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Zusammenfassung

Um die physiologische Relevanz von in-vitro-Zellmodellen zu erhéhen, wird daran geforscht
die in-vivo-Umgebung der Zelle mittels dreidimensionaler (3D) Kulturen humaner
Stammzellen und der sogenannten Organ-on-a-Chip-Technologie rédumlich wie zeitlich
maoglichst prézise in vitro nachzubilden. Trotz enormer Fortschritte auf diesem Gebiet
ermoglichen nur sehr wenige Organ-on-a-Chip-Plattformen die Maoglichkeit zur
Automatisierung und Parallelisierung, was deren Einsatz fir industrielle Anwendungen
limitiert. Die Microfluidic Large-Scale Integration (mLSI) Technologie, die die parallele
Durchfihrung mehrerer hunderter biologischer Untersuchungen am Zellgewebe mit
verschiedensten Reagenzien ermdglicht, hat das Potenzial, diesen Mangel an
Hochdurchsatzkompatibilitdt zu Gberwinden. Die Technik wurde bereits fur viele
zweidimensionale (2D) Zellkulturprozesse angewandt, aufgrund von Einschrankungen in der
Herstellung ihres zentralen Funktionselements, des pneumatischen Membranventils (PMV), ist
die Technologie bisher jedoch mit Gewebekulturen und Organoide mit Abmessungen von
mehr als einigen zehn Mikrometern nicht kompatibel.

Um diese Einschrankung zu beheben, wurde in dieser Arbeit untersucht, inwieweit sich die
Kompatibilitdt der mLSI-Technik mit humanen 3D-Stammzellkulturen mittels der
Verwendung additiver Fertigungsverfahren erreichen lasst. Zu diesem Zweck wurden zundchst
drei handelsubliche Druckmaterialien in Bezug auf Druckauflésung, Oberflachenrauheit und
Biokompatibilitdt charakterisiert. Zwei von ihnen erwiesen sich aufgrund ihrer geringen
Oberflachenrauhigkeit bzw. hohen Biokompatibilitat als geeignet fir die Herstellung von
Gussformen fur den Abguss von Polydimethylsiloxan (PDMS) sowie die Fertigung
monolithischer Mikrofluidik-Chips. Wahrend die Entwicklung eines monolithischen
Mikrotiterplatteneinsatzes zur Generierung, Kultivierung und Analyse von humanen 3D-
Stammzellkulturen in Standard-Gewebekulturplatten ebenfalls gezeigt wird, lag der
Schwerpunkt dieser Arbeit auf der Entwicklung von PDMS-basierten mLSI-Chiptechnologien.
Hierfur wurde ein robuster Herstellungsprozess entwickelt, der eine Kombination aus 3D-
gedruckten Gussformen, deren Oberflachenbeschichtung und herkdmmliche Soft-
Lithographie-Verfahren nutzt, um PMVs mit Flielkanalhéhen von mehr als 100 um zu fertigen
und so Kompatibilitdt mit 3D-Zellkulturabmessungen zu erreichen. Auf Basis dieser
hochskalierten PMVs wurde dann eine funktionale Elementareinheit fir die Generierung und
Langzeitkultur von 3D-Zellkulturen entworfen und charakterisiert. Die serielle und parallele
Anordnung dieser Elementareinheit sowie die Integration weiterer hochskalierter PMVs zur
zerstorungsfreien Manipulation von 3D-Zellkulturen auf zwei speziell entwickelten mLSI-
Plattformen ermdglichte 1) die automatisierte Fusion von 3D-Zellkulturen innerhalb eines
definierten Flussprozesses und 2)die automatisierte und zuverldssige Generierung,
Langzeitkultivierung und Analyse von aus Stammzellen gewonnenen Adipozytenorganoiden
in hohem Durchsatz. Letztere ermdglichte dank der zerstérungsfreien Wiedergewinnung der




Zusammenfassung

Adipozytenorganoide und anschlieBender  Massenspektroskopie, eine detaillierte
Charakterisierung der Organoide auf Proteinebene zusétzlich zur klassischen
bildgebungsbasierten Analyse wahrend der Kultivierung.

