NMT03) was used for the mechanical characteriza-
tion of the tapered pillars. Silicon cantilever with a
flat circular tip, 50 µm in diameter, was used to ap-
ply force, with 15° orientation angle, on different po-
sitions along pillar length. The setup is illustrated in
Fig.3.21. Measurements were performed on 3 different
positions, on each pillar. The measurements were re-
peated for 3 samples of both 75° and 80° tapered pil-
lars. The maximum applied force was 80 µN and the
pillars were displaced accordingly. A corresponding
displacement–force curve was obtained by measuring
pillar displacement with a piezo-scanner. The stiffness
of the pillars was obtained from the unloading curve
upon the pillars’ return to the initial position.

MODEL FITTING: YOUNG’S MODULUS CALCULATION

The nanoindentation measurements were used to calculate the exact Young’s modulus
of PDMS and to compare their elastic curve to the ones obtained from the numerical and
analytical analysis.

Both analytical and numerical models assumed EY = 1.2 MPa. The condition from
the experimental setup was recreated in the numerical model, as mentioned earlier.
The disagreement between modelling and measured values is evident from the graphs,
therefore, correction for EY was performed. The analytical equations were solved from
the EY ∈ {500,1300} KPa in 500 points. The new EY was selected as the value for which a
minimal square difference between experimental and analytical data was obtained, for
both pillar types. The updated value for EY was 900 KPa which is the value implemented
into the numerical model as well. A comparison of the two models to the experimen-
tal values, before and after the EY correction, is shown in Fig.3.21. The value for EY is
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slightly higher than the one obtained in Chapter 2 (800 KPa), which can be attributed to
the difference in thickness of PDMS below pillars between different measurements.

Figure 3.22: Comparison of the numerical, analytical and experimental data A) before and B) after EY correc-
tion for 80° tapered pillars and C) before and D) after EY correction for 75° pillars.

3.5. BIOLOGICAL VALIDATION OF PLATFORMS

The assessment of the efficiency of the novel pillar design was performed by culturing
EHTs on both tapered pillars and comparing them to the tissue performance in the case
of straight pillars. The main questions of the study were the efficiency of tissue confine-
ment in tapered design and its effect on the tissue contractile properties, the yield of the
experiment and the dispersion of the results.

Figure 3.23: Representative images of EHTs formed around A) straight, B) 80° tapered, and C) 75° tapered
pillars.
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3.5.1. TISSUE CULTURE

For EHT formation on tapered pillars, a similar protocol was used as reported in Chapter
2, with the addition of endothelial cells. Briefly, three different cell types: cardiac fibrob-
last (cFB), endothelial cells (ECs) and cardiomyocytes (CMs) were derived from hiPSC
line (LUMC0020iCTRL-06). The hiPSCs were differentiated into CMs as described previ-
ously [33, 41]. The EHTs were composed of 70% hiPSC-CMs,15% hiPSC-derived cFB and
15% ECs. For the ECM gel mixture, 41% of acid solubilized collagen I (3.3 mg/mL), 5% of
DMEM (10X), 6% of NaOH, 9% of growth factor reduced Matrigel and 39% of formation
medium were used. The EHTs were cultures in formation medium for 72h combined
with VEGF (50 ng/mL) and FGF (5 ng/mL). After 72h the culture medium was switched
to BPEL+ VEGF (50 ng/mL)+ FGF (5 ng/mL) and maintained in culture for 14 days. The
tissues were successfully formed in all three different pillar designs. Representative im-
ages of tissues formed around straight, 80° tapered and 75° tapered pillars are shown in
Fig.3.23. Brightfield images were taken live on day 7 since the beginning of the experi-
ment with a Nikon Eclipse Ti2.

From Fig.3.23 it is possible to notice the difference in tissue formation among differ-
ent platforms. In the case of straight pillars, it is common to have a triangular-shaped
area without cells called a "V-neck" [76], next to the pillars. This means that, in the case
of straight pillars, the tissue does not adhere completely to the pillar area, which creates
challenges for the optical force readout, as will be explained in Chapter 4. In the case of
both tapered designs, there is no evidence of a "V-neck" appearance.

Figure 3.24: Immunostaining of the tissues in three different platforms for cardiac-specific markers: alpha-
actinin (red), and cardiac troponin T (green). Nuclei were stained with DAPI (blue). The superposition of all
three color channels is shown in the last figure (Courtesy of Laura Windt, LUMC). Scale bar 200 µm.
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Immunostaining of the intracellular sarcomeric structures demonstrated the cellu-
lar organization around all three versions of pillars and sarcomere orientation. The tis-
sues were stained whole–mount and imaged with an Andor Dragonfly 500 fluorescent
microscope on day 15 from the beginning of the experiment. Sarcomeres were stained
using cardiac-specific antibodies against alpha-actinin (ACTN2) and cardiac troponin T
(TNNT), while nuclei were stained with DAPI (Fig.3.24).

3.5.2. TISSUE POSITION MEASUREMENT
To assess tissue confinement with the tapered geometry, the tissue positions along pil-
lar length were measured for both designs. Optical images were taken using a Keyence
VHX-900F microscope at 60° view angle. The imaging was performed at the end of the
experiment, after fixing the tissues on the pillars. The measurements were repeated for
a minimum of three tissues of each tapered pillar design and the confinement in the
middle of pillars was seen in all of them. In Fig.3.25 representative examples of tissue
confinement in the middle area of both tapered pillar designs are shown. By visual in-
spection, it was determined that the new geometry successfully provided mechanical
constraints on the tissue movement outside the narrow area in the middle of the pillars.
However, the exact measurement of tissue thickness from the obtained images is still
challenging, due to the evaporation of excess liquid once the elliptic well is disrupted.

Figure 3.25: Optical images of tissue confinement in the middle of A) 80° and B) 75° tapered pillars.

3.5.3. COMPARISON BETWEEN STRAIGHT AND TAPERED DESIGN
The comparative study between tapered and straight pillar designs was performed based
on the yield of the experiment and contractile tissue parameters.

The yield of the experiment significantly improved from 15% for straight design to
100% for both 80° and 75° tapered pillars. This means that all tissues on tapered pillars
reached the end point of the experiment, proving that spatial confinement solved the
problem of jumping off and enabled long-term cell culture. The duration of the experi-
ment was 14 days.

The contractile parameters of tissues in different pillars were measured. The videos
of contracting tissues were recorded on days 4, 7 and 11, during spontaneous contraction
as well as during electrical pacing at 1 Hz and 2 Hz. Videos of contracting tissues of 10 s
duration were recorded using an inverted optical microscope (Nikon Eclipse Ti2) with a
high-speed camera. Videos were analyzed using ForceTracker (Chapter 4), the custom-
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made standalone app for tissue contractile performance assessment. The results of the
analysis and comparison of all three designs on day 7 are shown in Fig.3.26.

It is possible to notice from the graphs that the variability in the contractile behav-
ior is significantly reduced in the case of both tapered pillar designs compared to the
straight ones (85%). The other parameters describing contractile kinetics, such as con-
traction and relaxation time to reach 10% and 90% of the upstroke and downstroke of
the contraction cycle, are comparable in all three designs. It is yet to be determined to
which extent can the decrease in variability of contractile properties be attributed to the
new pillar design and tissue confinement. Another factor that needs to be taken into
account before making any conclusion is the difference in pillar stiffness between all
three designs, which can also have an influence on the contractile force generation and
reduction of output variability.

Figure 3.26: Contractile performance analysis of EHTs in straight and tapered pillars: A) Contractile force of
EHTs. Contraction kinetics, specifically B) contraction and C) relaxation speed over time; D) Time of contrac-
tion to reach 10% and 90% of the upstroke and downstroke of the contraction cycle.

3.6. DISCUSSION AND CONCLUSION
In this Chapter, a novel design of PDMS pillars for tissue self-assembly in EHT plat-
forms was introduced. The design is meant to increase the control over tissue position
over time and consequently reproducibility of contraction force measurements. PDMS-
based pillars were designed and fabricated in an hourglass shape, with symmetric taper-
ing, producing a restriction in the middle of the pillars’ length. Such design was shown to
provide precise and predictable confinement of EHTs around the pillar restriction, as it
presents mechanical resistance to tissue movement. Additionally, the issue of "jumping
off" was successfully addressed with the tapered design, resulting in an increased yield
of the experiment. The pillars were made with two different tapering angles: 75° and 80°
to test their confinement efficiency.
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The design, modelling and microfabrication of both pillar variations were described
in detail. The final dimensions were achieved through several iterations due to many
fabrication challenges. Even though the final measured tapering angle corresponded
to the anticipated values, there is still the possibility for further optimization to reduce
the broadening of the initial mask dimensions and to achieve better control of the final
structures. One difficulty in achieving this is the limitation imposed by the isotropic
etching of narrow trenches. By reducing the width of rectangular windows in the first
oxide mask to compensate for the structure broadening until the end, the uniformity of
isotropic etch reduces. For this reason, there is a trade-off between the smallest value
for the hshor t that can be achieved and the final difference in tapering angles in x and y
directions. Both affect the stiffness of the pillars, therefore tuning of dimensions has to
be performed with consideration of mentioned effects.

Additional improvement of the process must be implemented for better inclusion of
focus features on top of the pillars, as these are crucial for optical imaging and use in soft-
ware for contractile force analysis. These features were initially etched in the support sil-
icon wafer before bonding with SU8. However, the etched cavities were not deep enough
to be transferred as a rectangular pattern on top of pillars during PDMS moulding, since
the SU8 layer on top reduced their step height. This is something to be adjusted in the
future fabrication process.

In addition, the mechanical characterization of both tapered designs was performed
using a nanoindentation measurement system. This resulted in the correction of the
assumed Young’s modulus and consequently precise measurements of the force of con-
traction. It was discovered that the stiffness of new designs is higher than expected by
the design because of the geometry widening and fabrication limits. This is something
that can be fine-tuned by reducing the number of final etching steps with the second
oxide mask or with a slight change in geometry.

The efficiency of tapered designs in tissue confinement was tested by performing
a comparative study between straight and tapered pillars. It was noticed that the tissue
formation was unaffected by the new pillar design. Additionally, the “V-neck” was absent
for tissues in tapered pillars, meaning that the tissue adheres entirely to the indented
pillar area in the middle [76]. This is very beneficial for imaging purposes since the elim-
ination of the ”V-neck” shape improves the efficiency of pillar displacement tracking.

Tissue confinement was confirmed optically for both tapered designs. Consequently,
the yield of experiments significantly increased as the jumping-off issue was solved. It is
yet to be determined whether the confinement of the tissue originates only because of
the tapering geometry or the effect of higher stiffness has a significant influence as well.
This will be tested in the future by reducing the stiffness of tapered pillars and analyzing
the confinement efficiency.

Furthermore, the effect of the tapered design on tissue contractile properties was
analyzed. A decrease in variability for the contractile force measurements was noticed,
while the other contractile kinetics parameters were comparable in all three designs.

To conclude, all the drawbacks of the previous straight pillar design were successfully
addressed with the tapered approach. Further experiments and analysis of the tissue
contractile behavior will lead to more concrete biological conclusions about the exact
influence of pillars’ mechanics and geometry on tissue contractile performance.
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CHAPTER 4

OPTICAL READOUT OF TISSUE
 CONTRACTILE PROPERTIES
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4.1. THE IMPORTANCE OF CONTRACTILE FORCE ASSESSMENT

A Fundamental function of the heart is the development of contractile force to push
blood flow in the body. Cardiac contraction is the result of a fine-tuned interplay be-

tween electrical activation, calcium handling, and myofilament activation [7]. There are
several intrinsic mechanisms that regulate this fine interplay and adjust the response
of the cardiac muscle according to electrical or mechanical stimuli. For example, the
Frank-Starling [FS] mechanism adjusts the contraction force to the load applied to the
cardiac muscle, while the force-frequency relationship [FFR] enables response to the
rapidly changing requirements of blood supply by an increase in force [8]. These mech-
anisms are just two examples that demonstrate the importance of contractile force reg-
ulation in a healthy heart. Moreover, there is a spectrum of cardiovascular diseases ( e.g.
cardiomyopathy, myocardial infarction, hypertrophy) directly affecting the contractile
function of the heart. Hence, measurement of cardiac contractile kinetics is crucial to
assess the level of recapitulation of the human physiology and pathophysiology in an in
vitro model. Specifically, in the case of hiPSC- based in vitro models, the force of con-
traction represents one of the most important hallmarks of tissue maturation towards
the adult-like myocardium.

Among many benefits of using the engineered heart tissue (EHT) approach, the one
that stands out is the ease of contractile force assessment in these models. Upon the tis-
sue enclosure around the micropillars, the formed healthy tissue starts spontaneously
contracting in a rhythmical manner, as described previously. The force of contraction
causes the bending of elastic pillars and can be correlated to the consequential displace-
ment of the pillars’ tips. Due to the small pillar displacement, the torsion of the pillar
is neglected and only bending is taken into account for the force calculation. The main
principle of pillar deflection upon the contraction of the tissue is illustrated in Fig.4.1.

Figure 4.1: Principle of posts (gray) bending upon tissue (blue) contraction.

Various EHT platforms have been developed and used across different research groups
[19, 34–36, 41, 45, 77]. Many of them are based on the model of cardiac tissue suspended
between two or more elastic pillars. These platforms differ in the shape and size of pil-
lars, the distance between them, and the shape and size of the tissues formed around
them. The most representative examples are shown in Fig.4.2. One aspect they all have
in common is the measurement principle used to obtain contractile parameters of the
tissues [37, 78, 79]. Typically, deflection of pillars is optically tracked over time and later
converted into the force applied by the tissue. To assess the pillars deflection, different



4.1. THE IMPORTANCE OF CONTRACTILE FORCE ASSESSMENT

4

69

research groups use custom-made and platform-specific image processing algorithms
[80]. Used programming languages vary, and most of the developed tools are not openly
available to the scientific community. The mentioned drawbacks prevent the cross-
comparison of the results between different research groups, making the standardiza-
tion of tissue contractile measurements in EHT platforms particularly challenging.

Together with the collaborators from the University of Twente, within the Nether-
lands Organ-on-Chip initiative, we identified the need for the development of a robust,
platform-independent, easy-to-use, and standalone software tool for assessing contrac-
tile properties of tissues in different EHT platforms. To address this need we propose
ForceTracker, a standalone application developed in Python that provides a time-efficient
and robust analysis of EHT contractile dynamics, from multiple video formats and dif-
ferent EHT platforms. The core of the standalone application is a shape-detection al-
gorithm that tracks the deflection of tips of elastic pillars throughout all the frames of a
video recording of a contractile assay. The detection is implemented in a shape-indepen-
dent manner with respect to the geometry of the pillars and currently operates for circu-
lar and rectangular shapes, as those are the most common shapes of pillar cross-sections
used in EHT platforms.

Figure 4.2: Examples of different EHT platforms:(A-B) Platform with a pair of rectangular pillar cross-sections
with a constraining feature on the top [19]; (B) Platform with circular pillar cross-section [35];(C-D) Platforms
with rectangular cross-section culturing the microtissues (without the constraining feature) [34, 41]; (E) Plat-
form with (two-step) droplet-shaped pillars [45].

4.1.1. RECTANGULAR AND CIRCULAR EHT PLATFORM
The current implementation of ForceTracker was benchmarked through two specific
EHT platforms, as relevant representatives of the platforms used across the field (Fig.4.3).
The first of these EHT platforms was developed at the University of Twente by Ribeiro et
al. and will be referred to in this chapter as the circular platform [35]. This platform hosts
tissues suspended between two cylindrical 3 mm-long polydimethylsiloxane (PDMS)
pillars, which fit into individual holders made by micro-milling polymethyl methacry-
late (PMMA) (Fig.4.1A). The platform is designed to fit in a 12-well plate format, with
three tissues per well (Fig.4.3B-C). The second EHT platform is the platform with rect-
angular micropillars, (i.e. rectangular platform), whose design and development were
explained in detail in previous chapters. (Fig.4.3D-F).
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Figure 4.3: Engineered heart tissue (EHT) platforms used for the ForceTracker implementation. (A-C) Circular
platform: (A) Image of three EHTs formed around cylindrical pillars on a single-well holder. (B) Brightfield
image of a single EHT bottom view in a 12-well plate format. (C) Illustration of the bending principle of elastic
cylindrical pillars upon tissue contraction. (D-F) Rectangular platform: (D) 3D model of the EHT platform
within a single compartment of a 96-well plate, with the PDMS structure in blue and cardiac tissue in brown.
(E) Brightfield image of an EHT top view in a 96-well plate format. (F) Illustration of the bending principle of
rectangular elastic pillars upon tissue contraction. F= Force of contraction, k=pillars stiffness, and δ = pillars
deflection.

4.2. ForceTracker IMPLEMENTATION
The implementation of ForceTracker can be divided into three parts. In the following,
the first and the second part describe the two most important building blocks of the soft-
ware: the shape-detection and tracking algorithm, and the data analysis block. Finally,
the overall structure and user interface of the software are described in the last part.

4.2.1. SHAPE-DETECTION AND TRACKING ALGORITHM
The core of the developed software is a shape-detection and tracking algorithm. The al-
gorithm extracts the positions and shapes of pillars’ tips from each frame of the recorded
videos and tracks their displacement throughout all the consecutive frames. In addition
to pillars’ displacement, the algorithm also measures and tracks the change in the size
of the tissue during the contraction cycles. The displacement of pillars is measured in
pixels and later converted to micrometers. Further calculations correlate this displace-
ment to the tissue’s contractile performance. The shape-detection and tracking algo-
rithm is coded in Python, using built-in functions of openCV and skimage libraries [81].
The shape-detection and tracking algorithm was implemented in three steps: image pre-
processing, thresholding, and shape tracking. All the steps of the algorithm are depicted
in Fig.4.5 and detailed below.

IMAGE PRE-PROCESSING

Several image transformations are applied to ensure low noise and robust shape detec-
tion. Firstly, each frame is converted to a grayscale image, decreasing the image com-
plexity from three color channels to one, while preserving the information about pixel
luminosity. The latter is quite important, as it is the concept that many downstream
image processing algorithms rely on. The second step of image pre-processing is the re-
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moval of small noise and glitches in pixel intensity. Bilateral filtering is used for this pur-
pose. Unlike standard blurring and smoothing techniques which only remove noise by
blurring the entire image, bilateral filtering also preserves object edges and shapes [82].
This is made possible by considering only pixels with similar intensity values among
neighboring groups of pixels.

However, bilateral filtering only removes small noise and reduces glitches, which
is often not enough to avoid larger artifacts (e.g., shadows, air bubbles, or cells/ECM
residues). In that case, morphological transformations are implemented to achieve higher-
level filtering [83]. First, image erosion is performed to eliminate small objects from the
image and clear out the defects around the edges of bigger objects. It results in a re-
duction in object size in the image, as all the boundary pixels are ‘cleared out.’ To bring
the eroded objects back to their initial dimensions, the complementary transformation
to erosion, i.e. image dilation, is performed. Image dilation expands the objects by as-
signing value ‘1’ to the surroundings of remaining active pixels by following the pattern
inferred from the transformation itself. The combination of these two morphological
transformations removes most of the small defects from the original image. Additionally,
it is very efficient in decreasing or even eliminating shadows of pillars from the images.
The effect of each step of image pre-processing and its importance for the final detection
result is demonstrated in Fig.4.5A-B.

Figure 4.4: Pixel intensity distribution. (A) Low brightness distribution. (B) Medium brightness distribution.
(C) High brightness distribution.

THRESHOLDING

Videos that are targeted for analysis with ForceTracker depict rhythmical contraction and
relaxation cycles of 3D tissue-like constructs of cells, densely compacted around a pair
of elastic pillars. In both platforms of interest, the pillars are made of PDMS, a material
transparent in the visible range of the electromagnetic spectrum. In the context of im-
age processing, this transparency translates into high-brightness pixel areas represent-
ing the PDMS pillars, surrounded by low-brightness pixel areas of opaque tissue. This
condition of imaging made the Otsu thresholding method the most suitable approach to
distinguish transparent (pillars) from opaque (tissue) frame areas. The Otsu algorithm
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extracts the high-intensity objects from dark backgrounds by finding the optimal pixel
threshold intensity value [84, 85].

In our case, we binarize the image using the Otsu threshold, by converting all the pix-
els belonging to the pillars’ tips into white areas, and all the pixels belonging to the tissue
into black areas. The algorithm first finds the distribution of pixels per gray-scale inten-
sity. An example of pixel intensity distribution for different brightness levels in videos
is illustrated in Fig.4.5. This distribution is affected by the contrast, pixel intensity, and
amount of bright and dark areas in an image. Regardless, in the pixel intensity distribu-
tion of each frame, it is possible to clearly distinguish two peaks belonging to two classes
of pixels. Low-intensity pixels in the first peak belong to the tissue area, while the high-
intensity pixels of the second peak represent transparent pillars and the bright part of
the image outside of the tissue area. The Otsu threshold is then calculated by maximiz-
ing the variance between the two classes of pixels and finding the pixel intensity value for
which the overlap of two peaks is negligible. This output value is further used for binary
thresholding the image into the white areas corresponding to the pillars and the black
area representing the tissue. Examples of final frames, after performing thresholding,
are shown in Fig.4.5.

SHAPE DETECTION

Shape detection and tracking start by dividing the frame vertically into two symmetric
parts. Each part of the image contains one pillar and approximately half of the tissue. Af-
ter the Otsu threshold is obtained, the image binarization is performed on both parts of
the original image, resulting in two black-and-white images. The accuracy of final shape
representation after binarization is strongly dependent on the quality of previously per-
formed filtering and thresholding. Once the white pillar tip areas are extracted from the
black background, detection can be performed. Using a contour detection function, the
edges of each object in the image can be found by calculating the maximum intensity dif-
ference between neighbouring pixels [86, 87]. Ideally, at this step, only the tissue and two
pillars should be detected, as all the other artifacts should be filtered out of the frame.
The exact areas of pillars are differentiated from the tissue contour with a dimension
sorting algorithm. In this method, the detection of pillar contour is shape-independent,
as the contours can be found for any shape in the image. Depending on the shape of
the cross-section of the pillar, the detected contours are approximated with circles or
rectangles. Approximation with rectangles or circles is only implemented for the ease
of further processing and contractile properties calculations (Fig.4.5D). This means that
the software can easily be expanded for tracking different pillar geometries.

It is relevant to mention that in the case of the platform with rectangular pillar cross-
section, an additional shape often appears in the videos, between the tissue and pillars,
previously described as “V-shape” [76]. This shape originates from the inner area with-
out cells, as the tissue does not adhere completely to the pillars from the inner side. Due
to its transparency and therefore high-intensity pixels, this area becomes white and gets
merged to the one side of the rectangle. Additional masking steps are implemented to
exclude the area with no cells from the final shape detection and to ensure that only
rectangles are selected for tracking.

For each detected pillar, a shape centroid is found using image moments. In this
way, the geometric center of both pillars is obtained, and its relative movement can be
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Figure 4.5: Algorithm detection steps. (A) Original image of circular (top) and rectangular platforms (bot-
tom). (B) Pre-processing. The images are converted to grayscale, processed by the bilateral filter, and lastly
by complementary morphological transformations (erosion and dilation). (C) Thresholding step of combining
binarization and contour detection. (D) Tracking of the pillars from both platforms (light blue contours).

tracked throughout all the frames of a video. Absolute displacement of pillars relative
to each other is found by calculating the Euclidian distance between the centers of the
detected shapes. This calculation is repeated for every frame of a video, finally result-
ing in the periodic data series depicting the rhythmical contraction of the tissue. The
displacement is measured in pixels and later converted to micrometers for further force
calculations. In addition to the pillar tip displacement, the change in tissue surface area
is also measured in each frame. In this way, we are able to quantify the change in tissue
surface area during the tissue’s contraction cycles.

For each detected pillar, a shape centroid was found using image moments. In this
way, the geometric center of both posts is obtained, and its relative movement can be
tracked throughout all the frames of a video. The relative displacement of posts to-
wards each other is found by calculating the Euclidian distance between centers of de-
tected shapes. This calculation is repeated for every frame of a video, finally resulting
in sinusoidal-like data depicting the rhythmical contraction of the tissue. The displace-
ment is measured in pixels and later converted to micrometers (µm) for further force
calculations. All the steps of the detection algorithm are shown in Fig.4.5.

Except for the pillar tips displacement, the change in the tissue area is also extracted
from the videos. The surface of the tissue area is measured based on the detected con-
tour around the tissue. In this way, we can quantify the change in tissue size during the
contraction cycle.

4.2.2. DATA ANALYSIS
The contraction wave of the tissues is the output of the shape detection algorithm, and it
is used to further calculate the physiological hallmarks of the EHTs. An absolute force of
contraction (FoC) is the main readout of the software, as it can be directly correlated to
the performance of the CMs and their level of maturation [21]. Furthermore, FoC output
allows identifying the effect of different drug compounds on the CMs, a disease mech-
anism, or the response to external stimuli, which can be related to the in vivo situation
[24, 88].

To calculate the FoC, mechanical properties of each platform must be known (e.g.,
Young’s modulus of the pillar material, the position of the tissue adherence to the pillars,
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Figure 4.6: ForceTracker graphs output. (A) Force of contraction (FoC) graph with the explanation of contrac-
tion cycle with maxima and minima, and the time to achieve 10% and 90% of contraction and relaxation (B).
(C) ForceTracker’s four output time series graphs: pillar displacement, FoC, contraction and relaxation time,
and force per surface area.

and the geometry of the pillars). For each platform, the FoC generated by the tissues was
calculated using previously described methods [35, 41]. In addition to the FoC gener-
ated during contraction cycles, a resting tension acts upon pillars during tissue forma-
tion. This tension imposes a preload on the pillars, and it is calculated as the difference
between the position of the unloaded and loaded pillars. The baseline of the contraction
cycle was set to zero by subtracting the resting tension from the measured force values.

Even though the FoC is a major hallmark of cardiac function, contractile kinetics also
provides significant insights into cardiac (patho)physiology [21, 24, 88]. There are exam-
ples where pathological effects can be hindered by the preserved amplitude of contrac-
tile force but are clearly expressed in the alterations of contractile kinetics [89]. Also in
the intrinsic regulatory mechanisms of the myocardium, such as the FFR and the FS,
contractile kinetics are up or downregulated.

The analysis of the contractile kinetics of EHTs can be performed only across a com-
plete contraction cycle. This is implemented in ForceTracker in a robust way, by analyz-
ing the data between two minima surrounding a peak value of the contraction. In the
cases when the brightfield video starts or ends in the middle of a contraction cycle, this
data is discarded. Further on, the speed of contraction and relaxation is calculated from
each contraction cycle. Additionally, the time to reach 10% and 90% of the up-stroke and
downstroke of the contraction cycle is also obtained.

Another relevant contractile parameter is the FoC per cross-section area of the tis-
sue. However, in previous studies, obtaining this value requires an additional histolog-
ical step for every analyzed tissue, and can be performed only at the end of the experi-
ment [39, 90–93]. Instead, as alternative information, the measured surface area of the
tissue was used to calculate the force per tissue surface area. The data analysis output
graphs and illustration of the contractile parameter calculation are shown in Fig.4.6.
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4.2.3. SOFTWARE LAYOUT

The complete ForceTracker app is composed of multiple building blocks. Each of the
building blocks facilitates an important part of the video analysis process. The main
ones are: shape detection, tracking algorithm, and data analysis, which were previously
detailed. However, there are additional layers required to run a robust standalone app.
They are all interconnected through the user-friendly graphical interface (GUI)(Fig.4.7).
The software GUI was implemented using built-in functions of PySimpleGUI library.
This library enabled us to develop an interactive environment with relevant feedback
and pop-up error messages for the users [94]. The GUI contains three separate tabs re-
quiring specific input from the user, prior to starting the analysis.

First, the algorithm requires general information such as the format of video files and
the location of the folder containing files for analysis. (Fig.4.7A) This information can be
inserted via the Main Menu tab (Fig.4.7A-B). Currently, the algorithm can process videos
in .avi,.tiff, and .nd2 formats. The second step is the definition of detection parameters
within the Settings tab (Fig.4.7C). Here the user selects the cross-section of the pillars and
specifies its dimensions in micrometers (Fig.4.7D) together with mechanical properties
(Fig.4.7E). In the last tab Data Analysis (Fig.4.7F) the user makes a selection of the graphs
that will be stored in the output folder after completing the analysis. The available out-
put graphs show the displacement of pillars, the force of contraction, contraction and
relaxation speed, and the force of contraction per tissue area.

The automatic video analysis starts by pressing the button “Start Analysis” in the
Main Menu, once all the input parameters are defined (Fig.4.8A-B). The computation
first runs Shape-detection and tracking algorithm for every available video. The video
analysis is done in parallel, using a multithreading approach (Fig. 4.8C). This method
maximizes the speed of data processing as it uses in parallel all available cores of a per-
sonal computer (PC) to execute the program. In our case, using a high-end PC (Intel Core
i7) computation time for 50 videos (each video of approximately 10 s) without multi-
thread processing was 14 min 20 s, while multithreading reduced this time to 4 min 23
s (3.3 times). During the ongoing analysis, the user is regularly updated on the remain-
ing percentage of computation via a progress bar in the Main Menu. The outputs of
the shape-detection and tracking algorithm are the displacement of pillar tips and the
change in tissue surface area for each video. The raw data are forwarded to the low-
pass filter implemented as signal.iirfilter in Python. Filter parameters are set according
to the data frequency, which is extracted from the raw data using Fourier transform. Fil-
tered data become the input for the calculation of contractile parameters within the Data
Analysis block. This computational block outputs four .png graphs and two excel files,
one containing all the details of the video analysis for every video and the second one
with the summary of all the files analyzed (Fig.4.8D-E).

MANUAL DETECTION

The described algorithm flow applies in the case when an automatic analysis is possi-
ble, i.e. if the parameters defined at the beginning of the analysis remain valid for all the
videos. However, there are normally outliers and unpredictable artifacts for which man-
ual correction of detection parameters is needed. For example, low brightness and con-
trast make Otsu threshold calculation challenging, as demonstrated in Fig.4.4. Hence,
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the value of the Otsu threshold can be manually adjusted by the user to improve de-
tection quality. Furthermore, in the case of very prominent shadows which cannot be
removed during image pre-processing, it is possible to manually increase the number of
dilation and erosion iterations to enhance filtering. Both options for detection improve-
ment are available to users by choosing the Manual detection correction mode from the
Settings tab. A new window appears showing detection for the currently processed video
and all the parameters available for the real-time detection adjustment (Fig.4.7G).

Feedback is provided to the user while defining input parameters via pop-up error
messages. As additional feedback, verification of the detection quality is implemented.
For each video, a .png image showing shape detection on a single frame is stored in the
main folder. In this way, a fast inspection can be performed to determine the detection
efficiency for all the videos.

STANDALONE APPLICATION

Pursuing the goal of making a versatile tool for standardized assessment of tissue con-
tractile properties in EHT platforms across different research groups, the ForceTracker
algorithm was compiled into a standalone application. The algorithm was compiled us-
ing Nuitka [95], a Python compiler that allows compiling all the libraries and modules
into a C-level program. Within this module we included multiprocessing, tkinter, numpy

Figure 4.7: ForceTracker graphical user interface (GUI). (A) The Main window of the standalone application.
(B) Section to select the type of data, the location of the files to be analyzed, and the start button to start the
automatic analysis. (C) The secondary window for the settings. (D) Selection of the platform and important
dimensions. (E) Specifications on the material and location of the 3D tissue. (F) Data analysis window to select
the output graphs of interest.



4.3. SOFTWARE VALIDATION

4

77

and pyside2 libraries. Additionally, Mingw64 [96] was used as the C compiler. Compiling
into the standalone app was executed using Python in the command prompt.

Figure 4.8: ForceTracker structure and computational flow. (A) Input files (.avi,.tif, or .nd2), settings, and selec-
tions of the output data. (B) Easy-to-use user interface. (C) Internal shape detection and tracking using parallel
computing. (D) Automatic data analysis on the contraction wave generated by the tracking. (E) The output of
the ForceTracker. Summary data and .txt log file in case of any problem with the analysis.

4.3. SOFTWARE VALIDATION

4.3.1. FORMATION OF EHTS USING HIPSCS

The validation of the developed software was conducted by means of the mentioned
EHT platforms using the same hiPSC line (LUMC0020iCTRL-06)[18]. The hiPSCs were
differentiated into CMs as described previously [33, 35, 41]. Briefly, in circular platform,
three tissues were formed per well in a 12-well plate format, using hiPSC-CMs and 3% of
human adult cardiac fibroblasts (hCFs) from Promocell (C-12375). Cells at a final con-
centration of 16.8 x106 cells/mL were mixed with an ECM mixture consisting of 2X Mat-
uration medium, fibrinogen (final concentration 2 mg/mL, Sigma-Aldrich F8630), Ma-
trigel (final concentration 1 mg/mL), aprotinin (final concentration 2.5 µg/mL, Sigma-
Aldrich, A1153) and 0.6 U/mL of thrombin (Sigma, T7513). For the rectangular platform,
all the experiments including cell culture were conducted by researchers from LUMC, as
part of a collaboration. The EHTs for the rectangular platform were composed of 70%
hiPSC-CMs, 15% hiPSC-derived cardiac fibroblasts, and 15% hiPSC-derived endothelial
cells [19]. For the ECM gel mixture, 41% of acid solubilized collagen I (3.3 mg/mL), 5%
of DMEM (10X), 6% of NaOH, 9% of Matrigel (final concentration 1 mg/mL) and 39% of
formation media, as previously described in [58], were used. The number of cells used
per tissue was approximately 31 x 103 (in 2 µL volume).
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4.3.2. IMAGING OF THE EHTS
Brightfield videos of both platforms were taken at 37 °C in an atmosphere of 5% CO2,
using an inverted microscope (Nikon Eclipse Ti2) with a high-speed camera, respectively
Prime BSI express from Photometrics at the University of Twente and DCC3260C - High-
Resolution from ThorLabs at the Leiden University Medical Center (LUMC). Contractile
measurements were performed every 2 days from day 4 to day 14 after tissue formation
at the University of Twente for the circular platform and at LUMC for the rectangular
platform. Videos were recorded for 5-10 s approximately with a frame rate of 100 fps
and a bit depth of 11-bit. In both platforms tissues were electrically stimulated at 2 Hz
with bipolar rectangular pulses of 10 ms, 3–5 V/cm, using a custom-made pacing device
connected to a pair of electrodes immersed into the well with tissues.

4.3.3. ForceTracker APPLICATION ON TWO EHT PLATFORMS
To test the versatility of ForceTracker, brightfield videos of tissues from the two afore-
mentioned EHT platforms (circular and rectangular) were analyzed. More precisely, for
both platforms, the tissues were analyzed under different conditions to demonstrate the
software’s capability to extract contractile parameters from a signal in the relevant fre-
quency range. In the first case, spontaneous contractions of the tissues were recorded, as
an example of low-frequency behavior, and in the second case tissues were electrically
stimulated at 2 Hz. We successfully tracked and analyzed the contractile performance
of hiPSC-EHTs from both EHT platforms. Representative graphs of contraction are in
Fig.4.9. Each experiment was performed at least three separate times per platform.

Figure 4.9: ForceTracker representative contractile graphs. (A-D) Circular platform. (A) Tissue displacement
over time. (B) FoC over time. (C) Force per surface area over time. (D) Time of contraction to reach 10%
and 90% of the upstroke and downstroke of the contraction cycle. (E-H) Rectangular platform. (E) Tissue
displacement over time. (F) FoC over time. (G) Force per surface area over time. (H) Time of contraction to
reach 10% and 90% of the upstroke and downstroke of the contraction cycle.
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In the case of circular platform, we observed an increase in FoC from day 4 to day 6,
which then remained constant until day 8. Later, the force reached the minimum value
on day 10 and continued to increase slowly until the end of the experiment. On day 14
the value of the force was nearly as high as on day 6. All the tissues were able to follow
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Figure 4.10: ForceTracker contractile performance analysis of two EHT platforms. (A-D) Circular platform.
(A) FoC of EHTs and contraction frequency. Contraction kinetics, specifically, contraction (B) and relaxation
velocity (C) of EHTs over time. (D) Time of contraction to reach 10% and 90% of the upstroke and downstroke
of the contraction cycle. (E-H) Rectangular platform. (E) FoC of EHTs and contraction frequency. Contraction
kinetics, specifically, contraction (F) and relaxation velocity (G) of EHTs over time. (H) Time of contraction to
reach 10% and 90% of the upstroke and downstroke of the contraction cycle. All the measurements were done
on days 4, 6, 8, 10, 12, and 14. Values are expressed as means ± SEM for N= 3. TC = time of contraction, and TR
= time of relaxation
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the stimulation frequency of 2 Hz (Fig.4.10A). The observed change in contractile per-
formance over the 14 days was correlated with the contraction kinetics and contraction
times output (Fig.4.10B-D).

The tissues formed in rectangular platform showed an increase in contractile perfor-
mance from day 4 to day 6 when the maximum value was reached. A continuous de-
crease in force value followed until the endpoint of the experiment (day 14) (Fig.4.10E).
In terms of contraction kinetics, a pattern similar to the FoC was observed, with the max-
imum speed of contraction and relaxation on day 6 (Fig.4.10F-G). On day 10 the lowest
times to reach upstroke and downstroke of contraction were observed (Fig.4.10H).

Additionally, we analyzed the spontaneous contractions of the same tissues, prior to
electrical stimulation. On average we observed that the contraction frequency of the tis-
sues was 1.2 Hz for the tissues formed around circular pillars and 0.6 Hz for the tissues
on rectangular pillars. In the case of spontaneous frequency, a similar pattern in the con-
tractile behavior to the stimulated tissues was noticed, with a lower value of the speed of
contraction and relaxation (Fig.4.11).

Finally, we evaluated the segmentation accuracy of ForceTracker by comparing the
tissue surface area calculation with manually segmented tissues using the image pro-
cessing software package ImageJ. For each time point, the first frame of the brightfield
videos was used to compare the accuracy of segmentation. It is important to mention
that during manual measurements the pillars’ area was subtracted from the calculated
surface area, as the same principle is used by ForceTracker. We found that the surface
area relative error of ForceTracker is below 5% in both platforms. Specifically, in the cir-
cular platform, the accuracy is 98% on average, while for rectangular, where a high level
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Figure 4.11: ForceTracker spontaneous contraction analysis. (A-D) Circular platform. (A) Contraction fre-
quency. (B) FoC. Contraction kinetics, specifically, contraction (C) and relaxation velocity (D)of EHTs over
time. (E-H) Rectangular platform. (E) Contraction frequency. (F) FoC. Contraction kinetics, specifically, con-
traction (G) and relaxation velocity(H) of EHTs over time. All the measurements were done on days 4, 6, 8, 10,
12, and 14. Values are expressed as means ± SEM. (N= 3).
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Figure 4.12: ForceTracker tissue surface area analysis. (A-C) Circular platform. (A) ForceTracker relative error
tissue surface area segmentation compared to the tissue area measured manually using Image J. (B) Relative
tissue compaction compared to day 0. (C) Force per surface area over time. (D-F) Rectangular platform. (D)
ForceTracker relative error tissue surface area segmentation compared to the tissue area measured manually
using Image J. (E) Relative tissue compaction compared to day 0. (F) Force per surface area over time. All the
measurements were done on days 4, 6, 8, 10, 12, and 14. Values are expressed as means ± SEM. (N= 3).

of background noise was observed, the software has an accuracy on average of 97%.
Moreover, based on the surface area calculations, the relative change of tissue surface
area compared to day 0 showed that during the first 5 days after tissue formation, there
is prominent tissue compaction in both platforms. Lastly, the force per surface area was
calculated for each platform (Fig. 4.12).

4.4. DISCUSSION AND CONCLUSION
This chapter describes the implementation and validation of ForceTracker as a versatile
tool for the assessment of 3D cardiac tissues cultivated in different EHT platforms using
hiPSCs. By analyzing the contractile performance in two different platforms, we showed
that ForceTracker can be implemented and independently used across different labora-
tories without further software development. We demonstrated the robust and stable
performance of the software over the course of the experiments, and in various con-
ditions. Parallel computational approach and high level of automation enabled time-
efficient analysis of large data sets. ForceTracker’s detection and tracking showed low
sensitivity to common incidental defects, such as alteration of tissue shape or air bub-
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bles. The shape detection accuracy has been verified via comparison to manual mea-
surements using the software ImageJ.

ForceTracker fills the gap of a missing software for contractile performance analysis
of tissues in 3D platforms, with reference to the most used pillar shapes (rectangle and
circle). By using a shape-independent algorithm and an easy-to-use user interface, the
application has the advantage of automatically analyzing multiple videos in an unbiased
way, taking into account the geometry and mechanical specifications of each platform.
The software demonstrated robustness and stability of detection over large amounts of
data. Additionally, ForceTracker is not dependent on the symmetric position of tissues
in all the frames, as each pillar is tracked independently. However, the main challenge
for the detection arises from the variability of brightness and contrast among videos.
To circumvent this drawback, critical image pre-processing steps were successfully im-
plemented. Nevertheless, there is still occasionally the need for manual detection cor-
rection, as the range of artifacts and variations in videos that can be anticipated by the
algorithm is necessarily limited. In the future, optimal camera settings can be found and
recommended to the users for video recordings.

The current outputs of the software are graphs showing the displacement of pillars,
the tissue force of contraction, as well as the detailed contraction kinetics analysis. We
also incorporated the analysis of changes in tissue surface area over time, as an addi-
tional readout of force per tissue surface area [97]. This information complements the
contractile performance analysis of 3D cardiac tissues. While this readout provides in-
formation about the tissue compaction over time and during each contraction, it does
not replace force per cross-section area measurements. The tissue cross-section area
measurement requires an additional histological step which puts an end to the experi-
ment and therefore limits the throughput.

The versatility of ForceTracker was demonstrated by analyzing over time the contrac-
tile performance of EHTs under electrical stimulation and during spontaneous contrac-
tion. We analyzed tissues from two different EHT platforms in collaboration between
three research groups (LUMC, Delft University of Technology, and University of Twente).
The findings we presented correspond to what was previously shown in each platform,
even though a direct comparison between the platforms could not be conducted in this
experiment because of differences in cell types used for tissue formation. Nevertheless,
it is important to mention that by using the same hiPSC line we could observe that be-
tween day 4 and day 6 the EHTs showed the highest force of contraction in both plat-
forms. Additionally, a significant difference in the speed of contraction was observed
between the two platforms, even though the force values are comparable (Fig.4.10). This
is related to the difference in pillar size and the mechanical properties of each platform.
Particularly, in the circular platform tissue displacement during the contraction cycle is
larger than in the rectangular platform (Fig.4.9). However, the effective stiffness experi-
enced by the tissues is lower for circular-shaped pillars than for rectangular ones, which
explains the contractile performance.

Overall, ForceTracker represents a milestone toward standardized analysis of con-
tractile tissue performance in 3D in vitro models that use flexible anchoring points.
These models are not only limited to cardiac physiology. 3D tissue-like constructs are
often used also on e.g. skeletal muscle platforms [98, 99]. ForceTracker can be applied
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not only for standardized contractile measurements in EHT platforms but also to extend
the measurement principle to all OoC platforms hosting suspended tissues, in which
generated contraction force or applied load is a required readout. The contractile per-
formance measurements obtained in this way provide valuable quantitative data to eval-
uate disease models and drug responses.
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5.1. STRATEGIES FOR ELECTRICAL CONTRACTILE FORCE READ-
OUT

T HE importance of assessment of tissue contractile performance in the developed
EHT platform was previously discussed in a detailed manner. Until now, the opti-

cal method has been implemented as the golden standard for measurements of tissue
contraction force in EHT platforms. However, the procedure is laborious, and cannot
be conducted in real-time in most cases. Automation and high control of EHT microen-
vironments can therefore be achieved only by integrating force sensors within the plat-
forms. An electrical force readout would allow real-time monitoring of the tissue con-
tractile performance and enable closed-loop control systems for e.g. pacing and me-
chanical stimulation.

Figure 5.1: Examples of force sensing in cardiac tissue platforms: A) Strain gauge embedded in polymer-based
cantilever for measuring cardiac tissue contraction [1]; B) Magnetic sensing of cardiac tissue contraction [2];
C) Piezoelectric cantilever sensor probe for force measurement [3]; D) Detection of micro-pillar array defor-
mation via digital image processing and piezoelectric sensing techniques [4].

There are several examples of the use of different sensing techniques to assess the
contractile properties of cardiac tissues electrically, as shown in Fig.5.1. Some of them
are even implemented in a configuration similar to the EHT platform developed in this
thesis. One of the most common force measurement techniques is traction force mi-
croscopy. Via high-resolution microscopes and sophisticated image processing algo-
rithms, displacements produced in the platform are translated to forces. This is very
useful when the platform under consideration is an array of micropillars. Furthermore,
strain sensing techniques have been widely used for contractile force assessment of thin
cell layers via integrated piezoresistive strain gauges (Fig.5.1A)[100]. However, there is
still a lack of application of this sensory mechanism in 3D platforms. Another exam-
ple is magnetic force sensing, whereby the displacement of micropillars with embedded
magnets causes an alteration in the electrical output of the magnetoresistive sensor be-
low (Fig.5.1B) [101]. In this case, the sensor is separate and placed outside of the tissue
culturing chamber. One of the few integrated solutions includes piezoelectric materials.
These sensors have been exploited for measurement of the force applied by the tissue
on thin piezoelectric layers integrated below the micropillar arrays or on the cantilever
sensor probes (Fig.5.1C, D)[102, 103].

With many available techniques and advancing integration and fabrication methods,



5.2. SUBSTRATE DEFORMATION ANALYSIS

5

87

the requirement for integrated sensing solutions in OoC platforms becomes achievable.
The advantages of sensor integration are numerous. Besides the previously mentioned
need for automation, there is also the high precision in fabrication resulting in sensor
reproducibility, accurate transduction capabilities, and a variety of available read-out
circuitry for both static and dynamic measurements. Additionally, an integrated sensor
may provide the advantage of single-pillar characterization, as opposed to the coupled
analysis performed in currently used optical methods.

In the context of the developed platform, assessment of the tissue contractile proper-
ties was previously performed indirectly, by monitoring the bending of the elastic pillars.
This is a non-invasive method of measuring the force of contraction and contractile ki-
netics, without interfering with the electro-mechanical coupling of the tissue itself. The
same principle can be followed when considering the integration of an electrical force
readout. Again, the mechanics of bending pillars can be exploited to relate the resulting
deformation to the applied force of contraction. When the force is applied on the pil-
lar side, the maximum bending moment and the maximum stress are generated at the
pillar-substrate interface. Since both pillars and the substrate are made of elastic ma-
terial, the stress is distributed within the substrate causing its deformation. Taking into
account this effect as well as the nature of layer-by-layer microfabrication, the idea here
proposed is to design a co-planar sensor that can be integrated into the elastic substrate
to exploit in the optimal way the deformation occurring upon pillar bending.

5.2. SUBSTRATE DEFORMATION ANALYSIS

5.2.1. ANALYTICAL MODEL

Extensive analysis of the mechanical response of the system of two elastic pillars, at-
tached to the elastic substrate, upon the application of a partially distributed load along
the length of the pillars has been conducted. The described system is analog to the
developed EHT platform from previous chapters, consisting of two PDMS micropillars,

Figure 5.2: Illustration of all the components contributing to the total deflection of pillars when force is applied
along its height. A) contribution from bending and shear of the pillar B) contribution of the substrate with base
tilting and dislocation.
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around which a cardiac tissue compacts and applies cyclic contractions.
It was already mentioned previously that there is a certain contribution to the dis-

placement of pillars originating from the substrate deformation, which was taken into
account through the additive constant (Section 2.4.2). Here, this effect will be subjected
to analysis and used as a basic mechanism for sensing the pillars’ displacement.

When a force is applied in a lateral direction upon elastic pillars (see Fig.5.2), the
resulting mechanical response is pillar deflection. This deflection can be attributed to
several involved mechanisms. The dominant one, especially in the case of the rigid sub-
strate, originates from the pillar bending and it is defined by Hook’s law: F = kbendδ.
In linear elastostatics, besides the bending, there is also the effect of shear deformation
of pillars with less significant influence in the case of the soft pillars with high aspect
ratios [70]. Furthermore, due to the presence of an elastic substrate below the pillars,
an additional effect appears, which happens to be essential for the used sensing mech-
anism. There is an additional component in the total pillar deflection originating from
the warping of the substrate and tilting of the pillar centroid axis. This warping is the
result of the axial tension in the substrate as a balancing reaction to the torque acting on
the beam [104]. Axial tension at the pillar base can be expressed as:

σzz =−x
M

I
, (5.1)

where M is the torque at the bottom of the pillar when a force F acts at the top (M = L ·F ),
I is the second moment of inertia of the beam, and x is the distance from the point at
the pillar cross-section from the neutral axis. As the maximum stress occurs at the edges
of the beam, where the distance from the centroid axis is maximum (x = c), it is possible
to express normal stress σzz as a function of maximum stress σmax :

σzz =−x

c
σmax (5.2)

The tilt of the pillar base upon the force applied along the pillar length is proportional to
the substrate deformation and can be described as:

Θ= Tt i l t (ν)
σmax

Ey
(5.3)

Here Tt i l t (ν) is the tilting coefficient derived in [104], which depends only on the Poisson
ratio of the material ν, and Ey is Young’s modulus of the material. Hence, the contribu-
tion to the total pillar displacement from the substrate deformation, for a sufficiently
small tilt angle θ, can be expressed as:

δt i l t = L tan(θ) ≈ Lθ (5.4)

Starting from Eq.5.1, it is also possible to derive the distribution of the substrate defor-
mation at the substrate-pillar interface in vertical z direction, as a consequence of the
axial tension σzz . Here, only the final analytical expression is mentioned and the com-
plete derivation can be found in [105]. Now, the analytical function that describes the
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out-of-plane displacement uz of the substrate below the pillar, as a consequence of axial
tension, is:

uz = h2 3M

4πE I

∫ x
h +0.5

x
h −0.5

d s
∫ y

w +0.5

y
w −0.5

d t
x
h − sp
s2 + t 2

(5.5)

Here h and w are the height and width of the pillar, respectively, while M , Ey , and I were
previously introduced. The integration is carried out across the lateral cross-section of
the pillar.