Die im Rahmen dieser Arbeit entwickelte additive Fertigungsstrategie fur die
Hochskalierung von PMVs gemeinsam mit den hier vorgestellten mLSI-Plattformen sollen
zukunftig neue Entwicklungen fir Hochdurchsatz-Screeninganwendungen von 3D-
Zellkulturen fordern und den generellen Einsatz von Organ-on-a-Chip-Technologien in einem
industriellen Kontext vorantreiben.



Abstract

To increase the physiological relevance of in vitro models, researchers aim to mimic the cell’s
in vivo microenvironment with high spatiotemporal precision in vitro by combining three-
dimensional (3D) human stem cell cultures and organ-on-chip technology. Despite huge
progress in this field, only very few organ-on-a-chip platforms allow for automation and
parallelization, thus limiting the adoption of the technology for applications in an industrial
scale. By enabling the execution of several hundreds of cell assays with multiple reagents in
parallel, a technology called microfluidic large-scale integration (mLSI) has the potential to
overcome this lack of high-throughput compatibility. This technique has already been applied
for many two-dimensional (2D) cell culture processes, but manufacturing limitations of the
central functional element, the pneumatic membrane valve (PMV), make the technology
inaccessible for integrating tissue cultures and organoids with dimensions larger than tens of
microns.

To address this shortcoming, this work investigated the feasibility of additive manufacturing
technologies, i.e. 3D printing, to render the mLSI technique compatible with 3D human stem
cell cultures. For this, three commercially available printing materials have first been
characterized in terms of printing resolution, surface roughness, and biocompatibility. Among
them, two proved suitable for the fabrication of either polydimethylsiloxane (PDMS) replica
molds or monolithic microfluidic chips due to their low surface roughness and high
biocompatibility, respectively. While the development of a monolithic microwell insert to
enable the formation, culture, and analysis of 3D human stem cell cultures in standard tissue
culture plates is also shown, the main focus of this work lay on the development of PDMS-
based mLSI chip technologies for 3D human stem cell cultures. For this, a robust
manufacturing process that combined 3D-printed molds, surface coating of these, and
traditional multi-layer soft lithography was developed to upscale PMVs to flow channel heights
greater than 100 um and thus, yield compatibility with 3D cell culture dimensions. Based on
upscaled PMVs, a functional unit cell for the formation, long-term culture, and reversible
trapping of 3D cell cultures has been designed and characterized. Arraying of this unit cell and
integration of upscaled PMVs for non-destructive handling of 3D cell cultures on two mLSI
platforms allowed for 1) the automated fusion of 3D cell cultures within a defined flow process
and 2) high-throughput generation, long-term culture, and analysis of stem cell-derived
adipocyte organoids in an automated and reliable manner. Further, the combination of the latter
platform with mass spectrometry complemented the imaging-based analysis by a detailed
characterization of the organoids on a proteomic level.

The additive manufacturing strategy for upscaling PMVs as well as the mLSI platforms
presented in this thesis will hopefully foster new developments for highly parallel 3D cell
culture screening applications and spur the adoption of organ-on-a-chip technologies in an
industrial context.







Acknowledgments

I would like to thank the following people, without whom | would not have been able to
successfully complete this work!

First of all, I want to thank my two supervisors, Dr. Matthias Meier at the Helmholtz Center
Munich and Prof. Dr. Bernhard Wolfrum at the TUM, for giving me this opportunity to pursue
my interests in biomedical and engineering research as well as their insight and knowledge into
the subject. Thanks for the interesting and enriching discussions and the trust in my work. A
special thanks also goes to Prof. Dr. Claas Miller for being my mentor, asking critical
questions, and providing highly valuable input especially when it came to the engineering part
of my research. Thank you also to Prof. Dr. Berna Ozkale Edelmann for being my second
examiner and Prof. Dr.-Ing. Christian Jirauschek for being chairman in my defense. | could not
have had a better thesis committee.