Table 5.1 gives all the parameters used for calculations. The force is applied as a line
load in the middle of the pillar (M = F · L

2 ). The solution for uz was obtained by double in-
tegration using the function integral2 in Matlab, for every point (x, y) in a square surface
area at the pillar-substrate interface in range (-400, 400) µm for both coordinates. The
3D representation of the obtained substrate deformation in z direction (uz ) is shown in
Fig.5.3A.

Table 5.1: Parameters used for substrate displacement calculation

Parameter Description Value

L pillar length 700 [µm]
w pillar width 478 [µm]
h pillar height 210 [µm]
F applied force 50 [µN]

Ey Young’s modulus 1.2[GPa]
ν Poisson’s ratio 0.5

Figure 5.3: A) 3D representation of substrate deformation obtained from the analytical model; B) Comparison
of the analytical and numerical model for substrate deformation across the pillar, for y = 0. The applied force
is 50 µN at the middle of pillar length (H = L

2 ) in both cases.
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5.2.2. NUMERICAL ANALYSIS

In addition to analytical modeling, Comsol Multiphysics was used to carry out FEM anal-
ysis. The mechanical response of the system with elastic pillars was modeled using the
Solid Mechanics module, as described previously (Sections 2.4.1 and 3.4.1). Dimensions
of the pillars and all relevant parameters used for the calculations are given in Table 5.1.
The simulation flow is described in Fig.5.4.

Figure 5.4: Computational flow of FEM study of PDMS substrate deformation below rectangular pillars, upon
force application, implemented in Comsol.

At this stage, Comsol simulations were used to compare the analytical analysis of the
substrate deformation upon bending of the pillars with the results from FEM analysis.
The substrate deformation across the middle of the pillar (x axis) for y = 0 was exported
from Comsol and compared to the calculations carried out in Matlab using Eq.5.5 for
the same conditions. This comparison is shown in Fig.5.3B and it was used to validate
the numerical model, which will be used for further substrate analysis and integration
of complex sensor geometry. Fig.5.3B shows good agreement of the maximum substrate
displacement along the x axis of both numerical and analytical models.

Due to the complexity of the study, the rest of the substrate deformation analysis and
search for the optimal sensor placement the studies were performed only using FEM in
Comsol.

5.2.3. OPTIMAL SENSOR POSITION

Substrate deformation and consequential strain were examined on multiple positions
to explore the possibilities for optimal sensor positioning. The substrate deformation
was analyzed along x, y , and z directions on the pillar-substrate interface, by varying the
distance from the neutral axis of the pillar. The graphs showing a decline in deformation
δz with the distance from the center of the pillar for all three directions are shown in
Fig 5.5. Fig.5.5A exaggerates the effect of substrate deformation for purpose of graphical
representation.

Based on this analysis, conclusions about the optimal sensor position can be drawn.
First, the vertical position of the sensor should be in the range of 0-100 µm from the
pillar-substrate interface inside the substrate. Outside of this region substrate deforma-
tion drops significantly (Fig.5.5D, Fig.5.6A). Further on, based on the change in substrate
deformation in the x and y direction from Fig.5.5 B, C the area of pillar deformation can
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Figure 5.5: Substrate deformation analysis upon force application in the middle of pillars length: A) 3D rep-
resentation of the mechanical response of the system with two pillars on an elastic substrate when force F is
applied; B) Substrate deformation in z direction on different positions along B) x, C) y and D) z axis.

be determined. This area is maximized to include every part of the substrate below the
pillar subjected to deformation. The top view of these regions is shown in Fig.5.6B and it
defines the optimal areas for sensor placement. Ideally, the sensor should be positioned
in a way to cover the entire area experiencing deformation, to maximize force detection.
Finally, due to the anti-symmetric nature of the substrate displacement and generated
strain around the neutral x-axes of the pillars, the optimal arrangement would include
two separate sensors detecting opposite strain in the substrate: compressive with the
positive substrate deformation in z direction, and tensile in the area with negative sub-
strate deformation. In Fig.5.6 it is indicated with white rectangles the optimal range for
sensor positioning both in the x − y plane as well as in-depth.

Figure 5.6: Cross-section of the EHT platform with two pillars displaced upon force application, with enlarged
resulting substrate deformation and an indication of the optimal range for vertical sensor placement within
the substrate; B) top view of single-pillar deformation, with white rectangles indicating the optimal areas for
sensor placement in x − y plane.
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5.3. CAPACITIVE SENSING OF PILLAR DISPLACEMENT

5.3.1. SENSING STRATEGIES
When choosing the optimal sensing mechanism that would fit such a specific applica-
tion of force detection in the developed EHT platform, there are several requirements to
take into account.

First, the sensor should be able to measure very small substrate deformations, i.e.
in the sub-micron range (see Fig.5.5), corresponding to very low strain values (∼ 10−3).
Therefore, the sensing mechanism should be sensitive to such small perturbations. Fur-
thermore, the desired signal for measurement has quite slow dynamics (0-3 Hz) hence,
the sensor should enable high performance in this range of frequencies. As the EHT
platform is made using microfabrication techniques, the sensor fabrication should be
compatible with the standard micromachining methods. Finally, the complexity of the
read-out circuitry is another criteria to consider. The final measurement setup will be
used in a cell culturing facility, therefore the need for the development of a compact
and portable system emerges. Based on mentioned criteria, several sensing mechanisms
were proposed and analyzed in detail for the specific application. Their analysis is elab-

Table 5.2: Comparison of different transduction mechanisms for use in pillar displacement sensing.

sensing
mechanism

Piezoresistive Capacitive Piezoelectric

sensing
objective

strain substrate
displacement

pressure

sensitivity 0.1Ω/N 1.5-4.8 pF/N 0.05 nV/N
advantages • Cleanroom com-

patible
• Efficient integra-

tion with on-chip
electronics

• High sensitivity

• Cleanroom-
compatible

• Suitable for soft-
substrate integra-
tion

• Temperature sta-
bility

• High sensitivity
• Little to no hys-

teresis

• High sensitivity

disadvantages • Sensitive to tem-
perature changes

• Low suitability for
soft substrates in-
tegration

• Hysteretic output
signal

• High power con-
sumption

• Presence of para-
sitic and stray ca-
pacitance

• Complex read-out
electronics

• Output non-
linearity

• Low resolution
• Only for highly dy-

namic setups
• Complex read-out

electronics
• Not cleanroom

compatible
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orated within the master thesis project of Mahdieh Shojaei Baghini [106]. Here, only
conclusions and final comparisons are presented.

Piezoresistive, piezoelectric, and capacitive sensors were considered as a potential
solution, with small fabrication complexity and high dynamic range, for detection of the
substrate deformation in the EHT platform [107–112]. It was shown that, even though
the piezoelectric approach has the highest sensitivity for detection of very small sub-
strate deformation, its low resolution in low dynamic measurements comes as a sig-
nificant drawback. The piezoresistive principle demonstrated high compatibility with
MEMS fabrication techniques, however, it showed inferior sensitivity compared to the
other two sensing mechanisms. Finally, capacitive displacement sensing showed the
best overall characteristics, taking into account the previously mentioned criteria. It has
the highest sensitivity normalized to the base value of the electrical quantity, it is rela-
tively simple to integrate into the existing EHT platform, and the read-out circuitry is not
more complex than for the other two sensing mechanisms. Table 5.2 summarizing these
three transduction techniques is shown below.

5.3.2. CAPACITIVE SENSING: WORKING PRINCIPLE
From the aforementioned transduction mechanisms, the co-planar capacitive sensor
has been selected as the most suitable for the specific purpose of force assessment in
the EHT platform via substrate deformation quantification. This sensing principle relies
on the change in the capacitive readout as a consequence of the mechanical displace-
ment of the capacitor plates and the dielectric in between them. The displacement of
plates is caused by the substrate deformation and does not depend on the strain transfer
efficiency to the sensor itself, unlike in other sensing alternatives discussed previously
(piezoelectric and piezoresistive).

The reasons for selecting a co-planar configuration instead of a parallel plate config-
uration for the capacitive sensor are mentioned below. First, due to the geometry and
nature of the co-planar capacitor, the fringing field lines are very prominent, in addition
to the direct lines between the capacitor plates [113]. This makes the measured capaci-
tance more sensitive to the change in the dielectric material surrounding the plates, the

Figure 5.7: Simplified illustration of the co-planar capacitor working principle: Upon pillar bending, capacitor
plates are displaced, directly affecting the electric field between them. The electric field distribution, domi-
nantly determined by the fringing field lines, is shown in the close-up insert.
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distance, and the tilting of the plates, than in the case of parallel capacitors. Second,
since the sensor needs to be integrated within a previously developed EHT platform, its
fabrication needs to be compatible with microfabrication techniques. Also in this sense,
patterning the metal lines of a co-planar capacitor in a single layer and having contacts
in the same plane is much simpler than creating a sandwich-like structure of polymer-
metal multilayers to obtain parallel-plate capacitors. For the mentioned reason, a co-
planar spiral capacitive sensor was selected for detecting substrate deformation upon
tissue contraction in the EHT platform.

For a co-planar capacitor consisting of multiple alternating plates, the total capaci-
tance is a superposition of all the fringing fields between the adjacent plates as well as the
parallel plate capacitance, which is negligible in this case. The illustration of the working
principle of the co-planar capacitor upon pillar displacement is shown in Fig.5.7 with the
enlarged illustration of electric field lines among three planar capacitive plates.

5.3.3. SPIRAL CO-PLANAR CAPACITIVE SENSOR

The idea of co-planar capacitive sensing can be used in various designs, for example
in interdigitated or spiral arrangements. It has been shown that the spiral design has
a higher base capacitance than the interdigitated one for the same total length of the
lines, increasing in this way signal-to-noise ratio [106]. Additionally, with a spiral design,
deformation in both x and y directions can be detected via the change in plate distance,
hence the spiral design has been selected for integration, although the individual force
components along x and y cannot be distinguished.

The geometry of a spiral co-planar sensor consists of two metal plates, organized in a
spiral geometry, with N1 and N2 turns respectively. Each metal plate interacts via fring-
ing fields with the neighboring, oppositely charged plates. Two spiral capacitors are po-
sitioned below each pillar to exploit the effect of anti-symmetric substrate deformation
and enable differential readout of capacitance change. Thus, the final design resulted in

Figure 5.8: A) Top view of the EHT platform with integrated co-planar capacitive sensors. B) Sketch of a single
spiral capacitor with the relevant dimensions.
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four sensors per EHT platform, with two sensors per pillar. The top view of the platform
with integrated sensors is shown in Fig.5.8A. An individual spiral capacitor is shown in
Fig.5.8B. Here, w is the width of the metal lines, g is the gap between them, and La and
Lb are the outer dimensions of the sensor.

The rectangular shape of the spiral configuration was chosen over the circular one,
for its higher sensitivity to displacement in a specific direction. In the case of our EHT
platform, the force upon pillars is always applied in x or −x direction, depending on the
pillar position. Therefore, the dominant substrate deformation with the anti-symmetric
shape around the neutral plane (see Fig.5.5B) happens in the same direction. For this
reason, the longer plates of the spiral capacitor are perpendicular to the main defor-
mation direction, exposing the dielectric between the plates to the maximum pressure
changes. A single spiral sensor is placed at the peak of the compressive or tensile strain,
resulting in the increase of the gap between neighboring capacitor plates in case of com-
pression, or a decrease of the plate distance for compressive strain. The resulting dis-
placement of sensor plates upon tension and compression occurring in the substrate is
illustrated in Fig.5.9 where the sensor deformation is enlarged in Comsol for clear visual
representation.

Figure 5.9: Illustration of the sensor plates displacement, in two co-planar capacitors, due to the compression
and tension occurring in the elastic substrate upon pillar bending.

The sensitivity and performance of the sensor can be tuned by varying the ratio be-
tween metal layer width (w) and the gap between plates (g ). This is characterized as a
metallization ratio (MR) by the following definition:

MR = w

w + g
(5.6)

By varying the metallization ratio and the number of turns, different sensor config-
urations can be explored. Four sensor types have been designed and analyzed. The
designs were made by keeping the outer dimensions constant and changing the metal-
lization ratio only. Dimensions of all four sensor types are given in Table 5.3.

Based on the given dimensions, a glass-chromium mask was designed for photolithog-
raphy fabrication steps, as illustrated in Fig.5.10A. All four different sensor types were
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Table 5.3: Dimensions of four sensor variations.

parameter Sensor A Sensor B Sensor C Sensor D

g [µm] 5 10 5 10
w[µm] 20 10 5 40

MR 0.8 0.5 0.5 0.8
La[µm] 1200 1200 1200 1200
Lb[µm] 200 200 200 200

part of the final mask design, and each type occupies a single wafer quadrant. The wafer
distribution of sensors with a detailed design of a single wafer die with four sensors and
corresponding interconnects and contact pads are shown in Fig.5.10A. A close view of
each sensor type and their position with respect to pillars is represented in Fig.5.10B.

Figure 5.10: A) Photolithography mask including four sensor designs, with the close-up image of a single wafer
die containing four sensors with corresponding interconnects and contact pads; B) Illustration of the four
sensor designs and their position with respect to the pillar.
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5.3.4. NUMERICAL SIMULATIONS
The electrical response of capacitive sensors upon pillar deformation was carried out
using FEM analysis in Comsol Multiphysics. A system of two pillars on an elastic sub-
strate, with embedded capacitive sensors, was placed in a spherical air domain to fa-
cilitate the analysis of capacitance change as a consequence of the pillar bending and
substrate deformation (Fig.5.11A). The inner domain of the sphere was assigned to a
moving mesh, to take into account the electric field distortion due to the pillar bending.
The outer shell of the sphere was defined as an infinite boundary converging towards the
zero charge. The plates of the spiral capacitors were modeled as conductors using Shell
physics, for infinitesimally thin metal layers. The actual thickness of capacitor plates is
∼1 µm (see Section 5.4.1), which is negligible compared to the other dimensions in the
model, making the mesh generation very challenging. Comsol’s Shell module seemed
to be a valid approach, as computational accuracy is preserved due to fringing fields
mostly determining the total capacitance. Additionally, meshing complexity was signif-
icantly reduced by avoiding submicron-thin objects. Still, the dimensions of the metal
plates were much smaller than the rest of the objects in the model, hence different mesh-
ing must be defined for each of these domains. Fig. 5.11B illustrates the meshing of the
entire computational model, while Fig.5.11C gives fine details of the delicate meshing of
the substrate, pillars, and sensors with more dense and refined elements at the contact
between different regions.

Figure 5.11: 3D Comsol model of the system with pillars with integrated capacitors: A) geometry design of the
pair of pillars (green) on an elastic substrate (blue) with integrated pair of spiral capacitors below each pillar
(dark blue) within a spherical air domain (grey); B) mesh of the entire geometry to define computational nodes;
C) top view of different mesh size for the pillar, substrate, and sensor area.

FEM computation included coupling of the mechanical and electrical response of
the system represented in Fig.5.11A. The mechanical response of the system to the force
applied along the pillar’s length generates displacement of pillar and substrate defor-
mation. The obtained mechanical output and substrate deformation were used to de-
fine input for the second computational step, in which capacitance between displaced
plates was calculated. The two-step computational model was implemented in Comsol
using a Multiphysics approach to couple Solid Mechanics and Electrostatics modules.
The computation flow of the model is shown in Fig.5.12.

Sensor performance was characterized based on several carried-out analyses. First,
the base capacitance was calculated for all four sensor types in the static case, i.e. when
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Figure 5.12: Computational flow of FEM study of electric field distortion and capacitance change of spiral co-
planar capacitors as a consequence of mechanical response of the system with two PDMS pillars to the force
acting along pillar length.

there is no force applied on the pillars and therefore no substrate deformation. This is
defined as base capacitance C0.The calculations were made for the sensor integrated
at 150 µm depth from the substrate surface. The depth choice was made to ensure that
electric field lines are propagating entirely through the PDMS medium, making the com-
parison to the theoretical model more faithful. Base capacitance for similar conditions
was also calculated using the co-planar waveguide (CPW) theory [109, 114]. This theory
can be applied to a system of spiral plate capacitors, by mapping it to a standard parallel
plate capacitor model, while preserving geometry, with the use of elliptical integrals ac-
cording to [109]. The model derives capacitance per unit length of a co-planar capacitor
embedded into the PDMS substrate, surrounded by air domain, as illustrated in Fig.5.7.
The capacitance per unit length of a CPW is defined as:

CC PW = ϵr e f Cp (5.7)

Here ϵr e f is the effective relative permittivity of the system depending on the dielectric
material around the capacitor (ϵai r , ϵPDMS ) and the geometry of the metal lines, and Cp

is the partial capacitance of the CPW in vacuum. The partial-capacitance method can be
applied in multilayered systems, by separating the effect of each layer (air and PDMS in
this case) via modified dielectric constant [115]. The influence of spiral geometry in both
ϵr e f and Cp is included through elliptic integrals of the first kind. Detailed derivations
of ϵr e f and Cp are given in [109], and here only final expressions were used to calcu-
late the capacitance of the sensors. The partial capacitance of the CPW embedded into
the PDMS (CC PW ) is then translated into the total capacitance of the spiral capacitor by
multiplying it with the average path of each spiral plate lav , from Fig.5.8:

Cspi r al =CC PW lav (5.8)

This capacitance derivation is considered an approximation for the case of rectangular
spiral sensors, and it is used only to give an estimation of the capacitance range for the



5.3. CAPACITIVE SENSING OF PILLAR DISPLACEMENT

5

99

four considered sensors, as well as a benchmark for the results obtained from Comsol
simulations. A comparison of the base capacitance values is given in Table 5.4.

Table 5.4: Comparison of base capacitance values.

Sensor type A B C D

Canal y ti cal [pF] 0.55092 0.41017 0.73418 0.348655
Cnumer i cal [pF] 0.59279 0.43321 0.77640 0.36013

Sensitivity [pF/N] 1.51 3.1 4.864 0.86

Furthermore, the sensitivity of each sensor is obtained from the following equation:

S = C −C0

F −F0
(5.9)

where C0 is the base capacitance when there is no substrate deformation (F =0), and
C is the effective capacitance in case of substrate deformation when F = 50 µN is ap-
plied upon the pillar. The sensitivity analysis was performed by varying sensor positions
within the PDMS substrate in z direction, to understand the sensitivity change with re-
spect to the distance from the pillar-substrate interface. Calculations were performed
for all four types of sensors, and are shown in Fig.5.13. It can be noticed in the graphs
that sensitivity drops exponentially with the increase in distance from the bottom of the
pillars. This is true for all four sensor types, where the fastest drop in sensitivity is no-
ticed for sensor A. The exponential drop in sensitivity is consistent with the previous
analysis of the substrate displacement (Fig.5.5D), which also declines abruptly when go-
ing deeper into the substrate. Based on the conducted analysis, the expected change in
capacitance, for the force of 100 µN is in the range (80 - 500) aF, depending on the sensor
type.

Figure 5.13: Analysis of the change in sensitivity of all four sensor types with the increased integration depth
within the PDMS substrate.
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Lastly, time-dependent analysis was conducted to analyze sensor response when the
cyclic contraction of cardiac tissue is applied upon pillars. To simplify the calculations,
only sensor D was subjected to this study, as it contains the least meshing nodes among
the four sensors in consideration. For modeling purposes, a sinusoidal signal with fre-
quency f =0.4 Hz and amplitude F0 =50 µN was applied as a load upon the middle of the
pillar length. The resulting capacitance change was estimated for both sensors below a
single pillar in positions S1 and S2, as shown in Fig.5.15. The sensor in position S1 ex-
periences positive capacitance change as the plates decrease distance due to the tensile
strain in the positive semi-period of the sine-wave function. At the same time, sensor S2

detects the opposite capacitance change due to the distance increase between capacitor
plates as a consequence of compressive strain in the substrate, as previously shown in
Fig.5.9. Fig.5.14 demonstrates the anti-symmetric behavior of sensors in different posi-
tions below the pillar, which provides arguments for differential force readout from each
pillar.

Figure 5.14: Numerical analysis of dynamic sensor behavior with a sinusoidal force acting upon the pillar.

5.4. FABRICATION

5.4.1. PROCESS FLOW
Microfabrication techniques explained in previous chapters were used to fabricate the
designed capacitive displacement sensors integrated into the PDMS substrate in close
proximity to the bottom of two pillars. Both sensors and interconnects are meant to be
integrated entirely within the PDMS substrate, which poses a challenge for fabrication.
The microfabrication process uses two 4-inch single-side polished silicon wafers, which
are combined and bonded in the end into a PDMS platform with integrated sensors. The
flowchart of the fabrication process is shown in Fig.5.15.

First, a 5 µm-thick PECVD SiO2 was deposited in a Si wafer to be used as a mask for
deep reactive ion etching (DRIE). The oxide layer was patterned using 3 µm-thick pho-
toresist and the unprotected areas were dry etched in CHF3 and C2F6 plasma (Fig.5.15A).
As mentioned, the patterned oxide layer was used as a hard mask for the DRIE process,
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Figure 5.15: Process flow of the fabrication of EHT platform with integrated capacitive displacement sensors.

during which 660 µm-deep cavities for pillars and elliptic wells were etched into the Si
wafer (Fig.5.15B). Sensor development was done in parallel to the improvement of the
pillar design, therefore the 3 µL platform was initially used for sensor implementation
due to the highest pillar displacement, among three different platform sizes, generated
by tissue contraction. Prior to PDMS moulding, the wafer was covered with SAM of (per-
fluoro)silane to ensure hydrophobicity of the Si surface and easy removal of the polymer.
The Si mould was finally covered with PDMS by two-step spin-coating to fill in the cav-
ities in Si while obtaining a thin (< 100 µm) layer on top of the wafer (Fig.5.15C). The
thickness of the PDMS layer above the cavities in Si should be in the range between 50
and 100 µm. The lower thickness limit is determined by the following process step of
PDMS removal from the moulds using an adhesive as assisting layer. On the other hand,
the thickness of the PDMS layer should be enough to support the removal of 660 µm-
long pillars and wells without causing structural damage. The adhesive used in this case
should not be very strong, since it is later removed from the final structures to not disrupt
the mechanical properties of the EHT platform and the sensitivity of integrated sensors.
The upper limit for the thickness of the PDMS layer on the Si wafer originates from the
sensor design and the optimal range for sensor position. As the substrate deformation
declines exponentially with increasing distance from the pillar-substrate interface, the
optimal sensor position is no further than 100 µm in depth. After the successful removal
of PDMS structures from Si mould, contact openings are made in the PDMS layer with
a circular biopsy puncher of 1 mm in diameter (Fig.5.15D) to leave the contact pads ex-
posed, upon wafer bonding, for wire-bonding.
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The second wafer was coated with Teflon to obtain a hydrophobic Si surface prior to
PDMS spin-coating (Fig.5.15E). Next, 80 µm layer of PDMS was spin-coated and cured
at 90 °C (Fig.5.15F). After curing, the wafer was kept in a vacuum to avoid gas perme-
ation in the PDMS before metal sputtering. Prior to sputtering, the wafer was exposed
to low-power oxygen plasma (75 W for 1 min) to activate the PDMS surface and enhance
adhesion between metal and polymer layers. Additionally, a leak-up rate (LUR) test was
performed to ensure that the gas leakage from the PDMS layer was within the specified
range so that it did not alter sputtering conditions. The aluminum layer was sputtered
on top of PDMS, in 4 steps of 250 nm per step, with 3 min of degassing in between. In
total, 1 µm of Al was sputtered at 25 °C at low power (1 kW) (Fig.5.15G). Low power is
needed to reduce the bombardment energy of Al atoms not to damage the PDMS sur-
face. The sputtering temperature was also limited due to the presence of PDMS and the
large difference in thermal expansion coefficient between Al and polymer. In the follow-
ing steps, sensors were patterned with dry etching using 2 µm-thick photoresist layer as
a mask (Fig.5.15H). Four different sensor designs were created in four wafer quadrants.
Most of the photolithography steps were conducted with a dedicated procedure. For ex-
ample, spin-coating was conducted with the manual spinner to avoid contamination of

Figure 5.16: Optical images of the four types of sensors with different metallization ratios, patterned in Al on
top of a PDMS layer. Second and third insert show 10x and 20x magnification, respectively, of patterned Al
lines.
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the automatic tool with PDMS. Further on, since the exposure of Al and PDMS together
to high temperatures can cause metal cracking and wrinkling, standard soft and hard
baking steps for photoresist (PR) were substituted with baking steps at lower tempera-
tures (90 °C) on the hot plate. After dry etching in Cl and HBr plasma, PR was removed
using a combination of low-power O2 plasma, acetone, and IPA. Finally, optical images
of all four sensor types, with close-up images of patterned Al lines on the PDMS layer
after PR removal, are shown in Fig.5.16.

The final integration of sensors into the EHT platforms was done by transferring
PDMS structures from the Si mould, aligning and bonding them to the wafer with pat-
terned sensors. De-moulded PDMS structures were transferred and aligned using the
surface tension of a water droplet on a transparent glass wafer (Fig.5.15I). Attachment
to the wafer with sensors was made using uncured PDMS. After alignment, the wafer
was cured for an additional 1 hour at 90 °C to ensure bonding of the two cured poly-
mer layers. The bonding and assembly process will be elaborated in more detail when
discussing integration with the readout system (Section 5.6).

5.4.2. CRITICAL STEPS

ALUMINUM SPUTTERING

As mentioned previously, metal deposition causes stress in PDMS due to the difference
in thermal expansion coefficients, resulting in the formation of wrinkles on the PDMS
surface. During Al sputtering, the kinetic energy of metal particles heats up the PDMS
surface, resulting in PDMS expansion. PDMS is then uniformly covered with the metal
layer while being in such an expanded form. However, after cooling down to room tem-
perature, PDMS shrinks back to the initial state, and wrinkles are formed on the metal-
coated surface. The wrinkle formation and inspection of surface properties are shown
in Fig.5.17. Here, t is the thickness of the Al layer, Sal is the average wrinkle height in the
rectangular area on the Al line, while SPDMS is the roughness across the surface of PDMS.
In the case of capacitive sensing, these wrinkles are actually beneficial as they slightly
increase the surface area of the capacitor plates, contributing to the fringing field lines.
However, they might cause disruption in the layer uniformity and crack formation. A po-
tential solution to this issue would be the incorporation of a stress buffer layer between
metal and PDMS. Still, the addition of any layer with mechanical properties between
Al and PDMS would decrease substrate deformation and therefore the output signal of
sensors. Therefore, in the first instance, the buffer layer was not introduced.

PHOTORESIST REMOVAL

Another critical step in the process is the removal of PR after plasma etching of Al. During
dry etching in Cl2 and HBr plasma, PR is bombarded by the plasma ions and therefore
hardened. The standard procedure to remove the PR, after dry etching, is by using high-
power oxygen plasma to oxidize organic PR. However, high-power oxygen plasma (600
W) results in the formation of a glassy surface layer heavily rich in SiOx, causing crack
formation in the PDMS surface due to the built-up stress [116]. The maximum power for
surface treatment of PDMS, without causing damage, is up to 100 W for a very short time,
which is not sufficient for PR removal after dry etching. Alternative ways of removing PR
from PDMS include a combination of low-power O2 plasma together with acetone and
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IPA rinsing. After 2 min of oxygen plasma (75 W), followed by immersion in acetone and
IPA for 10 minutes each, PR is completely removed from the patterned aluminum layer.

Figure 5.17: Wafer surface roughness analysis after sputtering and patterning aluminum layer on top of PDMS.

5.5. PORTABLE ELECTRONIC READOUT

5.5.1. AVAILABLE ARCHITECTURES
In order to measure the change in capacitance of the spiral co-planar sensors upon tis-
sue contraction it is necessary to develop high-sensitivity, low-noise, portable readout
circuitry that is capable of detecting capacitance change in aF range. The requirements
regarding readout portability are dictated by the nature of the measurements, conducted
within the tissue culturing facility at Leiden University Medical Center. Additionally, as
explained earlier, tissues are cultured in an incubator - a humid environment main-
tained at 37°C and 5% of CO2 gas concentration. Hence, sensor integration and pack-
aging, as well as the readout circuitry, must comply with such working conditions. High
sensitivity and low noise requirements are the consequence of the very small expected
signal from the tissue contraction force, in the range of 100 µm.

Several strategies were considered as possible circuit implementations to detect such
a small capacitance change. Some of the most relevant solutions convert the capacitance
variation into an output signal in the voltage domain (C2V), current domain (C2I), time
domain (C2T), frequency domain (C2F), or directly in the digital domain (C2D). Each of
these strategies was analyzed in detail within the master thesis project of Filippo Pfaif-
fer. [117] Table 5.5 provides a summary of mentioned techniques found in literature,
compared based on the achieved resolution, as the most critical aspect of the required
readout system.

From the listed architectures, the solutions that could achieve resolution in the de-
sired aF range are architectures based on sigma-delta and capacitive-to-voltage convert-
ers. However, the goal of designing a portable and discrete readout system rules out the
possibility of using very sensitive but bulky instrumentation available in well-equipped
engineering laboratories, such as lock-in amplifiers. Moreover, the implementation of
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Table 5.5: Comparison of resolution values achieved by capacitive readout methods (from [117]).

topology resolution reference

Capacitive to voltage : lock-in 0.065 aF P.Ciccarella [118]
Capacitive to digital: Σ−∆ 5.4 aF J.Perez Sanjurjo [119]

Capacitive to voltage 54 aF L.Zhong [120]
Capacitance to time 255 aF Y. He [121]

Capacitance to current 800 aF G. Scotti [122]

lock-in amplifiers in a discrete domain is very challenging, as shown in many attempts
[123]. For this reason, the remaining options for readout circuitry design are discrete
capacitive-to-voltage architectures and Σ−∆ converters.

5.5.2. COMMERCIAL SOLUTIONS

Two commercially available solutions have been identified, that implement the men-
tioned architectures: Smartec’s Universal Transducer Interface (UTI) [124, 125] and Ana-
log Devices AD7746 [126]. More precisely, UTI is based on a voltage-to-period converter
with a period-modulated oscillator whose output signal has a period proportional to
the measured capacitance. In the case of AD7746, the core of the component is a Σ−∆
capacitive-to-digital converter.

Both components were analyzed and tested in terms of resolution, accuracy, mea-
surement precision, and noise susceptibility. The results showed very similar behavior in
both cases, with slightly superior behavior of AD7746 in terms of resolution. Additional
advantages of AD7746 include signal routing via coaxial shielded cables, which ensures
a low level of noise and external electromagnetic (EM) interference. Furthermore, in
the case of UTI, an external reference capacitance must be used for the proper signal
measurement, while AD7746 does not require any external reference. Finally, AD7746
was chosen for further implementation as a readout solution for capacitive sensing in aF
range.

Figure 5.18: Readout electronics for capacitance measurement: A) Evaluation board for the AD7746 integrated
circuit; B) Detailed schematic of the architecture of the AD7746 component [126].
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5.5.3. AD7746 WORKING PRINCIPLE

Analog Devices AD7746 is an integrated circuit based on a capacitance-to-digital conver-
sion. The component has two capacitive channels and each of them can be configured
as single-ended or differential, enabling in total two differential measurements of two
pairs of capacitors. The measurement range is ± 4.096 pF with 21-bit readout precision,
achieving 4 aF resolution in the best case. Measurement time can be selected between
8 values from 10 to 110 ms, depending on the application. The highest resolution is as-
sociated with the longest measurement time. Noise analysis of the AD7746 component
resulted in RMS value of 12.2 aF, which is dependent on the measurement conditions
and the external EM interference. The component performance in terms of the noise
level can be slightly improved with signal chopping at expense of measurement time.

The component architecture consists of a 24-bitΣ−∆modulator, followed by a third-
order digital filter that enables capacitive-to-digital signal conversion and sends it fur-
ther via serial communication to the microcontroller. The AD7746 is mounted on an
evaluation board, containing coaxial connectors, a microcontroller with a USB connec-
tion to a PC, and a voltage regulator. The component architecture and the evaluation
board are shown in Fig.5.18. A user-friendly interface allows visualization of the mea-
sured signal and setup of the measurement parameters within stand-alone software.

Measurements are performed by connecting one of the two excitation outputs (EXC1
or EXC2) to one terminal of the capacitor. The generated excitation is a square wave 32
KHz signal. The second terminal of the capacitor is connected to CIN1(+) or CIN2(+)
pins, in case of single capacitance measurement. If a differential measurement is per-
formed, one terminal of two capacitors must be connected to the same excitation signal,
while the second terminal of each capacitor is connected to CIN (+) and CIN (-), respec-
tively. An on-chip analog multiplexer connects the two capacitive input signals to the
Σ−∆ converter, but since the input of the Σ−∆ is single, only one channel can be con-
verted at a time. Therefore, it is not possible to have the simultaneous conversion of both
capacitive channels. This means that additional components must be implemented to
enable differential measurement of the signal coming from all four sensors. Available
measurement configurations for differential measurements with the current system are
shown in Fig.5.19.

Figure 5.19: Measurement configurations for differential measurements in EHT platforms with integrated sen-
sors: A) differential readout from each pillar, independently; B) Differential readout from both pillars, combin-
ing sensors that experience opposite capacitance changes; C) Differential readout of all four sensors, by adding
up the effect of the sensors exposed to the same type of capacitance change. Compression and tension of sub-
strate by pillar motion are shown in dark and light blue, respectively.
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5.6. ASSEMBLY OF THE MEASUREMENT SETUP

Wafer-level fabricated individual sensors were integrated into the system compatible
with the readout circuitry, to allow evaluation of the sensor performance by means of
static and dynamic electrical characterization. The assembly of the entire system was
carried out in several steps, which will be explained in detail below.

5.6.1. PCB DESIGN

A PCB was designed to allow the connection of the individual sensors to the readout
AD system. Since the final application of the sensors is force measurement of EHTs in
culture, only the PCB with integrated sensors will be placed in the incubator and exposed
to humid conditions at 37 °C temperature. The readout system will remain outside of
the incubator and it will be connected to the PCB with sensors and tissues only when
performing measurements.

This PCB contains a footprint of a single PDMS chip with sensors (Fig.5.20A), with
eight golden bond pads for each spiral plate of four capacitors in total. Metal intercon-
nects are routed from the bond pads to the coaxial connectors and insulated from EM
disturbance with two ground planes above and below the traces. One plate of each spiral
capacitor was connected to the excitation signal via a single coaxial connector (P1) The
other four plates were connected to independent connectors (P2-P5) for output signal
connection with the AD board. (Fig.5.20B)

Figure 5.20: A) The footprint of a single PDMS chip and its connection to the PCB; B) Initial version of PCB de-
signed for experiments with cell inclusion; C) Second version of PCB, adjusted for the nanoindentation mea-
surements.

A second PCB was designed for compatibility with the nanoindentation setup used
for the electrical characterization of the sensor’s dynamic performance when subjected
to mechanical deformation. Both PCB designs are shown in Fig.5.20.
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5.6.2. SENSOR TRANSFER
A full wafer of sensors patterned on top of the PDMS layer was fabricated as described
previously (Fig.5.21A) From a wafer-level stage, individual sensors were cut into 10x10
mm2 squares using a blade. The top part of the sensors was protected with the laser-
cut pressure-sensitive adhesive (PSA). The alignment of the adhesive and transfer of the
chip to the wafer surface was achieved using the surface tension of the water droplet on
a transparent glass wafer. PSA was laser cut in such a way as to ensure the protection
of the Al interconnects while leaving open the circular area around the elliptic microw-
ell. The addition of the PSA layer increased the mechanical rigidity of the thin PDMS
with patterned Al and protected the thin metal lines from breaking during the transfer
procedure. PDMS pillars with elliptic wells were transferred and bonded to the middle
area of the chips, uncovered with PSA. The bonding was performed with a thin layer
of uncured PDMS (Fig.5.21B). Detachment of assembled EHT platforms with integrated
sensors from the Si wafer was performed using IPA and a thin metal blade. The blade
was placed below PDMS chips to provide a stiff substrate during chip transfer to a PCB,
minimizing the bending of PDMS. After detachment and evaporation of IPA residues,
single chips were bonded to the PCB using uncured PDMS.

Figure 5.21: A) Wafer-scale sensor patterning on PDMS substrate; B) Assembly of the EHT platforms with
integrated sensors on a wafer level with a close-up of an individual PDMS chip.

5.6.3. WIRE-BONDING
The connection of the fabricated chips to the contact pads on the PCB was made by
means of wire-bonding. This technique consists of a welding process in which two ma-
terials are joined together mediated via pressure, heat, and ultrasonic energy. Here ultra-
sonic wire-bonding to gold with aluminum wire was utilized. This process is performed
at room temperature, while applied force and the amount of ultrasonic (US) energy can
be tuned depending on the substrates for bonding. When ultrasonic energy is applied,
thin Al wire is brought in contact with the metal pad, as generated mechanical vibra-
tions create the heat that joins two materials together [127, 128]. During wire-bonding
process, the connection is first created between the contact pad on the fabricated chip
and the Al wire. Afterward, the arc is created and the wire is extended to reach the con-
tact pad on the PCB. Finally, the second bond is made on the PCB pad, creating in this
way an electrical connection between a single chip and the PCB. The illustration of the
wire-bonding process is shown in Fig.5.22.

Wire-bonding parameters depend on the properties of the substrate on which bond-
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Figure 5.22: Illustration of the wire-bonding process [128]: (1) positioning the wedge at the first contact pad
on the substrate; (2) welding on the first contact pad; (3) wire extension to reach the second contact pad on a
PCB; (4) welding on the second contact pad; (5) completing the wire-bonding process by wire breaking.

ing is performed. In the case of the platform with integrated sensors, 1 µm-thick Al con-
tact pads are patterned on top of the 80 µm-thick PDMS layer. PDMS is a mechanically
soft polymer, meaning that it can absorb a large amount of ultrasonic energy, opposite
to mechanically stiff silicon substrates. Therefore, achieving enough mechanical vibra-
tions to weld Al wire to the Al contact on top of the PDMS layer is very challenging. In
addition to the absorption issue, mechanical force is applied during wire-bonding as the
tip of the wire-bonder with the clamped wire in the middle pushes the bonding surface.
Such a thin Al layer by itself is not able to withstand this pressure from the bonder tip
without breaking. To circumvent the direct bonding to the Al on PDMS, squared golden
shims (0.4 x 0.4 mm2) were glued to the Al pads using silver conductive paste. The glue
was manually dispensed on each contact pad and the shims were gently placed on top
using a pick-and-place tool. The glue was solidified by baking at 125 °C for 2h, to create
a stable, low-resistance contact between Al pads and the golden shim. The golden shim
provided mechanical support that was missing for the successful wire-bonding process.

Figure 5.23: Wire-bonding of the EHT platform with integrated sensors to a custom-made PCB; B) Detailed
view of the wire-bonded pads, with the golden shims on top of a thin Al later.
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Upon glue baking, wire-bonding was successfully performed using the parameters from
Table 5.6. Ultrasonic power was still higher than in the case of bonding on top of the Si,
due to the soft substrate below the golden shim and the contact pad. The optical images
of the final EHT platform transferred and glued to a PCB, with the focus on wire-bonded
pads are illustrated in Fig.5.23A and 5.23B respectively.

Table 5.6: Wire-bonding parameters.

US power [mW] Time [ms] Force [mN]

Bond 1 (chip) 1300 850 700
Bond 2 (PCB) 300 350 300

5.6.4. WELL ADDITION AND ENCAPSULATION
As the final application of the sensor is force measurements during tissue culture, an
additional well for cell culture medium was mounted on top of the wire-bonded chips
and aligned to the circular opening in the PCB. The well was made out of a laser-cut
piece of polymethyl methacrylate (PMMA), 8 mm-high with a 1 mm-thick wall, which
was bonded to the protective PSA layer using uncured PDMS. The entire system was
made leakage-free, which was confirmed by tests with ethanol and DI water prior to cell
culture. After mounting the plastic well, the wire-bonds and contact pads were encapsu-
lated with PDMS to insulate them and prevent contact with water and culture medium.
The final assembly of the sensors is shown in Fig.5.24.

Figure 5.24: A) Assembly of the EHT platform with integrated sensors on top of the custom-made PCB; B)
Packaging of the EHT platform by mounting the well for cell culture medium and the wire-bonds encapsula-
tion.

5.6.5. ASSEMBLY CHALLENGES
The assembly process of the fabricated sensors showed to be very sensitive and prone to
failures. Only sensor D reached the end of it in the first fabrication attempt. The most
critical steps of the assembly process are the transfer to a PCB and the wire-bonding, as
will be explained in more detail.
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The transfer of PDMS chips with EHT platforms and integrated sensors from a wafer
to the PCB was the first reason for the assembly failure. Due to the difference in stiffness
between the aluminum layer and PDMS, any extensive bending or substrate deforma-
tion causes damage to the very thin metal lines of sensor interconnects (Fig.5.25A). The
most critical breaking point was the merging of contact pads and interconnects. Since
there is a sharp transition from the large contact pad area into very thin metal lines of
interconnects, this spot is the most prone to breaking during the assembly procedure,
as shown in Fig.5.25B. Furthermore, PDMS removal from the wafer might result in the
bending or rolling of the polymer, which causes wrinkling of the metal lines. After re-
turning PDMS to the initial flat position, the formed wrinkles might result in cracking
and interconnect disruption (Fig.5.25C).

Another critical step of the assembly process is wire-bonding on a soft substrate. Un-
like in the case of electrode integration, as it will be shown in the next chapter, in the
fabrication process of capacitive sensors it was decided not to add a stress buffer layer
of polyimide below the deposited metal layer as the first instance. In this case, wire-
bonding was performed on Al pads with golden shims, patterned directly on top of a
PDMS. Therefore, due to the lack of mechanical support, the assembly process is more
sensitive to the pressure occurring during the wire-bonding. If the thickness of the de-
posited conductive glue is too thick, or the golden shims are not perfectly flat, the pres-
sure of the bonding needle causes cracks around the glue and the golden shim, in the Al
contact pad, disrupting the metal connection (Fig.5.25D).

Figure 5.25: Examples of metal connection disruptions during the assembly process. A) broken interconnect
during pillar bonding; B) broken connection at the contact pad; C) bent interconnects due to the transfer
process; D) crack at the contact pad after golden shim gluing.
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5.7. SENSOR CHARACTERIZATION

5.7.1. ELECTRICAL CHARACTERIZATION
Electrical characterization of the sensors was performed by measuring the electrical out-
put of sensors in both static and dynamic conditions. For sensor performance in static
conditions, the base capacitance of the fabricated sensors was measured and compared
to the estimated values from simulations.

These measurements were performed on a wafer scale, with the PDMS layer pat-
terned with Al sensors only. In this case, as sensors were not fully encapsulated in PDMS,
the expected capacitance is smaller than the values obtained from CPW theory and sim-
ulations with sensor integration, shown in Table 5.7. Corrected values for the expected
capacitance have been calculated, based on the fact that half of the fringing field lines
propagate through the air instead of PDMS in this specific case. Table 5.7 gives an overview
of the calculated capacitance values for the sensors within the air-PDMS domain, and
measured values.

Table 5.7: Base capacitance measurements, yield and comparison with simulations.

Sensor type A B C D

Simulation value [fF] 374 279 497 231
Measured value [fF] 300 ± 59.4 250 ± 25.9 450 ± 42.6 180 ± 39.9
Measurement yield 81% 87% 62% 85%

As mentioned, the wafer with patterned sensors was divided into four quadrants,
where each quadrant contains 12 EHT platforms with 4 sensors of the same type per
platform. In total, 48 sensors of each type were measured per wafer quadrant. Measure-
ments were performed on a wafer-scale, using an Agilent 4294A Precision Impedance
Analyzer. This instrument was connected to an electromagnetically shielded probe sta-
tion (Cascade Microtech Summit 12k) with four independent sensing/force probes. The
probes were used to make electrical contact with the Al pads patterned on top of PDMS
layers. C-V measurements were performed, with voltage sweep from 0 to 5 V. The excita-
tion signal frequency was set at 32 kHz to match the excitation frequency of the AD7746
board. However, measurement results were proven to be stable within a wide range of
frequencies.

As shown in Table 5.7, the least number of successful measurements was obtained
for sensor C, since patterning of very thin metal lines (5 µm) was the most delicate and
prone to breakage. Slightly lower capacitance values compared to the simulations can be
explained by the fabrication imperfections, particularly slight over-etching of the metal
lines during the dry etch of Al (Fig.5.16).

5.7.2. MECHANICAL CHARACTERIZATION
Mechanical tests were performed to characterize the dynamic behavior of the assembled
sensors. The only available sensor for this measurement, after the assembly, was sensor
D, with a lower base capacitance than expected (95 fF). Similarly to the previous me-
chanical characterizations, FemtoTools Nanomechanical Testing System (FT-NMT03)



5.7. SENSOR CHARACTERIZATION

5

113

Figure 5.26: A) PCB with wire-bonded sensors mounted on the holder of the nanoindenter for characterization
of dynamic sensor behavior; B) Close-up image of the nanoindenter silicon probe applying force along the
micropillars length.

was used. The goal was to apply controlled force along the pillar length and simulta-
neously measure the electrical response of the sensor. The force was applied with a flat
circular silicon probe, 50µm in diameter, with a 15° tilt angle from the horizontal plane.

The platform with integrated sensors was wire-bonded to a custom-made PCB (see
Fig.5.20C) shown in and Fig.5.26, specifically designed to match the nanoindentation
setup. For measurement purposes, the elliptic well of the PDMS platforms was cut from
the sides of the pillars, enabling access to the nanoindenter probe. PCB was glued and
mounted on a metal holder of the nanoindenter (Fig.5.26). Measurements were per-
formed with high precaution because the silicon tip of the sensor head is very fragile
and can easily be damaged if the PCB is not attached well to the metal holder.

The Si probe movement is controlled via a micro-positioning stage, connected to a
PC. After mounting the PCB on a metal holder, the AD7746 readout system was con-
nected to the PCB with coaxial cables. For the measurement duration, the readout sys-
tem was placed in a Faraday box to minimize the measurement noise. Measurements
were performed by applying controlled force up to 300 µN, on different positions along

Figure 5.27: A) The user interface of AD7764 software shows real-time capacitance measurement during force
application upon pillars; B) Filtering out noise from the raw measurement data using smoothdata function in
Matlab to extract the change in capacitance.
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pillar length (250 µm – 550 µm). The force of the tip was increased continuously until
reaching the specified value, followed by the tip return to the initial position. In this way,
the applied force profile was mimicking a single contraction cycle of the EHT at a very
low frequency. Consequent substrate deformation and therefore capacitance change
was monitored in real-time using the AD7746 evaluation software. The user interface
of AD7746 software together with the real-time signal recording is shown in Fig.5.27A.
As can be seen from Fig.5.27B, even though the measured profile corresponds to the
applied force, the signal had still a high noise level. Additional signal post-processing is
performed in Matlab using the function smoothdata to filter out the noise and extract the
information about capacitance change. The raw and filtered data are shown in Fig.5.27B.

The change in capacitance (∆C ) corresponding to the applied force was calculated
from the filtered signal and is shown in Fig. 5.28. This figure gives an overview of all the
performed measurements with the force in the range of 100 – 300 µN and the point of
indentation going from 250 µm until 550 µm from the pillar base. From the graphs, it can
be noticed a nearly linear dependency of ∆C from the applied force. The responsivity of
the sensors is defined as the ratio between the capacitance change and the applied force
and can be calculated as the slope of the obtained curves. The calculated responsivity is
in the range from 0.42 fF/µN up to 0.28 fF/µN, which is in agreement with the simulated
values for sensor D (Table 5.4). The slightly lower values might be a consequence of the
assembly imperfections regarding the alignment of the pillars with sensors.

Figure 5.28: Differential measurements of capacitance change upon application of force at 7 different posi-
tions along micropillars length, captured through the AD7746.

5.8. BIOLOGICAL VALIDATION
The final validation of the novel sensor design integrated into the EHT platform involved
tissue culture and contractile force measurements. Since only two platforms with non-
zero base capacitance reached the end of the assembly process (sensors A and D), those
samples were used for the trial experiments with cardiac cells.