| also want to thank my working group at the Helmholtz Center for the creative and helpful
exchange, for inspiring discussions and for the continuous support through the ups and downs
of my projects. | would not have been able to finish my PhD without you! A special thanks
goes to Dr. Scott Atwell, who taught me a lot of the knowledge I now have and helped me
realize my own ideas. The discussions with him were always a valuable contribution to my
work. Further, | want to thank the neuroelectronics working group at the TUM, especially Dr.
Philipp Rinklin and Lennart WeiR, whom I could always contact if | needed any help and the
nice working atmosphere. | also want to thank Dr. Christine von Térne and the Research Unit
Protein Science for the preparation and proteomic analysis of my samples and their valuable
feedback concerning the design of experiments and downstream analyses. Many thanks also to
all the doctoral students, post-doctoral researchers, and the admin team of the Helmholtz
Pioneer Campus, as well as the teams of the IDR and ITS for the time spent together, inspiring
exchange, and their support whenever needed.

Most importantly | want to thank my partner, my family and my friends for their great
support, their patience, their curiosity in my work and for the distraction from work when 1
needed it. Many thanks to Yves, Christian, and Grit for encouraging me in the decision to
pursue a PhD as well as their professional and personal advices during this time. A special
thanks goes to my partner Johannes, who never got tired of our discussions whether it’s about
work, philosophy or the world, and whose honesty and feedback were always a highly valuable
contribution not only to my work but to me growing as a person. | would not have been able to
finish this work without you!

Ein besonderer Dank geht an meine Eltern Marianne und Manfred und meinen Bruder Maxi
sowie Andrea und meinen Onkel Peter, die mich immer in allen meinen Entscheidungen
unterstiitzt und ermutigt haben. lhr habt mir stets ermdglicht meinen eigenen Weg zu finden
und zu gehen und mir das noétige Selbstvertrauen und den Mut dafiir mitgegeben. Danke fur
alles!

Vi






Table of Contents

ZUSAMIMENTASSUNG. ... et evieieeie et e e e te et e ste et e eseesbeebeaseesbeeteensesneenseaneesreas ii
N 0] 1 (o ST USRI PRRTR \Y;
ACKNOWIEAGMENTS ...ttt a e e b e et e e e e s reenreenee e vi
ADDIEVIATIONS ... e Xii
LSt OF SYMIDOIS. ... e e Xiv
I 1 01 ¢ oo [F 1 1 o] o RO TSRO P PR PRPRRTR 2
1.1 AIMS OF the thESIS....ueiiiiiieieie bbb 4
1.2 SEruCtUre OF the theSIS....ccei et ae e 4
2. Fundamentals and state Of the art............cccoiiiiiiii e 6
2.1 HUmMan Stem Cell CUITUIE.......cuveieee e 6
2.1.1 Traditional culture MOAITIES. .........cceiiieieiiesiee e 6
N I O 1 (o - U3 Vo o USSR RUSURRRO 8

2.2 Organ-on-a-Chip teCNNOIOQY ......cc.oiieiiiii e 10
2.2.1 Engineering human physiology ..., 10
2.2.2 Scaling up organ-on-a-chip technology..........ccccveiiiiiiicic e, 15

2.3 Microfluidic large-scale INtegration...........cccocveveiieie e 18
2.3.1 Hydrodynamic principles of pressure-driven microfluidics.........ccccovvevvniernennenn. 18
2.3.2 Basic units of microfluidic large-scale integration.............ccccevevenininnniieicneen, 21
2.3.3 Examples of mLSI chips for stem cell culture studies ...........ccccceveveiveiecicseenen, 23
2.3.4 Fabrication of MLSI ChIPS ......ooiiiiiiiic e 25

2.4 3D PIINTING ©eventetete e bbb bbbttt et bbbt bt ne e 29
2.4.1 TECRNMIQUES........eeteeie ettt ettt ettt et e et et e sre e reenneareenre e 29
2.4.2 3D printing-based fabrication approaches for microfluidic chips.............ccccevneee. 32

3. Characterization of 3D-printing as a fabrication technique for microfluidic chips. 36
3.1 Materials and MELNOAS .........cueiiiiiiiiie e 36

B L L PrINTING FESINS ...ttt bbbttt b e bbbttt 36
3.1.2 3D-printing WOIKFIOW...........coiiiiiiiiicce e 36
3.1.3 PDMS replica MOIAING ....cc.ocviivieiiecie ettt 37
3.1.4 Characterization of the printing reSOlUtION ...........ccocviiiieiiici e, 37
3.1.5 SUIfaCe MEASUIEMENTS .....cuveieiieeieeiesieesie et ste e ste e e e e aeeneesraeseeneesreenee e 38
3.1.6 Preparation of material €lUALES ..........c.cocviiiiiiie i 38
3.1.7 Preparation of monolithic microwell iNSErts .........cocoovvieiiiiien e, 40

B 1.8 WWST -8 @SSAY ....euteeuteiieeie ettt ettt sttt ettt ekttt b ettt nb e n e 42
3.1.9 Live/dead STAINING .....ccveiieiie ettt 43




Table of Contents

3.1.10 Microscopy and statistical analySiS ..........cccoverierieiiieiiere e 43

3.2 RESUILS AN0 AISCUSSION....cuviitieiieiie ittt e s te et s sreentesseesreenee e 44
3. 2.1 Printing reSOIULION ......eovieiieie sttt 44
3.2.2 SUITACE FOUGNNESS........veieeieeeie et et st ettt ste et e st e e be et e sraereeneeareenee e 48
3.2.3 Indirect biocompatibility evaluation using material eluates............cccccceevrvirreennenn. 49
3.2.4 Direct biocompatibility evaluation using monolithic microwell inserts ................. 52

4. Upscaling of pneumatic membrane valves for the integration of 3D cell cultures on-
(0101 o TSSOSO PO TP PP PR URPPPPRO 58
4.1 Materials and MEtNOUS ........ooiiiiiiieie e 59
4.1.1 Master mold fabriCALION. ........ccooeiiiiiirieiee s 59
4.1.2 Chip fabIICAION ... 60
4.1.3 SUITACE MEASUIEIMENTS ......veuieieieiteitieiee ettt sttt sbe bbb neeneeneas 60
4.1.4 PMV design and charaCterization............ccccoveveiieieeieiie e 60
4.1.5 Flow analysis of the mLSI cell trapping UNIt ...........cooovviiiiiiiiiei e, 61
4.1.6 3D cell CUltUre ON-ChipP ....ccoeiicccec e 62
4.1.7 Microscopy and image analySiS........cccvviiriieiiiieie e 62

4.2 RESUILS aNd AISCUSSTION.....cveeuiiiiieiiieiesiie st et see st stee st esaeeee e sseesaesneesreeneesreeneans 63
4.2.1 Upscaling PMVs by soft lithography using 3D-printed master molds.................... 63
4.2.2 PMV-assisted formation of 3D cell cultures on mLSI chip platforms.................... 66
4.2.3 Fusion of 3D cell cultures on an mLSI ChiP ..o 69

5. Adipose microtissue-on-chip: A 3D cell culture platform for differentiation,
stimulation, and proteomic analysis of human adipoCytes..........ccccovviveviveieieciecie e, 72
5.1 Materials and MEthOaS ...........oiveiiiieiee e 74
5.1.1 Master mold and PDMS chip fabrication.............ccccoeevieiiiic i, 74
5.1.2 Flow characterization of the cell culture chamber............ccccooeiiieiiiincee, 74
5.1.3 Chip preparation for cell eXperiments ..........cccoeviririiiiieicee e, 75
5.1.4 3D cell culture and adipogenic differentiation on-chip........c.ccccoovviiiiiiiiiiciieen, 75
5.1.5 Glucose treatment of differentiated adipocyte aggregates on-chip ............c.cc.e....... 76
5.1.6 Aggregate retrieval Off-Chip ..o, 76
5.1.7 Cryosections and immunofluorescent analysis............ccceevvvieiecieiie e, 77
5.1.8 Microscopy and image analySiS..........ccevveiiieiieie e 77
5.1.9 Sample preparation for mass SPECIIOMELIY ..........ccoiierieiiiieiese e, 77
5.1.10 Mass SpectrometriC MeasUrEMENTS .........ccvvieiueeiiieeiee it see s e e sree e sree e sree e 77
5.1.11 Data processing — protein identification............cccocveiiieiic i 78
5.1.12 Data processing — label-free quantification ............c.ccooeivreieneiencnneeeeee, 78
5.1.13 Statistical @NAIYSIS ......cciviiiieiie e 78