5.8.1. TISSUE CULTURE

Similarly to previous cases, EHTs were generated using a mixture of iPSC-derived car-
diomyocytes (CMs), cardiac fibroblast (cFB), and endothelial cells (ECs). All three cell
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types were derived from the hiPSC line (LUMC0020iCTRL-06) [18]. The cells were frozen
and kept in liquid nitrogen until 7 days prior to EHT formation. The EHTs were com-
posed of 70% hiPSC-CMs,15% hiPSC-derived cFB, and 15% ECs. For the ECM gel mix-
ture, 41% of acid solubilized collagen I (3.3 mg/mL), 5% of DMEM (10X), 6% of NaOH, 9%
of growth factor reduced Matrigel and 39% of formation medium were used. The EHTs
were cultured in a formation medium for 72h combined with VEGF (50 ng/mL) and FGF
(5 ng/mL). After 72h the culture medium was switched to MBEL+ VEGF (50 ng/mL)+
FGF (5 ng/mL) and maintained in culture for 14 days. Cells were kept in a humidified
incubator for the whole time and the medium was refreshed every 3 to 4 days. Bright-
field images were taken every day, following tissue formation, since the beginning of the
experiment, with a Nikon Eclipse Ti2. The timeline of the tissue formation process in the
platform with sensor D is shown in Fig.5.29.

Figure 5.29: Timeline of EHT formation on the platform with integrated sensor D, on days 0,2 and 8.

The tissues remained in culture for 14 days, proving the biocompatibility of the new
EHT platform with integrated sensors. Formed tissue in both platforms with sensors A
and D on day 9 is shown in Fig.5.30. Unfortunately, both spontaneous and paced con-
tractions of the tissues were insufficient to detect any movement of the pillars, therefore
electrical measurements of contraction force could not be performed in this experiment.
The reason for the low contractility originates from the cell culturing procedure and tim-
ing of critical steps, which can cause cell damage if not followed strictly. Future experi-
ments are necessary to assess the dynamic performance of the sensor for the contractile
force recording of cardiac tissues.

Figure 5.30: EHTs formed in the platform with integrated sensor type A (A) and type D (B).
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5.9. DISCUSSION AND CONCLUSIONS
In this Chapter design, modeling, fabrication, and characterization of novel capacitive
co-planar displacement sensors for measurement of tissue contraction force were de-
scribed. The working principle of the sensors exploits the deformation in the substrate
below PDMS pillars occurring as a consequence of pillar displacement. Base capaci-
tance change between co-planar metal plates upon their displacement was selected as
the optimal sensing mechanism for correlation to the force applied upon pillars, based
on the sensitivity and fabrication requirements. A pair of spiral capacitive co-planar sen-
sors were positioned in the areas of maximum substrate deformation, underneath each
pillar, to measure both tension and compression occurring in the PDMS substrate. Four
different spiral geometries were explored and modeled using Comsol Multiphysics to
study the electrical response and responsivity of sensors depending on the capacitor ge-
ometry.

Sensors were integrated into the EHT platform using the same fabrication techniques
as previously adopted: micromachining of silicon and polymer processing. All four sen-
sor types were successfully patterned and fabricated on a wafer level. However, it was
shown that the assembly process of fabricated sensors into an experimental setup is
challenging and prone to failures. Both assembly steps: sensor transfer from the sili-
con wafer and the wire-bonding, demonstrated disruptions in the electrical connection
of the sensors. This can be addressed in the future fabrication process by encapsula-
tion of contact pads and interconnects within a stress buffer layer such as polyimide. In
this way, the lack of mechanical stability during wire-bonding might be improved. It is
important to notice that the polyimide layer was avoided in the first place to not affect
the substrate deformation by adding rigidity to the material below the pillars. The same
needs to be taken into account when modifying the fabrication process, that the addi-
tional polyimide layer is present only in the areas where substrate deformation is zero.
The sensors should still be integrated only within the PDMS layer for high sensitivity to
substrate deformation.

A readout system based on capacitive-to-digital conversion was developed to mea-
sure base capacitance change in the aF range, within a robust, low-noise and portable
system. Minimizing noise is one of the main challenges for such a small capacitance
change readout system. Even though the system was proven to be suitable for capac-
itance change upon pillar deflection, all tests were conducted in dry conditions. The
noise level originating from the measurements with the tissues around the pillars within
the culturing medium is yet to be determined in future experiments. Furthermore, the
current readout system can obtain differential measurements from only two capacitors,
therefore force measurement from each pillar separately is not possible in this configu-
ration. Additional signal demultiplexing can be implemented into the AD board to facil-
itate multiple differential measurements.

The sensors that completed the assembly process were characterized by measur-
ing base capacitance, which showed good agreement with the anticipated values from
simulations and theory. The dynamic behavior of sensor D was also assessed using the
nanoindentation setup by applying force up to 300 µN on different positions along the
pillars’ height. Based on these preliminary measurements sensor responsivity was found
to be 0.35± 0.07 fF/µN, setting the low limit for the measured force with sensor D at 100
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µN. More characterization of all four sensor types is required for a proper statistical anal-
ysis. The comparison of different sensor types will determine which design is optimal for
force measurements in the EHT platform.

Finally, the two assembled sensors were tested for biocompatibility by culturing EHTs
for 14 days. Unfortunately, tissues did not show desired contractile performance and the
generated force was below the sensor detection range. Repeated experiments will pro-
vide more insight into the feasibility of the developed sensors for real-time tissue con-
traction force monitoring.

At this stage, only single EHT platforms with integrated sensors were tested individ-
ually. However, the next step of the system development, after detailed characterization
and selection of the optimal sensor geometry, is multiplexing the capacitance measure-
ment and fitting the EHT platform with integrated sensors to the multi-well plate format.
Additionally, the fabrication of the platform is compatible with the integration of tapered
pillars, which will be implemented in future design.
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6.1. THE IMPORTANCE OF ELECTRICAL STIMULATION FOR EHTS

A N important part of the development of a dynamic microenvironment for EHT cul-
ture is the inclusion of electrical stimulation. According to the previous research

on cardiac tissue models in vitro, electrical stimulation demonstrated improvement in
the functional assembly of cardiomyocytes [129–131]. The high importance of electrical
stimulation for the maturation of iPSC-CMs has already been elaborated in the Intro-
duction. Multiple studies have demonstrated that EHTs submitted to electric field stim-
ulation express an increase in conduction velocity, enhanced structural organization of
sarcomeres, and improved Ca2+ handling properties [25, 132, 133]. Furthermore, under-
standing the effect of a drug dose on the heart rate and contractile properties is crucial
for in vitro cardiac models used for drug testing and disease modeling [134].

Most electrical pacing systems in in vitro 2D and 3D models use pair of electrodes
positioned in the proximity of the cell layers and tissues, to deliver electric field stimula-
tion with the electrical impulse propagating through the cell culture. Pacing electrodes
are commonly made from carbon or platinum wires, however, carbon has superior cur-
rent injection characteristics [135]. Some examples of developed systems for electrical
stimulation of cardiac cells are shown in Fig. 6.1 [136–139].

Figure 6.1: Examples of pacing systems for 3D and 2D cardiac tissues: A) Perfusion-stimulation bioreactor with
parallel carbon electrodes for tissue stimulation [136]; B) Schematic of a 3D platform with platinum-PDMS
pillars as electrodes [137]; C) Plane electrode integration for 2D cell culture stimulation [138]; D) Bioreactor
with two Petri dishes and carbon rods for electrical stimulation [139]

.

Adjusting stimulation parameters and electrical signal properties allows cell response
to be tuned, depending on the culturing conditions and experimental setup. However,
the optimal stimulation regime and pacing parameters for enhancing the maturation of
iPSC-CMs are yet to be defined. Most of the research groups used biphasic rectangu-
lar pulses for charge-balanced stimulation with frequencies up to 6 Hz, pulse duration
shorter than 20 ms and maximum electric field of 8 V/cm [140, 141].

Until now, most of the reported systems for electrical stimulations of cardiac tissues
use bulky external pacing electrodes that are either immersed into the wells containing
cell culture or placed at the bottom of a culturing bioreactor or Petri dishes, as shown in
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Fig.6.1. In all of these cases, the electrodes are part of the external setup, placed manually
in the proximity of the tissues, limiting the controllability and reproducibility of the cell
culture stimulation. For this reason, in this work, a pair of planar pacing microelectrodes
was integrated into the substrate of the previously developed EHT platform, to address
mentioned issues by enabling ultimate uniformity, accuracy and precision in controlled
in situ tissue stimulation. The microelectrodes were integrated into the 3 µL platform for
EHT culture with straight pillars, however, the fabrication method is compatible with all
platform sizes as well as with the tapered pillar design (Chapter 3).

6.2. DESIGN OF THE PACING ELECTRODES
A pair of rectangle-shaped planar electrodes was integrated into the EHT platform on
top of the PDMS substrate, inside of the elliptic microwell and in the proximity of the tis-
sue, to enable electrical stimulations of tissues formed around the pillars. The integrated
electrodes create a uniform electric field propagating perpendicular to the tissue forma-
tion direction. Such a design was chosen to achieve parallel electric field lines through
most of the tissue area, to maximize the uniformity of the field within the tissue and to
avoid interference with the PDMS pillars.

When applying electrical stimulation within a biological system, it is important to
define stimulation parameters and electrode material carefully, to induce no or mini-
mal damage to the cell culture. The choice of electrode material determines the mecha-
nism of charge transfer to the electrolyte. This mechanism can be non-faradic, defined
by charging and discharging the electric double-layer capacitor at the electrode/tissue
interface. The second type of charge transfer is faradaic reversible or non-reversible,
where actual electron transfer and oxidation occurs on the electrode surface. The non-
reversible faradaic transfer should be avoided due to the generation of chemical byprod-
ucts and slow degradation of electrodes during stimulation [142]. In the case of the EHT
platform with integrated electrodes developed in this chapter, the material chosen for
the electrode surface is titanium nitride, which provides a non-faradaic charge transfer
mechanism.

Figure 6.2: Comsol model of the EHT platform with integrated pair of pacing electrodes: A) 3D geometry
design with the PDMS elliptic microwell and a pair of pillars (blue), cardiac tissue (brown) and a pair of TiN
electrodes (black); B) Mesh of the 3D geometry used for definition of computational nodes in FEM analysis.
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6.2.1. ELECTRIC FIELD DISTRIBUTION: NUMERICAL ANALYSIS
The exact shape and position of the electrodes were determined via numerical analysis
of the electric field distribution within the system of two elastic pillars, elliptic microwell
and two planar electrodes (Fig.6.2A). For this purpose, Comsol Multiphysics was used to
create a 3D model of the described system. The microwell, electrodes and substrate were
defined using the standard geometry module in Comsol, while the 3D model of tissue
adhering to the middle of the pillar length was imported from SolidWorks. The system
was placed within a spherical air domain with zero charge at the infinite sphere bound-
aries. Since the thickness of the integrated electrodes is in the submicron range due to
the used microfabrication techniques (see Section 6.3.2), Shell physics was used to rep-
resent two TiN plates with infinitesimal thickness. This approximation is valid since all
other dimensions in the model are in the hundreds of micron range, therefore the very
small electrode thickness would cause a lot of challenges for mesh generation, which
is avoided by using the Shell model. Electric field distribution was calculated using the
Electrostatics module, where one electrode was defined as a terminal with 1 V electri-
cal potential, while the second electrode was grounded. Platform material was PDMS
with relative permittivity of ϵr = 2.7, as in all the other models used in previous chapters.
The EHT was modelled using properties of a skin-like medium available in Comsol, with
ϵr = 2 ·105. Prior to computation, mesh nods were created to define the set of equations
for the finite-element calculation method. The fine tetrahedral mesh was used, with ad-
ditional refinement at the area of thin electrodes. The meshing of the entire model is
shown in Fig.6.2B. The computational flow for FEM analysis is shown in Fig.6.3.

A stationary study with the electric potential as a dependent variable was used to
obtain the electric field distribution in the system. The resulting electric field in the mid-
dle vertical plane of the tissue, as well as the top view of the elliptic well, are shown in
Fig.6.4. It is visible from the graphs that the electric field (E) lines originating from the

Figure 6.3: Computational flow of FEM study of electric field propagation within the system of EHT platform
with integrated pacing microelectrodes.
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two planar electrodes positioned on both sides of the tissue are parallel within the tissue.
The position of the electrodes was chosen in such a way to achieve parallel distribution
of the majority of E field lines through the tissue, creating in this way a uniform field
within the EHT. From the graphs is also clear that the E field lines are more densely dis-
tributed through the tissue due to the difference in relative permittivity between tissue
and PDMS. This model confirms the hypothesis of planar electrodes providing uniform
E-field stimulation to the cardiac tissue in the developed EHT platform.

Figure 6.4: FEM simulation of the electric field distribution within the cardiac tissue in an EHT platform with
integrated pacing microelectrodes: A) top and the B) side view of the electric field lines.

6.2.2. ELECTRODES AND INTERCONNECTS DESIGN
The pair of TiN electrodes was designed in a rectangular shape with rounded edges to
avoid strong E field concentration in the sharp corners and to allow uniform E field dis-
tribution through the tissue between the two pillars. The interconnects connecting elec-
trodes to the bond pads outside of the elliptic well were designed in a serpentine shape
to preserve the integrity of metal interconnects upon deformation of the substrate. With
such a design the strain in the metal lines is reduced by minimizing the metal area in the
direction of the maximum strain. This is particularly important for the future upgrades
of the platform including mechanical stimulation of the tissues. The final design of the
electrodes and interconnects within a single chip layout is shown in Fig.6.5 with the de-
sign parameters given in Table 6.1. All the lithography masks for microfabrication were
generated based on the designs from both SolidWorks and Comsol which were used for
numerical analysis.
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Figure 6.5: Layout of a single chip of EHT platform with integrated pacing electrodes with all relevant dimen-
sions.

Table 6.1: Parameters used for the design of electrodes and interconnects

Symbol Description Value

Li c length of interconnects 11.332 [mm]
wi c width of interconnects 50 [µm]

a contact pad size 1 [mm]
h height of the electrode 550 [µm]
w width of the electrode 330 [µm]
d distance between

electrodes
11.6 [mm]

6.3. FABRICATION OF THE PLATFORM WITH INTEGRATED PAC-
ING MICROELECTRODES

Two fabrication strategies were developed and will be discussed in the next section. Prior
to the detailed process step discussion, an overview of used microfabrication techniques
will be given.

6.3.1. MICROFABRICATION TECHNIQUES

Fabrication of the EHT platform with integrated electrodes was done using most of the
previously described microfabrication techniques and processes such as photolithogra-
phy, PECVD oxide deposition, reactive and deep reactive ion etching and metal sputter-
ing. Most of these processes were primarily used to process silicon, while the polymer
layer was only moulded. Here polymer processing including polyimide and metal pat-
terning will be explained in detail.
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METAL DEPOSITION

Uniform thin metal layers can be deposited on top of different substrates by using a tech-
nique called sputtering. Metal sputtering is a type of physical vapor deposition (PVD)
technique, where ionized heavy ions of inert gases (e.g. argon, neon, xenon) are used to
bombard the target metal material (Fig.6.6)[143]. If the energy of incident ions is higher
than the surface binding energy of the target material, atoms get ejected out of the tar-
get and biased towards the substrate at the opposite side of the process chamber. The
quality of the deposited layer is highly influenced by the pressure and temperature in
the sputtering system. The highest quality layers of sputtered metal are obtained in a
low-pressure atmosphere at high temperatures (e.g., 350 °C ). The vacuum increases the
mean free path of ejected metal atoms and allows most of them to reach the silicon sub-
strate, which increases the sputtering efficiency [144]. However, if the substrate to be
coated by sputtering is polymer, such as PDMS, the temperature of the process is re-
duced to room temperature, consequently decreasing the quality of the deposited layer.
For the process developed in this chapter, sputtered metal layers were aluminum, tita-
nium, and titanium nitride.

Figure 6.6: Schematic of the metal sputtering process [143].

POLYIMIDE PROCESSING

When depositing metal on top of a low-stiffness polymer layer, an additional polymer
can be used as a stress buffer layer. A commonly used polymer for this purpose is poly-
imide (PI). Polyimide is a high-temperature resistant organic polymer with good ther-
mal, mechanical, and chemical stability. Besides as a stress buffer, it also can be used
as an insulation layer due to its high dielectric constant. Polyimide used in the fabri-
cation process developed in this thesis is a photo-sensitive type of polyimide (LTC39)
which can be patterned in the same way as a negative photoresist and developed using a
cyclopentanone-based developer. It can be cured at low temperature for the soft-baking
step, which is enough for evaporating solvent, but for optimal performance and good
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adhesion layers, high-temperature bake ( 350°C ) in the atmosphere with low O2 con-
centration (∼ 20 ppm) is preferable. The main application of PI in the fabrication of
integrated pacing electrodes is as a stress buffer layer between PDMS and the sputtered
metal layers, as its Young’s modulus (∼ 2 GPa) value is in between that of stiff metal layers
(Al, Ti, TiN) and soft PDMS. The additional purpose of PI is as an insulation layer for the
interconnects of the electrodes because of its dielectric properties.

6.3.2. PROCESS FLOW
Two different fabrication strategies were proposed and developed to integrate a pair of
pacing microelectrodes into the EHT platform. The first fabrication strategy consists of
fully automated process steps and can be easily adapted for standard mass production
cleanroom-compatible flows. This strategy entirely relies on standard microfabrication
techniques and tools available inside a well-equipped cleanroom environment. How-
ever, due to technical difficulties, this process flow was not used for the fabrication of
the final devices. Nevertheless, all the steps of the process were tested and their viability
was proven, as it will be further discussed in detail.

The second fabrication strategy was envisioned as an alternative process flow, with
fewer steps and the use of less costly equipment. This strategy, however, involves manual
steps such as wafer alignment, bonding and laser cutting, which are all performed out-
side of the cleanroom environment. All this makes the second process more challenging
for upscaling, even though it was used for the fabrication of final devices.

FABRICATION STRATEGY 1
The fabrication flow of the EHT platform with integrated electrodes can be divided into
several parts which will be described below. All the fabrication steps of pacing electrode
integration into the EHT platform are shown in Fig.6.7.

1. Silicon mould fabrication
The fabrication process starts with a double-side polished Si wafer with a thin layer of
thermal oxide grown on both sides. Additional 5 µm PECVD SiO2 is deposited on the
front side and patterned using standard photolithography steps (Fig.6.7A). The oxide is
dry etched in CHF3 plasma, followed by photoresist removal in ionized O2. The pat-
terned oxide is used as a hard mask for DRIE of cavities for pillars and wall moulding
into the Si wafer using Bosch process (Fig.6.7B). The same approach is used as in Chap-
ter 2, for 2 µL EHT platform. Teflon residues after Bosch process are cleaned in 15 min
high-power O2 plasma. After mould fabrication, SiO2 used as the hard mask is removed
from the wafers using buffered HF. Next, 1µm of SiO2 is thermally grown on the wafer
to ensure conformal covering of deep cavities with a high-quality oxide layer (Fig.6.7C).
This oxide layer within the cavities in the Si wafer will protect the PDMS pillars during the
final release of the structures by the backside etching of Si. After thermal oxidation, 4 µm
of PECVD oxide is deposited on the backside of the wafer and patterned as previously, to
create a hard mask for the last step of Si etching (Fig.6.7D).

2. PDMS moulding
From this point, polymer processing starts and the wafer is considered polymer-contaminated,
therefore additional cleaning steps must be taken before using standard tools in the
cleanroom. The first step of polymer processing is filling in deep cavities in Si with PDMS
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Figure 6.7: Process flow of the first fabrication strategy of EHT platform with integrated pacing microelec-
trodes: Si mould fabrication for micropillars and elliptic wells.

while obtaining a thin and uniform layer on the wafer surface (Fig.6.8A). The thickness
of this PDMS layer should be approximately 20 µm. To make sure that the flat thin layer
of PDMS is obtained on the wafer surface, long degassing (3h) is performed prior to cur-
ing. PDMS is then cured in a vacuum oven for 2 hours, with slow temperature ramping
up from 20 to 80 °C, followed by the final curing at 90 °C for 30 min. Upon curing, the
PDMS above the Si cavities is covered with a stress-buffering polyimide layer prior to
metal sputtering. This step assures uniform deposition of the Al layer on top of PDMS
within deep cavities, preventing metal cracking. Before Al deposition, a leak-up rate
(LUR) test is done to check if the gas leakage from the polymer layer is within the al-
lowed range. High gas leakage out of the polymer can affect the sputtering conditions
and the controllability of the process. For this reason, PDMS is cured in vacuum and
kept there until the LUR test to avoid any gas absorbance. Besides the LUR test, prior to
metal sputtering, the surface of PDMS is exposed to low power O2 plasma to enrich the
PDMS surface with hydroxyl groups and improve adhesion between metal and polymer
[116]. Sputtering is performed in four steps, with 250 nm Al deposition per step, with
3 min degassing steps in between (Fig.6.8B). The deposited Al layer is patterned using
standard photolithography steps, using spray-coating instead of spin-coating due to the
high topography present on the wafer. The Al layer is dry etched in chlorine (Cl) and hy-
drogen bromide (HBr) plasma to create the hard mask for etching contact and electrode
openings in PDMS. In the case of PDMS dry etching, Al is used as a hard mask because
the etching chemistry attacks the photoresist as well, which therefore cannot be used as
a protection. In the following step, 20 µm of PDMS is dry etched in plasma of sulfur hex-
afluoride (SF6), carbon tetrafluoride (CF4) and O2 until reaching the SiO2 landing layer
(Fig.6.8C). Al hard mask was then removed in PES solution (Fig.6.8D).
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Figure 6.8: Process flow of the first fabrication strategy of EHT platform with integrated pacing microelec-
trodes: PDMS moulding and etching contact and electrode openings.

3. Electrode patterning
The 1 µm thick PI layer is patterned on top of the PDMS with electrode and contact open-
ings (Fig.6.9A). This is the first insulation layer for the interconnects and a stress buffer
for the following metal deposition. To create the pacing electrode, a first Al layer for
the contact pads is deposited and patterned using photolithography and dry etching,
followed by sputtering of 200 nm Ti and 50 nm TiN layer (Fig.6.9B). Due to the high dif-
ference in stiffness between Ti/TiN layer and PDMS, only parts on top of the PI layer are
free of wrinkles and cracks. Similarly to Al, the TiN/Ti layer is patterned using spray-
coating and standard photolithography steps and etched in Cl/HBr plasma. Coating
and patterning of a second PI layer followed, for encapsulation of the interconnect areas
(Fig.6.9C).

Figure 6.9: Process flow of the first fabrication strategy of EHT platform with integrated pacing microelec-
trodes: Patterning TiN/Ti/Al electrodes on PDMS, encapsulated in between polyimide layers.
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4. Platform release
After electrode encapsulation, an additional 50 µm of PDMS is spin-coated on top to
define the substrate for the EHT platform (Fig.6.10A). Again, an Al layer is sputtered on
top of the PDMS as protection for PDMS during the last etching step. Finally, the EHT
platforms are released by etching silicon from the backside of the wafer using Bosch
process (Fig.6.10B). In this step, a circular opening is made in the Si wafer, along with
two small squared openings for contact pads. PDMS pillars and elliptical microwell are
released during Si etch within the large circular well. Finally, the protective Al layer is
removed in PES, while the landing layer of thermal SiO2 on top of the PDMS pillars and
microwells is removed in buffered HF solution (Fig.6.10C).

Figure 6.10: Process flow of the first fabrication strategy of EHT platform with integrated pacing microelec-
trodes: Backside etching of the silicon and final release of the structures.

FABRICATION STRATEGY 2
For the second proposed process flow, many of the solutions were adopted from the
first fabrication strategy. However, the process was separated into two individual wafers
to decrease the complexity of the fabrication and to avoid the use of cleanroom tools
that became unavailable during process development. The illustration of the fabrication
process is shown in Fig.6.11.

The first wafer is the silicon mould for PDMS pillars and elliptic wells. All the steps
(1-4) are the same as in the first process flow. Briefly, a single-side polished Si wafer was
patterned and etched using DRIE to create the mould for PDMS pillars and elliptic wells.
Upon etching, the wafer was silanized to assure hydrophobic surface of Si prior to PDMS
spin-coating and filling of the cavities in the Si wafer. Polyimide was patterned on top of
the PDMS layer to create the stress-buffering layer prior to metal deposition. Aluminum
was then sputtered and patterned for contact and electrode openings. Both Al and PDMS
were dry-etched to create openings in the PDMS layer. The first wafer processing ended
with Al removal in PES.