5.2 ReSUIES aNd QISCUSSTON. .....ccuieiiiiieieiteiie ettt 80
5.2.1 3D-printing enables the integration of upscaled and standard sized PMVs on an mLSI

(0 0o USSR 80
5.2.2 Formation, long-term culture, and scaffold-free 3D differentiation of hASCs into
adipocytes on the MLST PIAtfOrM ..o 83
5.2.3 Proteomic landscape of differentiated adipocyte aggregates changes upon glucose
(] 00 F= U o ISR P S PRRS 86
6.  Conclusion and OULIOOK............uciiiiiiiii e 94
N o] =T o | S SUSSSRSPRS 97
] (] =] (o0 PR SRR 99
Author’s list of journal publications .................ccccooviii i 116







Abbreviations

2D

3D
ABS
ASC
BSA
CAD
DEM
DI

DLP
DMD
DMEM
EC
ECM
ESC
EtOH
FBS
FDM
FGF
hASC
HBP
iIPSC
MJIM
mLSlI
MSC
MSL
MW
PBS/DPBS
PDMS
PEG
PEG-DA
PFA

PJ

PIJM
PLA
PLLA
Poly-HEMA
PMV

Two-dimensional
Three-dimensional

Acrylonitrile butadiene styrene
Adult stem cells

Bovine serum albumin
Computer-aided design

Deflection of an elastomeric membrane
Deionized

Digital light processing

Digital micromirror-array device
Dulbecco’s Modified Eagle Medium
Endothelial cell

Extracellular matrix

Embryonic stem cells

Ethanol

Fetal bovine serum

Fused deposition modeling
Fibroblast growth factor

Human adipose tissue-derived adult stem cells
Hepato-biliary-pancreatic

Induced pluripotent stem cells
Multi-jet modeling

Microfluidic large-scale integration
Mesenchymal stem cells

Multilayer soft lithography
Microwell

(Dulbecco’s) Phosphate-buffered saline
Polydimethylsiloxane

Poly(ethylene glycol)

Poly(ethylene glycol) di(acrylate)
Paraformaldehyde

Photopolymer inkjet printing
Poly-jet modeling

Poly-lactic acid

Poly(l-lactide) acid
Poly(2-hydroxyethyl methacrylate)
Pneumatic membrane valve

xii



Abbreviations

PS
PSC
RT

SD
SEBS
SGBS
SL/SLA
TPE
TPU
ULA
uv
WST-8

Polystyrene

Pluripotent stem cell

Room temperature

Standard deviation
Styrene-ethylene-butylene-styrene

Simpson Golabi Behmel syndrome
Stereolithography

Thermoplastic elastomer

Thermoplastic polyurethane

Ultra-low attachment

Ultra-violet
2-(2-methoxy-4-nitrophenyl)-3-(4-nitrophenyl)-5-(2,4-
disulfophenyl)-2H-tetrazolium monosodium

Xiii



List of symbols

ax I g

RSB TESRE S B

=
S

Nabla operator
Laplace operator
absorption
diameter

shear rate

acceleration field
dynamic viscosity
height
characteristic length
pressure

flow rate

radius

surface roughness
Reynold’s number
hydraulic resistance
density

shear stress
velocity field
velocity

width

Xiv






1. Introduction

Human physiology both healthy and diseased is governed by a myriad of complex, intertwined
mechanisms which are inherently difficult to study due to limited accessibility and ethical
concerns regarding experimental perturbations in vivo.! Hence, biomedical and pharmaceutical
research heavily relies on the use of in vitro cell culture models to investigate human (patho-)
physiology and develop new treatment strategies for various diseases, e.g. diabetes mellitus,
cancer, or cardiovascular diseases.>* Traditionally, the two-dimensional (2D), monolayer
culture of primary or immortalized cell lines has been used as an in vitro model system due to
its accessibility. However, these systems fall short in mimicking various features of the native,
three-dimensional (3D) cellular microenvironment such as the cell-to-cell and cell-to-
extracellular matrix (ECM) interactions.® Especially the lack of important ECM signals has
been attributed to the challenges encountered in the long-term maintenance and expansion of
e.g. primary pancreatic islets or liver cells in 2D in-vitro cultures.®® In contrast, immortalized
cell lines are well established and allow for serial passaging but suffer from limited
physiological relevance due to genetic alterations.®* Hence, there has been an increasing effort
in the generation of more reliable and complex in vitro models e.g. by incorporating different
cell types, differentiation of stem cells, and three-dimensional (3D) culture modalities. In
particular, the emergence of organoids, by now generated for a large variety of tissues, rapidly
developed as a promising alternative for studying organ development and disease.! Organoid
technology relies on the intrinsic self-organization properties of stem cells to form a
multicellular, highly organized structure, which resembles key phenotypic and genetic
hallmarks of their native counterpart.®! Organoids typically originate from stem cells, which
are cultured in 3D using e.g. hydrogel matrices!?, ultra-low attachment wellplates!, or
microwells®* and differentiated towards organ-specific cell types mostly by use of chemical
induction. Despite the striking possibilities of organoids, the technology suffers from generally
low standardization and a lack of analytical tools to monitor and thoroughly characterize the
organoids’ phenotype, thus hindering the widespread application of organoids in
pharmaceutical drug development.1°

To develop an even more powerful in vitro model of human organ physiology that goes
beyond current organoid technology, researchers aim to incorporate 3D human stem cell
cultures in organs-on-chips. In contrast to organoids which rely on the intrinsic developmental
programs of stem cells, organs-on-a-chip try to recapitulate the minimal functional unit of a
human organ in an engineered system with the help of microfluidics and microfabrication
techniques.?* To emulate the key functional aspects of a human organ on a microfluidic device,
the essential components of the organ-specific local environment including cellular tissue
composition, oxygen, and nutrient availability, presence of morphogen gradients and
mechanical forces, and physical confinements need first to be identified and then engineered
accordingly on the artificial system. Up to date, a variety of microfluidic design elements such
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as microfabricated structures to attain three-dimensional arrangement of the cells®®, perfusion
of cells to simulate the flow-induced shear stress present in blood vessels!’, or the integration
of hydrogels to mimick tissue barriers!® have been suggested to allow for precise control of the
cellular microenvironment while ensuring accessibility and reproducibility. Despite huge
progress in achieving physiologically highly relevant in vitro models, only very few organ-on-
a-chip platforms allow for automation and parallelization, thus limiting throughput and
consequently, the adoption of the technology for pharmaceutical drug development.1®2°

By enabling parallel and automated execution of several hundreds of cell assays with
multiple reagents, a technology called microfluidic large-scale integration (mLSI) has the
potential to overcome this lack of high-throughput compatibility.?* The key component of
mLSlI chips are pneumatic membrane valves (PMVs) which control fluid flow on-chip through
pneumatic actuation. As the name implies mLSI systems typically integrate hundreds to
thousands of these valves on a single chip to execute complex tasks such as single-cell
analysis??, automated stem cell differentiation®%, cell-to-cell communication studies®®,
biomarker detection?”?8, and drug screening®®3°. Most of these platforms utilize 2D cell
cultures as these are well-established and the channel dimensions of the mLSI technique
matched with those required for monolayer cultures. While the importance of 3D cell cultures
for in vitro organ modeling has been advancing and the benefits of microfluidics for such
applications have been recognized®!, only a few of the organs-on-a-chips currently presented
in the literature are based on the mLSI technique.?**? This is likely due to challenges
encountered in the traditional production of mLSI chips, namely multilayer soft lithography=3
(MSL), with flow channel heights greater than 100 um, the minimum dimensional requirement
for processing 3D cell cultures. To address this shortcoming, other microfabrication
technologies® have been exploited for the production of mLSI platforms.