The second single-side polished Si wafer was silanized prior to spin-coating 80 µm
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Figure 6.11: Process flow of the second fabrication strategy of EHT platform with integrated pacing
microelectrodes

thick PDMS layer. The first PI layer was patterned on top of PDMS to create good and
stress-free adhesion between metal layers and the PDMS substrate. Furthermore, 1 µm-
thick AlSi, 100 nm-thick Ti and 25nm-thick TiN layers were sputtered on top of PDMS
with patterned PI. TiN was the last sputtered metal layer, making it the top layer of the
electrodes. This was preferred because of its good properties. TiN does not form an
oxide layer, it has a good charge transfer efficiency, and it has high polarization resistance
[145]. Electrode areas were patterned first by dry etching selectively only the TiN/Ti layer.
Next, Al was patterned for both interconnects and contact pads. Aluminum was used
for serpentine interconnects because of its lower stiffness than Ti/TiN, to preserve the
integrity of the metal lines upon polymer deformation. The second PI layer was spin-
coated and patterned on top of the electrodes for the final encapsulation and protection.

The last step of the fabrication process of the EHT platform with integrated elec-
trodes is bonding of the two wafers. This was done using pressure-sensitive adhesive
(PSA) as the bonding layer. PSA was laser-cut in a wafer-scale format to match the con-
tact and electrode openings of the wafer with moulded PDMS. Adhesive protection was
removed from one side and aligned to the wafer with PDMS structures. PDMS was
peeled off the silicon mould using PSA as a mechanical support. Only by using a very
strong adhesive such as PSA, 700 µm-long PDMS pillars and wells on top of a 20 µm-thick
PDMS substrate were removed from the silicon cavities without damage. The PDMS
layer bonded to PSA was suspended on water droplets on a glass wafer and aligned to
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the second wafer with patterned electrodes. Two wafers were finally bonded by remov-
ing the second adhesive protection of PSA. After bonding, EHT platforms with integrated
pacing electrodes were cut into 9 x 9 mm2 squares and peeled off the second Si wafer.

Both process strategies result in a pair of TiN/Ti electrodes integrated into the EHT
platform. Fig.6.12 demonstrates the final electrode patterning and encapsulation within
the PDMS microwell, in the proximity of pillars.

Figure 6.12: Fabricated EHT platforms with integrated pair of pacing microelectrodes. Top view of the final
PDMS platform (A) with a close-up view of the elliptic well (B) and the single TiN electrode (C).

6.3.3. CRITICAL FABRICATION STEPS
There are several fabrication steps worth elaborating on in more detail as they were crit-
ical for the process flow development.

CONFORMAL PDMS COATING OF THE WAFER WITH DEEP CAVITIES

One of the first challenges of the fabrication of the EHT platform with pacing electrodes
was filling the 700 µm-deep cavities in Si with PDMS and obtaining a thin uniform layer
of PDMS on top. The standard spin-coating does not work in this case since, due to
the centrifugal force, PDMS is removed from cavities during spinning. One of the avail-
able coating methods that can be suitable for this specific application is the doctor blade
technique [146]. With this technique, low-viscosity material is spread over the substrate
with the slow movement of a sharp blade, leaving the uniform layer of desired thickness
behind, as illustrated in Fig.6.13A. The blade distance from the substrate is fixed and
determines the final layer thickness. The uniformity of the obtained layer depends on
many parameters such as surface tension and viscosity of the coating layer, blade ma-
terial, the speed of the blade movement as well as the angle between the blade and the
substrate. When coating substrate with cavities, geometry and density of openings has
an influence as well.

The initial tests showed that using a very thin sharp blade for PDMS coating resulted
in material removal from the cavities in silicon due to the large angle between the blade
and the substrate. Reduction of the coating angle improved the layer uniformity and the
process was finally optimized with the use of a glass cylinder instead of the blade. Using
a glass cylinder significantly reduced the coating angle, finally creating a flat PDMS layer
of uniform thickness across the entire wafer. The resulting thickness of the coated layer
was determined by a 20 µm-thick ring of photoresist patterned on the edges of the wafer.
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By rolling the glass cylinder on top of it the thickness of the PDMS layer was set to 20 µm,
as illustrated in Fig.6.13B.

Figure 6.13: Illustration of different coating techniques: A) doctor blade coating by controlled spreading of the
low-viscosity liquid on a substrate using a sharp blade; B) glass roller-coating of PDMS on top of a Si wafer with
cavities using cylindrical glass roller.

PDMS CURING

After roller coating, the next critical step was PDMS curing. It was found that the concave
profile of PDMS above cavities is the most suitable for conformal coating with PI and
metal in later steps. In the case of the convex profile, metal sputtering and lithography
resulted in damaged interconnects, while a perfectly flat layer was very challenging to
obtain. The reason for this is the thermal expansion of PDMS during metal sputtering
as well as the low vacuum in the sputtering chamber that pushes out trapped gas from
the PDMS in cavities, even if PDMS was cured in a vacuum oven. To obtain the desired
concave profile of PDMS above deep cavities prior to metal sputtering, PDMS was first

Figure 6.14: Profile measurement above microwell filled with PDMS, with the electrode patterned on top.
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cured in vacuum at a lower temperature, with a slow ramping up from 20 to 80°C to
remove as much of the trapped air as possible. The first part of curing resulted in a
uniform PDMS layer above the deep cavities. The second curing step was done rapidly at
a higher temperature (90 °C) to cause thermal expansion of PDMS and create a concave
profile above the cavities. The formed hills of polymer were approximately 20-25 µm
high, which was not the problem later for lithography and metal patterning. An example
of the PDMS concave profile above the cavities in the Si wafer is shown in Fig.6.14.

PI AS A STRESS BUFFER LAYER

Even though the concave profile of PDMS is advantageous for metal sputtering and lithog-
raphy, as it solved the issue with the large PDMS deformation, still during the sputtering
process deep wrinkles and cracks are formed in the areas above the cavities. Wrinkle
formation is a consequence of the expansion and compression of the soft polymer dur-
ing the sputtering process. Especially due to the presence of metal layers with a much
higher stiffness than PDMS, the cracks and wrinkles are quite prominent. An example
of the PDMS layer after the metal sputtering and removal is shown in Fig.6.15A. Conse-
quently, metal layers are not continuous in the areas above cavities. This step is critical
for both fabrication strategies, as the Al layer needs to be sputtered and patterned after
PDMS filling of the holes, in both cases. Non-uniform coating of PDMS with Al results in
damage of the walls and pillars during dry etching.

Figure 6.15: Comparison of the filling in deep cavities in Si with PDMS, before (A) and after (B) addition of PI
layer on top.

To solve this issue, an additional PI layer was deposited above the cavities prior to
any metal deposition, as demonstrated in Fig.6.15B. This layer is a stress buffer that pre-
vents cracking and wrinkling of PDMS in the deep Si cavities and enables the deposition
of uniform and conformal metal layers on top. Fig.6.15 shows a comparison between
PDMS in cavities, before and after the addition of PI.

This step is particularly relevant for the first fabrication strategy and it is one of the
most challenging steps of the process flow. If the layer on top of the walls and pillars is
not smooth enough and free of wrinkles and cracks, electrodes and interconnects cannot
be patterned. Fig.6.16 shows PI and electrode patterning across the PDMS wall before
and after the deposition of an additional PI stress-buffer layer above cavities. This shows
that neither PI nor metal could be patterned on top of the PDMS wall without a stress
buffer layer. The close-up image of the wall without the PI layer (Fig.6.16A, B) shows
prominent wrinkles formed during metal sputtering. Even minimal non-uniformity in
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Figure 6.16: Polyimide and metal patterning on top of the elliptic microwell filled with PDMS, before (A,B) and
after (C,D) additional PI layer covering the microwell.

Al coverage will increase after dry etching of metal, resulting in pronounced roughness
in the PDMS elliptic wells. In the second case (Fig.6.16C, D), after introducing the PI
stress-buffer layer, both PI and Al/TiN/Ti patterning and lithography were successful.

A demonstration of the PI role as a stress buffer layer for the electrode patterning
on top of PDMS is shown in Fig.6.17. After metal deposition, the cracks due to stress in
PDMS become even more prominent, than when only PI was present. Moreover, new
cracks form because of the significant stiffness difference between the PDMS and Ti/TiN
layers. Fig.6.17A shows the metal deposition on top of a wafer with PDMS and patterned
PI structures. After removing metal outside of the electrode area, the role of PI becomes
evident. It is possible to notice how the metal layer is uniform and continuous on top
of PI protection, while wrinkles and cracks are present only outside of the PI region,
at the PDMS-PI interface (Fig.6.17B). Finally, Fig.6.17C demonstrates metal patterning
directly on top of a uniform PI layer, which results in a stress-free electrode and its sur-

Figure 6.17: The difference in stress distribution after metal deposition (A) and patterning (B) on top of the
PDMS layer and on top of the PI layer (C).
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roundings. In case when mechanical stimulation of the platform is not needed, therefore
substrate elasticity is not critical, the approach of using a uniform instead of pattered PI
layer might be adopted to completely avoid stress and consequential crack formation in
PDMS.

Another fabrication detail worth mentioning is the curing of PI layers on top of PDMS.
Preferably PDMS is used in the final steps of the fabrication process due to its low tem-
perature capacity. Once PDMS is deposited, process temperature should ideally not go
above 100 °C to not affect its mechanical properties. However, this process flow requires
the curing of the PI layer on top of a cured PDMS. As previously explained, complete
polymerization of PI, good adhesion and optimal mechanical properties of the layer are
achieved when curing at 350 °C in an atmosphere with low O2 concentration. On the
other hand, PDMS starts decomposing around 250 °C, and its mechanical properties de-
pend highly on the curing conditions [147, 148]. The typical curing temperature used for
PDMS was 90 °C. Therefore, the compromise was found between optimal curing of PI
and temperature resistance of PDMS, so that the solvent component was removed from
the PI layer and delamination is avoided, but also that PDMS was not exposed to very
high temperature. The recipe for curing PI at 150 °C was developed and used for curing
all the PI layers. This temperature reduction did not show any negative effects on the PI
layer, except for the increase in the final layer thickness by 30%. However, the adhesion
effects might become apparent once mechanical stimulation is incorporated.

PI CHALLENGES

Several challenges emerged when processing PI on top of PDMS as a stress buffer and
electrode insulation layer. First, when spin-coating PI it is very important to achieve
good adhesion to the substrate. For this reason, plasma treatment must be performed
before spin-coating PI on top of a PDMS layer, to enrich the PDMS surface with polar-
OH- groups and make it hydrophilic. Poor adhesion to the substrate will cause delami-
nation and wrinkling of PI.

The development of exposed PI is also critical. If prolonged, it can lead to structure
detachment from the PDMS layer. The development reaction ends by immersing the
wafer with developed PI into the RER600 rinser. After this, the wafer should dry out by
evaporating chemical residues, in air or nitrogen atmosphere. Removing the rinser with
DI water causes cracks and wrinkles formation on the PI surface. This effect is visible in
Fig.6.18A, B.

Another challenge encountered during PI processing on top of a PDMS layer is the
stress in PDMS around the patterned PI structures. The cracking lines due to the stress
release are formed immediately after PI coating, especially around sharp edges where
stress concentration is high (Fig.6.18C). The cracks originating from the corners of e.g.
square contact pads ended up at the interconnect area causing disruption in metal lines
(Fig.6.18C). To solve this issue, the PI layer below the contact pads was redesigned into
rounded corner structures with slight tapering to smoothen out the transition from a
large contact pad area into a thin, serpentine interconnect. Such a design solved the is-
sue of broken interconnects and reduced the stress in the PDMS layer around the sharp
edges of PI structures, as visible in Fig.6.18D, E. Additionally, when patterning metal on
top of the polymer layers such as PDMS and PI using dry etching, the timing of the etch-
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Figure 6.18: Examples of polyimide processing challenges.

ing process is crucial. In the case of even short overetching (10-15 s), both PI and PDMS
get burned and result in a dark opaque layer as shown in Fig.6.18F.

PDMS ETCHING FOR CONTACT AND ELECTRODE OPENINGS

In the final fabrication process, electrode and contact openings were dry etched into a
20 µm-thick PDMS layer using a combination of SF6, CF4 and O2 plasma. However, ex-
cept for the dry etching, wet etching of PDMS was also explored. The benefits of wet
etching are the speed of chemical reaction, good selectivity and lower cost than plasma
etching. During dry etching SiO2 is utilized as a landing layer, which is also etched by the
chemistry used for PDMS etching, making the selective PDMS etching very challenging.
Especially in the case of roller-coating of PDMS, the difference in layer thickness can
reach up to 4µm from the center towards the wafer edges. This difference causes exten-
sive overetching of the SiO2 landing layer in the areas with thinner PDMS due to the poor
etching selectivity, which is one of the main drawbacks of the dry etching process. On
the other hand, a downside of wet etching is the use of very aggressive and dangerous
chemicals which, if absorbed by PDMS, can be toxic to the cell culture. Nevertheless,
with some fine-tuning, wet etching might be a good alternative for PDMS etching of
small features and thin layers, such as contact openings, in the case when dry etching
tools are not available.

PDMS was etched in a solution of tetrabutylammonium fluoride (TBAF) and N−meth-
ylpyrrolidinone (NMP) mixed in 3:1 ratio [149, 150]. The fluorine chemistry of TBAF is
used to etch PDMS and form a complex, which is then removed using NMP as an organic
solvent [151]. The etching solution reaches saturation after 35 min and the chemical re-
action stops. Every 35 min of etching, the solution needs to be refreshed, which sets
constraints on the PDMS thickness that can be etched in one go.

Similarly to the dry etching, regular photoresists cannot be used as the masking lay-
ers since they are dissolved in NMP. Two different geometries were patterned in 1 µm-
thick Al hard mask for PDMS wet etching test. First, a wafer with large circular openings
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Figure 6.19: PDMS wet etching examples: A) timeline of large openings etching; B) timeline of etching contact
openings.

was prepared to test the effect of PDMS etch of a large surface area and to find the etching
limit regarding the thickness of the layer and the etching progress in time. The second
example included a wafer with only contact openings to test the etching efficiency of
small structures and etching selectivity.

It was found that the etching started from the structure edges and went non-uniformly
towards the middle of the openings, as shown in Fig.6.19. Due to the nature of the pro-
cess, the etch rate was very difficult to measure. It was demonstrated that the most suit-
able use of wet etching of PDMS is for the complete removal of the areas uncovered by
the Al mask, and that precise patterning of delicate structures was not possible. Both
etching examples are shown in Fig.6.19. In the first example with large circular struc-
tures, it was noticed that the etching saturates after ∼ 30 min and that PDMS in this case
cannot be completely removed without refreshing the solution. On the other hand, the
second case (Fig.6.19B) demonstrated the complete removal of PDMS from the contact
pad areas after 15 min, leaving a clean and smooth surface of SiO2 landing layer below.
Due to the process selectivity, the SiO2 layer was not affected during the wet etching
process.

FINAL STRUCTURE RELEASE

Finally, one of the most critical steps of the process flow was the release of the final PDMS
structures from a Si mould by etching Si from the backside of the wafer. This was done
using the Bosch process and 6 µm-thick SiO2 layer as a hard mask. The most important
parameters that are crucial for this process are the temperature of the process and the
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thickness of the hard mask. Due to the presence of PDMS on the front side of the wafer,
which is in direct contact with the bottom electrode during the Bosch process, helium
cooling of the backside is less efficient. PDMS layer is an insulator, therefore the tem-
perature of the silicon is higher than the temperature of the cooled-down chuck. This
leads to low control of the etching process and faster consumption of the SiO2 protective
layer. To compensate for this effect, the process was performed at −10°C, to maintain the
low temperature of the silicon wafer and assure that Si is completely etched from the big
circular and contact openings before SiO2 is entirely consumed. Fig.6.20. shows PDMS
structure release from the backside of the wafer, where pillars and elliptic well are being
protected by the layer of thermally grown SiO2.

Figure 6.20: Final release of the test EHT platforms by backside silicon etching.

6.3.4. WIRE-BONDING
Once the final EHT platforms with integrated electrodes have been fabricated at a wafer
level, they were cut or diced into single chips with dimensions of 9 x 9 mm2, for further
assembly and connection to the printed circuit board (PCB). Aluminum contact pads of
the single chips were wire-bonded to the bond pads on the PCB. Similarly to the platform
with integrated sensors, 1 µm-thin Al contact pads were suspended on top of the 80 µm
thick PDMS layer. Wire-bonding on top of such a soft layer was performed using golden
shims as a rigid support for the wire-bonding on top of the Al contact pads. The golden
shims were attached to the pads using silver glue in a liquid form and baking it at 125
°C for 2h (Fig. 6.20A). Two joint points were made at the Al contact pad and at the PCB
bond pad by welding the Al wire. Even with the addition of golden shims, bonding pa-
rameters had to be adjusted for this specific application, as the absorption of ultrasound
energy was still higher than for the rigid substrates. An additional parameter to take into
account is the force applied by the wire-bonding needle on the golden shim. If the ap-
plied force is too high, cracks are formed in the thin aluminum pads under the pressure.
Optimized parameters used for wire-bonding are shown in Table 6.2. Fig. 6.20B, C shows
single chips of EHT platforms with integrated electrodes, glued and wire-bonded to the
gold-plated single-chip PCBs, to enable connection to the external pacing setup.
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Figure 6.21: Wire-bonding of the single EHT platform with integrated pacing microelectrodes to a custom-
designed PCB.

Table 6.2: Wire-bonding parameters for bonding the golden shims on Al pads, on top of a PDMS substrate, to
the PCB contacts.

US power [mW] Time [ms] Force [mN]

Bond 1 (chip) 1400 750 800
Bond 2 (PCB) 400 350 300

6.4. ELECTRICAL CHARACTERIZATION OF THE ELECTRODES

6.4.1. SHEET-RESISTANCE MEASUREMENTS
It is a good practice to inspect the quality of deposited layers during microfabrication
processing. For conductive layers, a four-point measurement setup is typically used
to obtain sheet resistance of sputtered metals on a wafer level, before patterning them
(Fig.6.21). For this measurement, four probes are placed in line, equally distant from
each other. The current is applied to the two outer probes (1,4), while the two inner ones
(2,3) are connected to a high-impedance circuit and measure the voltage drop on a small
part of the metal layer.

As mentioned previously, sputtering of Al/Ti/TiN was conducted at 25 °C, at 1 kW,
after passing the LUR test. The low temperature is used to moderate the effect of wrinkle
formation on the PDMS surface due to the large difference in thermal expansion coef-
ficient between metal and polymer. The sheet resistance measurement of 1 µm of Al,
200 nm of Ti and 50 nm of TiN in 10 points on a wafer (Fig.6.22B) resulted in 29.522
±1.5 mΩ/sq. Based on these measurements, and knowing the electrode dimensions, the
resistance of patterned electrodes can be calculated in the following manner:

Rsh = ρ

t
(6.1)

R = ρ
L

A
= Rsh

L

w
(6.2)
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Figure 6.22: A) Illustration of four-point measurement setup; B) The ten measurement points on the wafer.

Here, Rsh is sheet resistance or resistance of the surface area of the electrode. When
multiplied by the thickness of the metal layer t = 1µm, it gives the resistivity of electrode
ρ. Further on, R is the resistance of the electrode depending directly on electrode ge-
ometry and resistivity. L is the length of electrode and interconnects, A is cross-section
area and w is the width of interconnects. All the dimensions were previously given in
Table 6.1. Since Rsh is measured using the four-probe technique, the resistivity of the
electrodes can now be calculated using Eq.6.2 and parameters from Table 6.1. Finally,
the obtained value for resistivity is R = 6.5Ω.

6.4.2. POST-FABRICATION RESISTANCE MEASUREMENTS

In addition to the characterization of metal layers during fabrication, the electrical char-
acterization of the finalized platform with integrated pacing electrodes was also per-
formed. Resistance of the fabricated chips was measured using the Cascade Microtech
Summit 12k probe station. Two probes were brought into contact with the electrode and
the contact pad to apply voltage in a range from -1 V to 1 V in 51 points. The resulting
current was measured using the sensing functionality of the same probes.

Measurement results are shown in Fig.6.23. First, measurements were performed on
diced chips, prior to wire-bonding. In this case, probe station needles were directly in
contact with Al pads on PDMS. The second measurement was performed after the wire-
bonding was completed and chips were transferred to individual PCBs. The idea was
to test whether the contact between the golden shim and the Al contact pad through
the conductive paste affects the resistance of the electrodes after the assembly process.
However, what was noticed is that the resistance decreased in the second measurement,
with wire-bonded chips. This happened due to the fact that the first measurements were
done by gently scratching thin Al contacts on top of PDMS while trying to create elec-
trical contact with the measurement probes. This made the measurement conditions
quite challenging, as reflected in the variability of the results. On the other hand, the
second measurement was performed by contacting golden pads on the PCB, which al-
lowed easier and steady probing with the needles, good metal contact and more stable
measurements. Wire-bonded chips have lower standard deviation and more repeatable
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Figure 6.23: Electrical characterization of electrodes: A) I-V and B) R-V graphs for wafer-scale and wire-bonded
platforms.

measurements with the resistance of R=21±6Ω. For a single chip on a wafer level, more
dispersed measurements were obtained with the average resistance of R=4±14Ω. In to-
tal, 14 electrodes were characterized. Measurements were performed on the same sam-
ples, before and after wire-bonding.

The difference in the resistance values before and after the finalization of the fabri-
cation can be attributed to the resistance introduced by measurement setup as well as
the small variations in electrode dimensions during metal layer patterning.

6.5. DESIGN OF THE EXTERNAL PACING SETUP
As mentioned in the introduction, there are multiple ways of applying electrical simula-
tions to the EHTs and the “optimal recipe” is yet to be found. For this reason, most of the
currently used pacing systems come with parameters tunable within a range of interest,
which gives a certain level of freedom in defining pacing experiments. Typical pacing
systems use bipolar rectangular pulses of 1-25 V amplitude, up to 25 ms pulse width and
up to 5 Hz stimulation frequency. For this specific EHT platform with integrated elec-
trodes, the pacing circuitry was developed within the master thesis of Androniki Diakou
[152]. The circuit generates short biphasic rectangular pulses with 15 V maximum peak-
to-peak voltage, tunable pulse width from 0 to 25 ms and frequency in the range from 0.3
to 5 Hz. The maximum allowed current in the system is 12 mA. The output pacing signal
is multiplexed to 16 individual channels to scale up the pacing capabilities and make it
compatible with the future upgrade into a multi-well plate system (see Chapter 7). All
the specifications of the pacing system are summarized in Table 6.3.

6.5.1. ELECTRICAL CIRCUIT MODEL OF EHT
An equivalent circuit of electrode/electrolyte interface has been used to estimate the
expected load that cells within the cell culture medium represent in the pacing circuitry.
The model consists of resistor Rp describing the polarization resistance of the electrode,
in parallel to a capacitor-like "constant phase element" (CPE) [153] and the electrolyte
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Table 6.3: Specifications of a pacing system.

Parameter Description Value

V peak-to-peak voltage 30(±15) [V]
f pacing frequency 0-5 [Hz]

Imax maximum current 12 [mA]
Ton pulse width 0-25 [ms]
Nch number of channels 16

resistance in series. The model is shown in Fig.6.24. For titanium nitride, it was found
that Rp = 4.68e5Ω/cm2 ,C PE = 2.66e−5F /cm2 , while the resistivity of human heart was
found to be Rt = 175Ωcm [154].

Figure 6.24: The equivalent circuit of electrode/electrolyte interface.

6.5.2. ELECTRONICS DESIGN
There are two common ways to implement electrical stimulation for biological tissues:
voltage-controlled stimulation and current-controlled stimulation. The first method is
more power-efficient because voltage remains stable while the current adapts to the load
variation during the pacing experiment. The second method is less power efficient as the
current control requires higher voltage, but provides good control of the current injected
into the tissue. Both of these methods have been implemented into the pacing circuit
design, whereby the selection of one or another can be made with a mechanical switch.

The developed pacing circuit can be divided into four units: the power management
unit, a pulse generation unit, current and voltage measurement and signal demultiplex-
ing. Each of these units will be briefly explained below. The block diagram of the pacing
circuitry is shown in Fig.6.25.

POWER MANAGEMENT UNIT

The power management unit generates voltage levels required for the functioning of the
pacing system. It receives 30 V DC from an external AC/DC converter, which is then
converted into ± 15,± 12 and 8V, which are required voltage levels for all the other com-
ponents in the circuit. The microcontroller unit (MCU) is supplied with 8 V, while op-
erational amplifiers (OPAMPs) within the pulse-generation unit require ± 15 V to gener-
ate the maximum amplitude of the biphasic pulses. The voltage and current measure-
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Figure 6.25: Block diagram of the entire pacing circuit system consisting of PMU, MCU, a pulse generation
unit, voltage and current measurement modules, and demultiplexing unit.

ment circuits, as well as the demultiplexers and the Howland converter for the voltage-
to-current stimulation mode, require ±15V.

The power supply system generates the required voltage levels using two convert-
ers. The first converter is a low-noise dual-supply inverting charge pump converter. It
consists of an inverting charge pump with both linear positive and negative regulators.
It converts 30 V of the external DC power supply to ± 15 V for all the above-mentioned
units. The second converter is a DC-DC step-down converter, i.e. buck converter. It is
the main supply for the microcontroller as it converts 30 V input voltage to 8 V at the
output.

Both of these converters have safety capacitors, with a maximum working voltage of
50 V, between input signal lines and the ground, to assure the safe functioning of the
power supply system and avoid sudden voltage drops. The block diagram of the power
supply unit is shown in Fig.6.26.

Figure 6.26: Block diagram of the power management unit: conversion of 30 V DC voltage to voltage levels
required by the circuitry via dual and buck converters.



6

144 6. INTEGRATED PACING MICROELECTRODES

PULSE GENERATION UNIT

A system of three OPAMPs is used in sequence to generate bipolar rectangular pulses of
desired properties. The input signals for the OPAMP sequence are two 5 V monophasic
pulses generated by the MCU. These pulses were generated by implementing the pulse
width modulation (PWM) method in the ATMEGA 328 microcontroller, to tune the pulse
duty cycle according to the user input. The resulting two monophasic pulses, shifted in
time by the single pulse duration, were the analog pin outputs of the MCU, sent further
as inputs to the OPAMP sequence.

The first stage OPAMP is a differential amplifier that generated biphasic rectangu-
lar pulses of maximum ±15 V amplitude by subtracting two monophasic pulses coming
from MCU. The second OPAMP functions as a buffer, improving the stability and con-
sistency of the signal from the first amplifier. The third stage OPAMP is an inverting
amplifier that defines the final shape of the pacing signal. In parallel to this output sig-
nal, there is a potentiometer that enables fine-tuning of the output signal amplitude in
the specified range. The pulse generation unit is illustrated in Fig.6.27.

Figure 6.27: Schematics of bipolar pulse generation unit using three operational amplifiers.

CURRENT AND VOLTAGE MEASUREMENT

A very important requirement of the pacing system is to monitor and limit the current
passing through the tissue during the entire duration of the pacing experiment. Indirect
current measurement was implemented by measuring the voltage drop across a shunt
resistor of a small resistance in the order of mOhm. Such implementation does not affect
significantly the current flow, but due to a very small value of voltage drop, the measured
signal requires amplification. The output of the current measurement circuit goes to
the MCU analog input. This signal is further converted into a real current value and
displayed in the GUI implemented in Matlab which will be explained in detail in the next
Chapter. As the analog input of the microcontroller accepts 0-5 V, the voltage reference
of 2.75 V was created in the middle of that range using a Zener diode.

Another relevant measurement that should be provided for the user is the output
voltage measurement. The pulse amplitude is adjusted by the user with the potentiome-
ter at the third stage OPAMP in the pulse generation unit. To make sure that the set
voltage corresponds to the value generated at the output, a voltage measurement circuit
is implemented. The output voltage is measured using an OPAMP with adjusted gain,
which converts 0-15 V at the input to 2.75 – 5 V at the output. Similar to the current mea-
surement, this output signal is connected to the analog input of the MCU, converted to
the real voltage value and displayed to the user via GUI. The schematic of both current
and voltage measurement circuits is shown in Fig.6.28.
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Figure 6.28: Schematics of current (A) and voltage (B) measurement circuits.

DEMULTIPLEXING

Demultiplexing of the output pacing signal is implemented in order to achieve selec-
tive stimulation of tissues in multiple EHT platforms. In this way, digitally controlling
the selection signals of two demultiplexers (DEMUX) can deliver the pacing signal to 16
independent EHT platforms with integrated electrodes.

The generated biphasic pulse from the pulse generation unit is the input signal for
two demultiplexers. Both DEMUXs are supplied with ± 15 V to be able to output the
required pacing signals. Each DEMUX sends the input signal to one of the eight available
output channels, which is controlled by selection via 3-bit address lines A0, A1, and A2
coming from the MCU.

6.5.3. TESTING

To verify the functionality and performance of the designed pacing circuit, several mea-
surements were conducted. During the testing procedure, 30 V DC was applied to the
board using Agilent 6613C DC Power Supply. In the later stage of the experiments, as
well as during tests including EHTs, an external AC/DC converter was used to transform
220 V AC from the power grid to 30 V DC. As the initial verification, the voltage was mea-
sured at each testing point, at the outputs of the voltage converters, to make sure that
all the components have the required voltage supply. Next, the circuit performance was
tested with a digital oscilloscope, by monitoring the output signal of each OPAMP stage
as well as the microcontroller outputs.

The voltage and current measurement circuitry were characterized by tuning the
conversion coefficient used for the calculation of the measured signals based on the mi-
crocontroller analog inputs. The measured voltage is calculated based on Eq.6.3:

Vr eal =
(VuC −b)

m
(6.3)

where Vr eal is the voltage value applied to the tissue, VuC is the voltage at the analog
input of uC, and constants m = 0.07 and b = 3.4V are desired gain and offset of the am-
plifier, respectively, set by resistors RG ,RF and RL in Fig.6.28B. The current is calculated
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using Eq.6.4:

Ir eal =
(VuC −b)

m ·R
(6.4)

where Ir eal is the current going through the tissue, VuC is the voltage at the analog input
of uC, m = 100 and b = 2.75V are gain and offset of the amplifier, respectively, and R = 1Ω
is the resistivity of the shunt resistor from Fig.6.28A. The adjustments of the conversion
equations from analog readout to the actual measured values are made by fitting the
measured values to a second-order polynomial function in Matlab. This resulted in very
precise real-time current and voltage measurements.

Finally, the performance of the pacing circuit by means of different pulse generation
was tested by changing the frequency, pulse duration, and amplitude in the range de-
fined by Table 6.3. Fig.6.29 shows the results of multiple frequency testing, where 0.5, 1,
2, and 4 Hz are presented. Variation of the pulse amplitude in the range from 12 to 4 V,
for constant frequency, is shown in Fig.6.30.

Figure 6.29: Demonstration of different frequency signals at the output of bipolar pulse generator.
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Figure 6.30: Demonstration of voltage sweep of the output signal of the bipolar pulse generator.

6.6. BIOLOGICAL VALIDATION OF THE PLATFORMS

Similarly to the previous cases, after the assembly of the entire platform with integrated
pacing electrodes, biological validation followed. The cell culture was tested in single-
chip PCBs with EHT platforms.

6.6.1. EHT GENERATION

Engineered heart tissues were made by mixing 70% cardiomyocytes (CMs), 15% of car-
diac fibroblast (cFB) and 15% of endothelial cells (ECs). All three cell types were dif-
ferentiated from iPSCs and kept in liquid nitrogen for up to 7 days prior to EHT seed-
ing. ECM gel mixture was made using collagen I (3.3 mg/mL), DMEM (10X), NaOH,
growth factor reduced Matrigel and formation medium in previously defined percent-
ages (Chapter III). The EHTs were cultured in a formation medium for 72h combined
with growth factors for endothelial cells and fibroblast (VEGF and FGF). After 72h the
culture medium was switched to MBEL+ VEGF (50 ng/mL)+ FGF (5 ng/mL) and the same
medium was used for refreshment until the end of the experiment. Since plastic circular
wells around the EHT platforms for containing medium were smaller than standard 96-
well plate compartments, less medium volume could fit in it and refreshment was done
every two days instead of 3, as in the 96-well plate case. EHTs remained in culture for
14 days. During the entire experiment, tissues were kept in an incubator, except for brief
periods for pacing experiments and measurement performance. Brightfield images were
taken every day, following tissue formation, since the beginning of the experiment, with
a Nikon Eclipse Ti2. Fig.6.31 shows tissues formed around PDMS pillars within the EHT
platforms with integrated electrodes.

Tissues remained viable and functional for 14 days at least, demonstrating the bio-
compatibility of the novel platform with electrodes. The initial biocompatibility exper-
iments were conducted on the single-chip level but the pacing was not tested on those
due to issues with the structural integrity of electrodes and flaws in the assembly process.
Upon solving the assembly issues, new experiments will be conducted to test pacing ef-
ficiency with the novel platform with integrated electrodes.
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Figure 6.31: EHT culture on the platform with integrated pacing microelectrodes.

6.7. DISCUSSION AND CONCLUSIONS
In this Chapter, the design, fabrication and characterization of the EHT platform with
integrated pacing microelectrodes were described. The pair of planar electrodes create
a uniform electric field throughout most of the tissue area, perpendicular to the tissue
formation direction. Numerical simulations using Comsol Multiphysics were carried out
to determine the final design and position of the electrodes, placed at the bottom of the
elliptic microwell, in close proximity to the tissue. Titanium nitride was selected as the
electrode material due to its chemical inertness and non-faradaic charge transfer to the
medium with tissues.

The platform was fabricated using a similar approach as before, combining standard
silicon micromachining and polymer processing. Two fabrication strategies were de-
veloped for this purpose. The requirement of patterning metal on top of the polymer
layer within deep Si cavities imposed significant challenges for both fabrication strate-
gies. This issue was finally addressed with the inclusion of an additional stress-buffering
layer. There might still be some air going out from the deep cavities with the polymer
during pressure change prior to processing. This can generate small areas with inflating
and deflating air bubbles. Even though, thanks to the PI layer, this trapped air does not
harm metal lines, it can still interfere with the photolithography due to high topography.

Furthermore, for the first fabrication strategy, automation of the process was ensured
with the final release of the structures with backside silicon etching and wafer dicing.
Since initially the electrode integration process was developed for 3 µL platforms, 1mm-
thick wafers were used for fabrication, making all the steps even more challenging. By
switching to 500 µm-thick wafers and shorter pillars, the last fabrication step would be-
come less challenging as it would require shorter etching steps. In this case, the first
fabrication strategy would become preferable over the second one.

Nevertheless, even though being more manual, the second fabrication strategy proved
to be very efficient. Optimization is required in all the wafer alignment steps, and a more
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automated and custom-made system should be developed in the future specifically for
this purpose. Standard available techniques for wafer alignment were not convenient
for use in this case. Additionally, the second fabrication strategy is not optimal for future
mechanical stimulation as substrate deformations are restricted due to the presence of
the PSA layer. Still, the advantage of this approach is the compatibility with the fabrica-
tion of tapered pillars (Chapter 3), as there is no need for the backside structure release,
which would anyway not be possible in the tapered pillar fabrication process.

Furthermore, custom-made pacing circuitry was developed for the generation of
biphasic rectangular pulses for tissue stimulation, with tunable frequency, voltage and
pulse duration. The circuit uses three-stage operational amplifiers to convert the monopha-
sic rectangular pulses generated by a microcontroller into short, biphasic pulses of de-
sired properties. The circuitry was designed to multiplex pacing signals and enable in-
dividual stimulation of 16 EHT platforms. As a future upgrade, the programming of the
microcontroller can be modified to enable parallel stimulation of the tissues, by alter-
nating signals between wells at high speed.

Finally, biological tests were performed to validate the novel EHT platforms with in-
tegrated electrodes. The initial tests proved the biocompatibility of the platforms, as
tissues remained functional for 14 days. However, due to the failure in the electrical
connection between electrodes and the PCB during the packaging process, pacing could
not be tested. Future experiments will be conducted to test the efficiency of the electrical
stimulation on tissues cultured in the developed EHT platform.
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7.1. MULTIPLEXING SINGLE-CHIP OOC DEVICES

O NE of the big challenges of the OoC models that have been recently developed is the
translation from research-based prototypes of single-chip models to multiplexed,

upscaled systems used in high-throughput experiments and drug screening assays [12,
155–158]. Some of those chips reached the market as part of multi-well plate platforms
and some of the examples of the ones that are commercially available are shown in
Fig.7.1 [159–162]. Nevertheless, the commercialization and upscaled production of OoC
systems are still at the starting phase. Most of the upscaled chips that reached the market
in a multi-well plate format are relatively simple in design, containing static 3D topog-
raphy and microfluidic integration, but with limited actuation and sensing capabilities.
There is a lack of multi-functional platforms that would allow tissue culturing in a highly
controlled and automated manner, including high-throughput analysis.

Figure 7.1: Examples of commercially available multi-well plate systems: A) PhysioMimix Liver plate by CN
Bio for the culture of 3D liver organoids [163]; B) OrganoPlate by Mimetas for co-culture of different cell types
[160]; C) Akura platform by InSphero for 3D microtissue culture [164].

In previous chapters, the focus has been on developing different versions of the plat-
form for culturing engineered heart tissues and guiding their maturation by applying
mechanical and electrical stimuli. All the platform functionalities were developed com-
patibly with a wafer-scale fabrication strategy, describing the design, fabrication and
characterization of individual chips. However, as was already demonstrated in previ-
ously conducted experiments with cells, obtaining biologically and statistically-relevant
results and conclusions required testing of at least several tissues per culture condition
(n > 3) and repetition of the same experiment at least three times (N = 3). These numbers
refer to the ideal case when the yield of the experiment is 100% and all the tissues can be
used as relevant points in data analysis. In most cases, the number of cultured tissues is
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much higher to make sure the minimum number of tissues reaches the end of the exper-
iment. Going even further, when talking about drug assays and disease modeling, the
number of chips per experiment quickly scales up.

Until now, with the fabrication at wafer-level exploited in this thesis, the number
of single chips obtained per wafer is 69. However, an important step that was missing
is the integration of single chips into a higher-level, multiplexed system. Therefore, in
this chapter, the single EHT platforms with integrated pacing microelectrodes developed
within Chapter 6 are assembled into a multi-well plate platform to enable multiplexing
of the single-chip microenvironment for EHT culture and to address the need for high-
throughput analysis in a reproducible and automated manner.

7.2. MULTIPLEXED PACING PLATFORM

7.2.1. PLATFORM ASSEMBLY

The previously developed EHT platforms with integrated pacing microelectrodes were
assembled into a 96-well plate format for high-throughput experiments. The assembly
process consists of several steps that will be described in detail. Briefly, the bottom of
a 96-well plate was replaced with a custom-made printed circuit board (PCB) with the
footprints of 32 single EHT platforms with electrodes. On top of the array of chips, an
acrylic plate with wells for culture medium and pockets for wire-bonds was placed to
enable cell culturing. The layers constituting the platform are illustrated in Fig.7.2.

Figure 7.2: Exploded view of the functional layers making up the multi-well plate with EHT platforms with
integrated pacing microelectrodes.
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SINGLE-CHIP TRANSFER TO A CUSTOM-DESIGNED PCB

A custom-made PCB was designed to fit at the bottom of a 96-well plate, as this is the
standard format plate used in biological laboratories. The PCB contains bond pads and
traces for 32 single chips of EHT platforms with integrated electrodes. This PCB was
meant to be connected to the separately designed PCB with pacing circuitry, which was
described in Chapter VI. As explained previously, pacing circuitry contains a demulti-
plexer that enables pacing signal multiplication to 16 individual channels. For this rea-
son, to host as many chips as possible, a multi-well plate PCB was designed with foot-
prints and traces for 32 chips. Half of the PCB contains 16 chips and connectors to the
pacing circuitry. The entire footprint is mirrored, including traces and connectors on
the other side of the PCB to create a symmetrical layout. In this way, connections for 16
chips are provided on each side of the PCB. The PCB design is shown in Fig.7.3A.

Individual EHT platforms with integrated pacing microelectrodes were wire-bonded
to the PCB as described previously. First, individual chips were glued to the PCB using
uncured PDMS. After baking at 60°C for 2h, golden shims were glued to the Al contact
pads using silver conductive paste. The glue solidified after 2h 30 min baking at 125°C,
and the wire-bonding was performed using the same parameters as previously. Each
bond was protected with an additional droplet of uncured PDMS for insulation and me-
chanical stability. Wire-bonding of 32 chips to the multi-well PCB, with the insert of
single chip bonding, is shown in Fig.7.3B.

Figure 7.3: A) SolidWorks model of a PCB design as bottom layer of a 96-well plate; B) 32 EHT platforms with
integrated pacing microelectrodes mounted and wire-bonded to the PCB in a multi-well plate format, with the
enlarged single-chip bonding.
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WELL BONDING

After wire-bonding of all the single EHT platforms, each wire-bond was protected with
a droplet of the uncured PDMS for insulation and encapsulation. The next step in the
assembly was the incorporation of wells for the cell culturing medium. For this purpose,
an 8 mm-thick plate of acrylic was laser-cut to create 32 holes, 6 mm in diameter, for
hosting cell culturing medium. Next to the holes, 4-mm deep pockets were created to fit
the insulated wire-bonds. In this way, all the cell culturing wells were incorporated into
the multi-well plate design as a single piece. SolidWorks design is shown in Fig.7.4A.

The acrylic plate was bonded to the PCB with individual wire-bonded chips using
pressure-sensitive adhesive (PSA). PSA was also laser-cut into the patterns correspond-
ing to the bottom of the acrylic plate. First, one side of the adhesive was aligned and
glued to the acrylic. Using slight pressure, the acrylic was then attached to the PCB with
PDMS chips on top, while placing wire-bonds in the small pockets. This assembly step
is shown in Fig.7.4B. After gluing the acrylic wells to the PCB, a liquid leakage test was
performed, by pouring DI water into all the wells and checking the leakage after 30 min.
These tests gave positive results, as no leakage was noticed.

Figure 7.4: A) SolidWorks design of the acrylic plate with wells for cell culturing medium; B) Placement of the
acrylic plate on top of the PCB with wire-bonded EHT platforms.

COMPLETE SYSTEM PACKAGING

The next step of the assembly was fitting into the 96-well plate frame and connecting
it to the electronics. The wall of the standard 96-well plate was recreated using Solid-
Works and adjusted to account for the thickness of the PCB at the bottom. Additionally,
two openings were created on each side of the frame to create access for the pins of the
connectors. This frame was 3D printed and bonded to the PCB with chips and acrylic us-
ing uncured PDMS. After placing the entire system into the frame, two connectors were
soldered to the PCB to finalize the multi-well assembly. The completed multi-well plate
with EHT platforms with integrated electrodes is shown in Fig.7.5.
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Figure 7.5: A) SolidWorks design of the assembled multi-well plate; B) The completed assembly of the multi-
well plate with EHT platforms with integrated microelectrodes.

7.2.2. EXTERNAL ELECTRONIC CONNECTION AND USER INTERFACE

PCB ASSEMBLY

After assembling the multi-well plate with EHT platforms, the connection with pacing
circuitry was made. The designed PCB from the previous chapter was packaged into a
custom-made 3D-printed plastic case, with openings for USB connection to a microcon-
troller (µC), a potentiometer knob for voltage tuning and a plug-in for the power supply.
The case was designed using SolidWorks. Assembly of the pacing PCB is shown in Fig.7.6.

Figure 7.6: A) Assembly of the designed PCB containing pacing circuitry within the custom-made 3D-printed
case; B) Top view of the SolidWorks model of a PCB for pacing signal generation.
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USER-FRIENDLY CONTROL

A Matlab script was written to enable independent multiplexed stimulation of 16 out
of 32 individual EHT platforms with integrated electrodes. The communication to the
µC Arduino Mega of the pacing circuitry was established via the serial port of the PC. A
graphical user interface (GUI) was generated using the Matlab AppBuilder tool to control
pacing conditions and visualize measured signals. The user can set the pacing frequency,
pulse duration and EHT platform selection via GUI and this information is transmitted
to the µC before starting the stimulation. This data is sent only one time when the user
changes settings or switches to a different EHT platform. Meanwhile, data from µC to
Matlab with the analog readings of voltage and current going through the tissue (Section
6.5.2, Chapter 6) is sent to the GUI in real-time, during the period when voltage is zero.

The user interface contains one tab for connection set-up and a tab for stimulation
control. In the connection tab, the user must select the serial port of the PC which is

Figure 7.7: User-friendly interface of the app for pacing signal control: A) Tab for establishing a connection to
the µC and pacing circuitry; B) Tab for a selection of pacing parameters and monitoring current and voltage
applied to the tissues.
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detected for the communication to the µC. Once the connection is established, a green
LED indicator is switched on. The connection tab is shown in Fig.7.7A.

In the stimulation tab, the user can define stimulation parameters, as well as the plat-
form selection. 16 channels can be stimulated separately using the developed circuit.
Additionally, real-time measurements of the applied peak-to-peak voltage and corre-
sponding current going through the tissue are displayed on the screen in this tab. There
is shown also an artificially-generated pacing signal based on the pacing parameters se-
lected by the user, for visualization purposes. The stimulation tab is shown in Fig.7.7B.

7.2.3. ASSEMBLY FLAWS
Each of the assembly steps could be further improved and optimized, as will be dis-
cussed below.

The design of the PCB can include in the future more than 32 chips, with the proper
modification of multiplexing units, to host higher throughput simulation experiments.
Furthermore, due to the imaging setup within the microscope with an incubator, it was
shown that the electrical connection between the multi-well and the pacing circuit should
be optimized by switching 90° pin connectors to the straight ones.

Currently, alignment of the individual chips to the PCB is conducted manually which
requires a lot of time and results in alignment errors. Since the chips are large, the mis-
alignment is not critical at this stage. However, in the future, a custom-designed pick-
and-place tool could be used to automate the process and increase alignment precision.

Bonding of the acrylic plate to the PCB using PSA represents another challenge in
the current system assembly process. The thickness of bonded individual PDMS chips
varies significantly across the multi-well plate. These variations originate from the non-
uniformity in layer thickness upon roller coating of PDMS (Section 6.3.3, Chapter 6), as
well as from the gluing of the chips to the PCB with the uncured polymer. As a conse-
quence, the PSA layer should compensate for all these thickness variations and ensure
good adhesion with the PCB, while preventing any leakage. On the other hand, laser cut-
ting of the acrylic plate results in surface roughness at the edges of the cuts. The rough-
ness is reduced by sanding and polishing the cuts. However, it is still a source of defects
that can cause leakage of the cell culture medium from the wells to the PCB and wire-
bonds. Alternative processes can be used, such as micro-milling, to create smooth-edge
openings for wells and wire-bonds in the acrylic plate.

Finally, the frame of a 96-well plate for packaging the PCB with bonded EHT plat-
forms was 3D printed from plastic material. Even though this approach is good for pro-
totyping, the material used for 3D printing was of low quality for this specific purpose,
especially taking into account that the frame is a large, hollow structure with relatively
thin walls. If exposed to higher temperatures during PDMS curing, (even at 60°) defor-
mation of the material occurs. Once again, alternative fabrication methods can be used
in the future to improve the quality of the multiwell plate frame concerning its mechan-
ical and temperature stability.
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7.2.4. TESTING OF THE PLATFORM
Validation of the platform was conducted by performing experiments with the inclusion
of cardiac cells. The EHTs were generated using the same protocol previously described
(Chapter 6). Briefly, 70% iPSC-derived cardiomyocytes (CMs), 15% of cardiac fibroblast
(cFB), and 15% of endothelial cells (ECs) were mixed within ECM gel mixture made of
collagen I (3.3 mg/mL), DMEM (10X), NaOH, growth factor reduced Matrigel and forma-
tion medium. The EHTs were cultured in a formation medium for 72h combined with
growth factors for endothelial cells and fibroblast (VEGF and FGF). After 72h the culture
medium was switched to MBEL+ VEGF (50 ng/mL)+ FGF (5 ng/mL).

The tissues were successfully formed after 72 hours, as demonstrated in Fig.7.8. How-
ever, after only 2 days in culture, platform leakage was noticed due to the poor adhesion
of the PSA layer to the rough laser-cut surface of the acrylic plate. This leakage resulted
in the complete removal of the cell culturing medium from the wells and the drying out
of the tissues.

The only conclusion drawn from this experiment is the biocompatibility of the multi-
well plate. Furthermore, before repeating the experiments with cells in the multi-well
plate, the assembly flaws, particularly the leakage, need to be addressed.

Figure 7.8: Timeline of the tissue formation within a single EHT platform with pacing microelectrodes as part
of a multi-well plate.

7.3. MODULAR PLATFORM
The multi-well plate platform has been developed to be a modular system with tun-
able functionalities. Until now, only pacing electrodes are incorporated in a multiplexed
manner to fit the platform layout. However, the design of both displacement sensors and
tapered pillar platforms is also envisioned to be included in this system.

All the fabrication processes developed within this thesis were made compatible with
the integration into the multi-well plate platform. Each process results in a 9x9 mm2 chip
size that could potentially fit the multi-well plate layout. Since the fabrication of both
pacing electrodes and capacitive sensors uses a combination of two separate wafers,
each of these processes is compatible with the integration with tapered pillars, without
significant changes to the process flow. Furthermore, metal layers in the case of either
sensors or electrodes can be easily adjusted to combine both functionalities in a single
chip. However, in this case, the PCB design would still have to be adjusted to facilitate
electrical connections to both chip functionalities. The illustration of different function-
alities of the multi-well plate is shown in Fig.7.9.
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Except for the currently available functionalities, additional sensing mechanisms can
be explored and included in such a platform design. For example, by modifying metal
patterning into a multielectrode array with functionalized electrode surface, electro-
chemical sensing can be incorporated into the platform, using previously developed
highly-sensitive capacitive readout to extract change in capacitance between function-
alized metal plates upon bonding of targeted cytokines.

Figure 7.9: Illustration of different chip integration into the multi-well plate, as a future outlook.

7.4. DISCUSSION AND FUTURE OUTLOOK
In this Chapter, individual EHT platforms with integrated pacing microelectrodes were
multiplexed and assembled into a multi-well plate format. The assembly included the
design of a PCB with the footprint and interconnects for 32 single chips, laser cutting
of the acrylic wells for cell culturing medium and 3D printing of the supportive frame
in a 96-well plate layout for platform packaging. Additionally, a separate PCB with the
pacing circuitry, developed in Chapter 6, was also assembled and packaged within a 3D-
printed custom-made plastic case. A stand-alone app was developed using Matlab App
Builder to control pacing parameters and monitor signals applied to the tissues during
electrical stimulation. This app enables pacing control and selection of 16 individual
EHT platforms.
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The developed assembly process showed to be good for prototyping purposes, but it
requires future optimization and automation of the assembly steps. Due to the leakage
between the PSA layer and the acrylic wells during the cell culture experiments, tissues
were left without the medium overnight and the experiment could not be concluded. Fu-
ture assembly modification should address mentioned issues, prioritizing better meth-
ods for acrylic well cutting as well as the printing of high-quality plastic frames in the
96-well plate layout.

In the future, the developed multiplexed platform can be used to create a closed-loop
system for tissue culture, with the automatic control of the tissue culturing environment
and the possibility to tune the experiment conditions according to the obtained read-
outs. For example, pacing parameters could be tuned based on the force read-out data
from the displacement sensor. Ideally, such a system would provide full automation and
precise engineering of the tissue microenvironment, where the experiment condition
could be independently adjusted depending on the tissue’s physiological responses and
maturation stage.
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8.1. CONCLUSIONS
The death toll of cardiovascular diseases worldwide and the lack of effective treatments
for them are the main motivation for developing alternative and more efficient models
for drug development and investing in disease modeling research. The missing link be-
tween current laboratory research on static in vitro and animal models and the clinical
stage research on human patients could be bridged using the rapidly emerging Organ-
on-Chip (OOC) technology. The artificial microphysiological models developed within
OoC research combine devices made of biocompatible polymers and human-induced
pluripotent stem cell (hiPSC)-derived organ-specific cell cultures. The idea is to culture
cells in a dynamic environment, including flow, chemical, electrical or bio-mechanical
stimuli, to mimic the in vivo environment. For human cardiac tissue, such an in vitro
model requires the interplay of different biomechanical and electrical cues within a plat-
form made of soft, biocompatible material, to facilitate the growth and maturation of
hiPSC-derived cardiac cell types, assembled into tissue-like bundles.

The work conducted within this thesis presented a step towards the development
of such a dynamic artificial microenvironment suitable for the growth of hiPSC-based
engineered cardiac tissues (EHTs). The developed platform and its variations can be
utilized as a starting version of a 3D in vitro cardiac model for facilitating culture and
improving maturation of EHTs, with integrated electrical stimulation and contraction
force readouts.

The approach taken in this thesis was designing and fabricating a platform for EHT
culture with simple topography, using wafer-level microfabrication techniques, followed
by step-by-step platform upgrade and an increase in model complexity by the inclusion
of electrical stimulation and readouts. The work on the platform development was done
in parallel with the biological experiments on each version of the platform, conducted
in close collaboration with researchers from Leiden University Medical Center.

The first step in developing a microenvironment suitable for EHT culture
was the search for optimal substrate and topography design to support the
self-assembly of three different cardiac cell types into tissue-like bundles. In
Chapter 2 an existing platform for EHT culture, composed of two micropil-

lars with rectangular cross-sections, within an elliptic microwell, was taken as a starting
point. The platform was anisometrically downscaled to facilitate 3, 2, and 1 µL volume
of cell/extracellular matrix (ECM) mixture within the elliptic well. The entire platform
was made by moulding PDMS into the deep reactive ion-etched cavities in the Si wafer.
The well volume determined the final cell number within the tissue, hence downscaling
of the pillars and wells resulted in a decrease in the number of cells used per tissue.

In this study, tissue performance was compared in all three platform sizes. The first
outcome was that the downscaling of the platforms and tissue sizes did not affect neg-
atively tissue formation and function. We showed that all the tissues expressed relevant
cardiac markers and remained vital and functional for at least 14 days. The downscaling
proved suitable for decreasing the number of cells used per tissue, consequently increas-
ing the throughput of the experiment by means of the number of tissues that could be
made using the same amount of cells. Additionally, downscaling enabled compatibility
with wafer-level microfabrication technologies, which in turn enabled further platform
upgrades.



8.1. CONCLUSIONS

8

165

The second goal of this study was to understand the relationship between the con-
traction force of the EHTs and the stiffness of the anchors upon which the force is ap-
plied. Anisometric downscaling resulted in three sizes of EHT platforms with the same
stiffness of micropillars, which enabled different-sized tissues to experience the same
load during formation and contraction cycles. In this regard, the results we obtained
could only be used as proof that the tissues demonstrated similar contractile perfor-
mance in a certain range of passive loads, which allowed certain freedom in the opti-
mization of mechanical properties of the future platform design.

However, the direct comparison of tissue contractile behavior between different-
sized platforms could not be performed. The reason was the high variability in the con-
traction force measurements and low yield of the experiment due to the “jumping off” of
the tissues. These issues emerged as a consequence of the straight pillar geometry and
the increase in tissue contraction force over time, which resulted in the EHTs climbing
upward, along the length of the pillars, and finally jumping off them. Since the tissues
were changing position during the experiments, the force of contraction could not be ac-
curately measured, without precise information on the applied force position along the
pillar length. The yield of experiments was also low since small percentage of tissues was
reaching the end of the experiments and could be used for statistical analysis. Finally, the
fact that tissues were able to change their position over time affected the reproducibility
of the experimental conditions. Taking this into account, to answer the question of opti-
mal substrate stiffness for EHT culture and its effect on tissue behavior, the first problem
to address was the re-design of the tissue anchoring points, i.e. micropillars.

The problem of tissue position variation was addressed in Chapter 3, by in-
troducing a novel tapered design of PDMS pillars. Since the previous analysis
showed that tissues were successfully formed and functional in all three chip
sizes, the 2µL-sized EHT platform was selected for further research and plat-

form upgrades as a compromise between size downscaling and ease of use during cell
seeding. To address the variation in tissue position, tissues were mechanically confined
in the middle of pillars by their hourglass profile. Such a design was fabricated using
a combination of anisotropic deep reactive ion etching (Bosch process) and isotropic
etching of Si, where the tapering pillar angle was precisely controlled by fine-tuning the
duration and alternation of mentioned processes. Two tapering angles were achieved us-
ing this staircase-like etching approach: 80° and 75°. Both designs were successfully fab-
ricated, mechanically characterized, and used for EHT culture to test the confinement
efficiency. Tissue behavior in the new tapered designs was compared to the previously
made platform with straight pillars.

It was shown that the tissue spatial confinement was successful in both tapered de-
signs, which resulted in accurate contraction force measurement and a significant de-
crease in the variability of contraction parameters. Additionally, the yield of the exper-
iments increased to 100%, showing that the new pillar design is suitable for long-term
experiments.

Even though the new design showed to be efficient in tissue spatial confinement,
many fabrication challenges emerged with the hourglass etching profile. The limitations
of the fine-tuning of the final dimensions of pillars and therefore of their stiffness were
set by the nature of isotropic etching of narrow trenches. The non-uniform etching in
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lateral directions on the narrow and wide sides of the rectangular windows resulted in
different tapering angles on parallel sidewalls of cavities, affecting the final pillar stiff-
ness. In the end, the stiffness of both 80° and 75° tapered pillars was higher than for
corresponding straight pillars, which might have been the additional cause of contrac-
tion force decrease and lack of tissue movement outside of the confining regions.

The next step in the design of the controlled microenvironment for EHT culture was
the inclusion of relevant readouts. As mentioned in the Introduction, one of the bene-
fits of the EHT in vitro models is the ease of contractile force assessment by measuring
the displacement of elastic anchors around which tissues compact. To achieve this, two
different readout methods were implemented in this thesis: optical and electrical.

First, Chapter 4 described the development, implementation, and valida-
tion of a stand-alone software ForceTracker for monitoring tissue contrac-
tile properties. The software is based on a shape-tracking algorithm im-
plemented in Python, which detects and tracks the movement of pillar tips

across the frames in a video of contracting tissue. The software was developed for two
different EHT platforms, with rectangular and circular pillar cross-sections, respectively,
in collaboration with researchers from the University of Twente. By using a shape-
independent algorithm and an easy-to-use user interface, the application has the advan-
tage of automatically analyzing multiple videos in an unbiased way, taking into account
the geometry and mechanical specifications of each platform. The software showed
good performance in analyzing videos from both platforms in a time-efficient manner
due to the implementation of a multi-threading approach. The main software outputs
are pillar displacement, tissue force of contraction, speed of contraction and relaxation,
and the force per tissue surface area. The software detection accuracy was validated us-
ing open-source image processing software ImageJ and showed to be in good agreement.

Even though the software performance and algorithm efficiency have been optimized,
the main detection limitation is imposed by the poor quality videos, with low contrast,
tilted tissues, or many visible artifacts. Even though the software can filter out and cor-
rect for the majority of mentioned defects, special instructions should be followed by
users when recording videos for analysis in the first place.

Another drawback of the software is that all the videos of contracting tissues need
to be recorded before analysis, meaning that the current version does not allow real-
time measurement. However, even with the addition of the real-time force assessment,
optical readout still requires an external camera within a bulky microscope setup and
connection to a PC. Therefore, measurements still need to be performed outside of the
incubator for a limited amount of time, or in microscopes equipped with incubation
chambers.

The mentioned issues were addressed by developing an alternative method
to read out tissue contraction force from an EHT platform. In Chapter 5 a
co-planar capacitive force sensor was integrated into the previously devel-
oped EHT platform with 3µL elliptic well volume. The pair of spiral co-planar

capacitors was integrated into the substrate below the rectangular pillars. The working
principle of the sensors is based on detecting the small compression and tension occur-
ring in the substrate below PDMS pillars, upon tissue contraction and subsequent pillar
displacement. The change in base capacitance due to the metal plate displacement was
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measured and correlated to the applied force upon the pillars. Four different spiral ge-
ometries were analyzed using Comsol Multiphysics and implemented into the platform
design to find the optimal dimensions and metallization ratio.

The sensors were successfully integrated into the EHT platform using a combination
of micromachining and polymer processing. The fabrication consisted of a two-wafer
process. PDMS pillars and wells were de-moulded from the deep reactive ion etched
Si mould and bonded to the sensors patterned in Aluminum on top of a PDMS layer
on a second silicon wafer. After successful fabrication, the base capacitance was mea-
sured in static conditions and it showed good agreement with the values from FEM and
analytical models. For assessment of the dynamic behavior of the sensor during tis-
sue contractions, a highly sensitive readout system was developed to measure base ca-
pacitance change in the aF range. The developed readout is based on a commercially
available AD7746 component which uses capacitive-to-digital conversion to detect very
small changes in capacitance. The dynamic behavior of the sensor was characterized by
applying controlled force upon pillars with a nanoindentation tool and measuring elec-
tric response with the portable readout system. These measurements were performed
only for one sensor type, due to the problems in the assembly process.

After addressing all the drawbacks of the assembly process of the EHT platforms with
integrated sensors, more extensive electrical and biological characterization can be per-
formed leading to the final choice of the sensor type for future upgrades.

In parallel with the sensor design, integrated electrical stimulation was in-
troduced into the EHT platform, whose significance for the maturation of
hiPSC-CMs was described in the Introduction. The design, integration, and
fabrication of a pair of microelectrodes into the EHT platform were described

in Chapter 4. Two TiN microelectrodes were patterned at the bottom of the substrate of
the elliptic microwell, in between the pillars, to provide uniform electric field stimulation
to the tissue.

The platform with microelectrodes was fabricated using the same technology as in
the case of capacitive sensors, with additional layers of polyimide for metal insulation
and stress buffering. The platforms with pacing electrodes were successfully fabricated
and wire-bonded to custom-designed PCBs. In parallel, electronic circuitry for the gen-
eration of biphasic rectangular pulses for tissue stimulation was developed and imple-
mented. The circuitry enables tissue stimulation with a wide range of frequencies (1-5
Hz) and voltage amplitude up to ± 15V.

The electrical properties of the fabricated and wire-bonded platforms with electrodes
were assessed upon the completed assembly process. Resistance of approximately 30Ω
was measured. Unfortunately, the efficiency of tissue pacing with the developed system
could not be tested, as the experiments with cell inclusion were not successful due to
platform leakage issues.

Hence, one of the main challenges with the current fabrication process is the sys-
tem assembly in a leakage-free manner, together with the good alignment of two PDMS
layers to the pressure-sensitive adhesive used for bonding.

Since the development of the force sensor and pacing microelectrodes and their in-
tegration into the EHT platform was done in parallel with the substrate optimization,
both designs were made for 3 µL platforms with straight pillars. Later on, the flowchart
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for the pacing electrode fabrication can be easily adjusted to the tapered pillar design,
with a slight adjustment of the electrode positioning, and make it compatible with the
integration. However, adjustment of the sensor design and corresponding photolithog-
raphy mask requires more extensive FEM analysis with tapered pillars and is left for fu-
ture work.

The natural follow-up on the single-chip development of the EHT plat-
forms was upscaling and integration into a multi-well plate-like system for
high-throughput experiments. For this purpose, single-chip EHT platforms
with integrated electrodes were combined with a multiplexed pacing system.

Chapter 7 introduced the development and assembly of a multi-well plate system that
currently hosts 32 chips of EHT platforms with pacing electrodes and enables electrical
stimulation of individual wells. The well plate is composed of a custom-made PCB as
a bottom of a standard 96-well plate frame. This PCB contains single-chip footprints,
contact pads and interconnects to the external pacing circuitry. The acrylic plate with
laser-cut wells for the cell culture medium was glued on top of the wire-bonded EHT
platform. The well plate is connected to the external pacing circuitry for the generation
of rectangular bipolar pulses. Control of the pacing signal and individual well selection
was realized via the user interface of a developed Matlab-based application.

Chapter 7 demonstrated a proof-of-concept multi-well plate system assembly, con-
taining EHT platforms with integrated pacing electrodes. However, the process can ben-
efit from substantial optimization of the assembly steps to enable leakage-free cell cul-
ture.

8.2. FUTURE WORK

8.2.1. FINDING THE OPTIMAL STIFFNESS OF PILLARS

One of the main goals of the research on the suitable substrate for EHT formation and
culture was to find the optimal mechanical properties of the substrate by means of its
topology and stiffness. Due to the issue with the variation of tissue position along pil-
lar length during the experiments, the effect of pillar stiffness on tissue contractile per-
formance could not be analyzed. The upgrade to a tapered pillar profile successfully
addressed the issue of tissue confinement. However, due to the higher stiffness of ta-
pered pillars compared to corresponding straight pillars, it is still to be found whether
the tissue confinement is entirely a consequence of new pillar geometry. The alternative
explanation is that the increase in pillar stiffness decreased the contractile performance
of tissues, disabling tissue movement outside of the restricted region. To answer this
question and unravel the reason behind pillar confinement efficiency, additional analy-
sis needs to be performed. The stiffness of tapered pillars should be modified to match
the straight pillar design to properly analyze confinement efficiency and choose between
two tapered designs. Next, the stiffness of tapered pillars should be tuned further within
a certain range, to study the effect of different passive loads on tissue formation and
performance. Such a study could finally lead to a better understanding of the optimal
mechanical properties of the substrate in the EHT models.
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8.2.2. REAL-TIME FORCE ANALYSIS

In this thesis, two methods for tissue contractile force assessment were developed. As
already mentioned in Chapter 5, real-time force analysis is very important for long-term
assays or closed-loop systems for simultaneous tissue monitoring and stimulation. The
integrated force sensor is specifically designed for the EHT platform developed in this
Thesis. On the other hand, a stand-alone application for the assessment of tissue con-
tractile properties, ForceTracker, is compatible with different EHT platforms of various
pillar shapes and sizes. For this reason, it is relevant to mention that the implementa-
tion of the real-time force readout is an important future upgrade of the software. Such
an addition would enable a time-efficient analysis of the tissue contractile performance,
as the video recording of tissue contractions would be avoided. It would enable longer
monitoring of the changes in tissue contraction due to the drug effect, for example, while
enabling feedback to different stimulation setups.

8.2.3. IMPROVEMENTS OF THE ASSEMBLY PROCESS

Regarding the microfabrication of EHT platforms with microelectrodes and displace-
ment sensors, some significant drawbacks in the assembly process were identified. For
future fabrication optimization, alignment techniques and tools should be developed
specifically for this application. One example would be using a dedicated wafer aligner
system for flexible and optically transparent substrates to align the PSA layer to the PDMS
structures. Further on, to improve wire-bonding and reduce contact disruption in the
case of both designs, the interconnects should be modified into widely tapered metal
lines at the connection with the contact pads.

Once the improvements in the assembly process are implemented, more platforms
with capacitive sensors can be successfully fabricated and characterized. In the future,
all four sensor types should be electrically characterized to obtain their sensitivity and
compare it with the values from numerical analysis. Furthermore, since the characteri-
zation of dynamic sensors’ behavior in a cell culturing environment could not be tested,
the efficiency of the developed system for tissue contraction force measurement is yet
to be proven. Also, the effect of the wet condition measurements on the signal-to-noise
ratio should be assessed in future experiments. Based on all the pending analyses and
characterizations, the final selection of one of the four types of sensors can be made.

8.2.4. MULTIPLEXING

Regarding the multi-well plate, parallel pacing of the multiple wells can be introduced as
a future upgrade of single EHT platforms with microelectrodes. This could be realized by
rapidly switching select signals of demultiplexer during the "off time" of the pulses, due
to the low pacing frequency. Pacing parallelization would enable the long-term pacing
of multiple tissues and the application of specific pacing regimes to all tissues simulta-
neously.

The same multiplexing should be applied in the case of displacement sensors. How-
ever, such implementation is more challenging than in the case of electrodes as it would
require the development of a dedicated PCB with excitation signal multiplexing and con-
nection to the developed AD7746 readout system. Low noise requirements impose an
additional challenge in the case of multiplexing capacitive red-outs.
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As envisioned at the beginning of the Thesis, the developed system can be further
improved and upgraded to enable full automation and precise control of the EHT culture
environment within a closed-loop system. This could be achieved by incorporating both
sensors and electrodes into the multiwell-plate system. Software control of the setup
would allow a simple combination of the pacing input with the electrical response from
the force sensors, to develop a system in which pacing parameters could be tuned in
real-time according to the force readout. As a final goal, the automated system can be
created for researching the optimal microenvironment for tissue culture and maturation
by applying different bio-mechanical stimuli to the tissue in an unbiased manner.
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Stein∗∗, M. Dostanić, J.P. Frimat, C. Gontan, M. de Graaf, M. Hu, D. Kasi, L.S. Koch, K. Le, S.

Lim, H. Middelkamp, J. Mooiweer, P. Motreuil-Ragot, E. Niggl, C. Pleguezuelos, J. Puschhof,

N. Revyn, J.M. Rivera-Arbelaez, J. Slager, L.M. Windt, M. Zakharova, B.J. van Meer, V. Orlova,

F. de Vrij, S. WIthoff, M. Mastrangeli, A.D. van der Meer, C.L. Mummery, Taking microphys-

iological systems to the next level: Why quantification of physiological features is essential,

Accepted to Nature Biomedical Engineering.

CONFERENCE PAPERS
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6. H. Aydogmus, M. Dostanić, M. Jahangiri, R. Sinha, W. F. Quiros-Solano, M. Mastrangeli, P.
M. Sarro, Sensor applications for organ-on-chip platforms, In International MicroNanoCon-
ference, Utrecht (NL), December 10-11, 2019.



ACKNOWLEDGEMENTS

The work presented in this thesis was certainly not a one-man show. Instead, it was one
big collaboration, mutual effort, and contribution of many people.

First, I would like to thank my promotor, Prof. Sarro, for giving me the opportunity to
be part of the NOCI project and to work on introducing the Organ-on-Chip technology
into the MEMS processing flows. Massimo, my co-promotor and daily supervisor, thank
you for all the feedback, advice, and guidance over the past years. I appreciate a lot the
trust and support I got from you in all the ideas and research paths I took along the way.

Next, I would like to thank all the committee members: Prof. Dekker, Prof. Mum-
mery, Prof. van der Meer, Prof. den Toonder, Prof. Rasponi and Prof. French for accept-
ing to be part of the promotion committee and for taking the time to read my thesis.

It was truly a unique experience exploiting microfabrication technology, using very
toxic gasses and strong acids for processing silicon wafers, to create soft, biocompatible
"homes" for extremely sensitive human-origin cells. As challenging as it sounds, it was
still possible to do it thanks to the great team of people: technicians, students, postdocs,
and researchers, who worked with me at the Else Kooi laboratory on a daily basis. Mario,
Johannes, Silvana, Joost, Robert, Hitham, Koos, Tom, Jord, Gregory, Sten, Paolo, Bruno,
Lovro, Juan, Roberto, Shriya, Leandro, Nikolas, Bjorn I have a big appreciation for all of
you, for both the technical and scientific support I got over the years. Thank you for all
the jokes, talks, help, and support in the downtimes (of both humans and machines). It
made the long hours in the space suit very fun. Also, a big thank you to the rest of the
ECTM colleagues, working inside and outside of the cleanroom, for the many coffees,
lunches, and birthday cakes we shared. I am very grateful for all the master students I
had the pleasure of working with: Anita, Maddy, Jilian, Laurens, and Filippo. Thanks a
lot for your dedication, patience, and hard work. I learned a lot from each one of you.

One special group of people to thank is Bioelectronics, the group that adopted us
as honorary members: Ronaldo, Nasim, Gandhi, Cesc, and the Berlin part: Andra, Kon-
stantina, and Raphael. Thank you, lovely people, for all the great times in Delft, Berlin,
and Tirol!

This thesis is a testimony of a close collaboration between biology and engineering
that I’m very happy to be part of. My deepest gratitude to Prof. Christine Mummery
for the opportunity to do my entire research in collaboration with her group at LUMC.
Berend, it was amazing having you as someone who understands both fields, a master-
mind with impressive communication skills, to be that bridge between biology and tech-
nology and always help us find common ground. Thank you for all the support. My dear
Laura and Jeroen, who patiently watched me pipetting for the first time and allowed me
to create art instead of the EHTs. Such a pleasure working with you! Laura, thank you for
your everlasting enthusiasm for our research and every new chip design. A big thanks to
my new ANA group at LUMC for making the transition from microfabrication to cell bi-
ology very exciting and fun. Special thanks to Maury and Mervyn for a loooot of patience

187



188 ACKNOWLEDGEMENTS

in guiding me through the cell culturing lab.
Behind this collaboration is the Netherlands Organ on Chip consortium, which pro-

vided the opportunity for all of us to work together. NOCIIIIIIz, what an experience being
part of such a fun and cheerful community, full of brilliant people! Thank you for all the
great times during our meetings, inspiring talks, and all the effort put into understand-
ing each other’s research and finding possibilities to collaborate. Thank you for all the
parties and hangovers. With such a nice environment that we created, I’m sure we will
be gathering for many more years.

Of course, every gastarbeiter has its own ’second home’ community outside of their
country. I have to thank all the members of my small Balkan group that helped me feel
close to home over the past years. My big Serbian brother and sister, Aleksandar and Vi-
oleta. Aleksandar, thank you for all the help and support from day 0, inside and outside
of the lab. Not to mention that you were the one welcoming me to this country. Vio-
leta, you are such a role model on how broad, curious, and versatile a person should be.
Thank you for all the great times in Delft, and now is your turn to be the cool friend from
Amsterdam. Vukan and David, thank you for all the fun, colors, arts, and laughs. Filip,
your contagious positive energy is a great asset to have around. Thanks for all the care
and support. Elida, my dearest Bosnian mama, and such an amazing lady, thank you for
embracing me so openly into both of your families. You are the true soul of our warm
culture.

Finally, my paranymphs, my two fellow musketeers, and beautiful human beings. I
am sooo lucky to have shared these past four years with you and many more to come. I
could not imagine doing this otherwise. What were the chances that the three of us will
end up in the same office? From that first party in Utrecht to partying in Belgrade..we
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