The emergence of highly precise additive manufacturing technologies, i.e. 3D printing, has
attracted broad interest in the field of microfluidics due to its high design flexibility, rapid
prototyping, and achievable aspect ratios of up to 37:1.% For example, it has been utilized for
the fabrication of soft lithography molds®®38, standardized micro-to-macro interfaces®%4,
reconfigurable microfluidic modules*'#2, and whole microfluidic chips**#*. Despite ongoing
technological advances in the field, 3D printing of microfluidic chips is up to now not widely
implemented due to limitations regarding achievable resolution, surface quality,
autofluorescence, solvent compatibility, gas permeability, and biocompatibility.*>*® In contrast
to the direct printing approach, 3D printing of molds provides numerous advantages of additive
manufacturing while maintaining the desirable material properties of the widely used
polydimethylsiloxane (PDMS), such as flexibility and oxygen permeability. However, the
previously mentioned concerns in terms of printing resolution and material properties, such as
surface roughness or biocompatibility remain valid also for this approach.




1.1 Aims of the thesis

1.1 Aims of the thesis

To address the aforementioned limitations of the mLSI technology and additive manufacturing
of organ-on-a-chip devices, the aims of this thesis were to
I.  Investigate and characterize 3D printing as an alternative fabrication technique for
microfluidic chips in general and mLSI platforms in particular,
ii.  develop and optimize manufacturing workflows to render the mLSI technique
compatible with 3D cell cultures,
iii.  develop and characterize mLSI-based organ-on-a-chip platforms to culture human
stem cell-derived organoids in an automated and high-throughput manner, and
iv.  integrate the platforms in existing on- or off-chip analytical workflows for detailed
phenotypic characterization of the cultured organoids.

1.2 Structure of the thesis

This manuscript is organized as follows: A summary of the scientific context of the thesis
is given in chapter 2. In chapters 3 to 5 the results of three interconnected projects are presented
and evaluated in the light of relevant literature. The manuscript concludes with a short summary
of the obtained results and an outlook on future organ-on-a-chip devices in chapter 6.

In the following, the structure of the results is outlined in detail. The characterization of the
resolution and surface roughness of three commercially available printing materials is
presented in chapters 3.2.1 and 3.2.2 and generally demonstrated the suitability of the chosen
3D printing process, namely stereolithography, for the fabrication of microfluidic channels.
Both, 3D printing of replica molds and direct printing of monolithic microwell arrays, required
the development of specific post-processing protocols to enable the culturing of human stem
cells as elaborated on in chapters 3.2.3 and 3.2.4. Since directly 3D-printed monolithic devices
suffered from several limitations including autofluorescence and minimal biocompatibility
despite excessive post-processing, subsequent work focused on 3D-printed molds to upscale
PMVs and thus, render the mLSI technique compatible with 3D cell cultures. Development of
a robust manufacturing process that combined 3D-printed molds, surface coating of these, and
traditional MSL yielded an upscaling of PMVs for flow channels with heights greater than
50 um (chapter 4.2.1). During the characterization of the upscaled PMVs’ operating range, a
diminished performance due to staircase effects on the surface of the flow mold, that have been
replicated in the PDMS layer, was observed. Systematic investigation of grayscale light
exposure and thermal reflow processes lead to a reduction of the staircase effect and restored
the function of the upscaled PMVs (chapter 4.2.1). Based on this, an mLSI platform that
enabled the parallel formation, culture, processing, and fusion of 3D cell cultures within a
defined flow process has been developed and characterized (chapters 4.2.2 and 4.2.3). Utilizing
the same functional unit cell principle, a second mLSI-based organ-on-a-chip device has been
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developed to further exploit the benefits of the mLSI technology in terms of automation and
parallelization (chapter 5.2.1). This platform enabled the formation, long-term culture,
differentiation, and non-destructive retrieval of 96 human adipose microtissues in parallel as
highlighted in chapter 5.2.2. Integrating this platform with a mass spectrometry-based
analytical pipeline complemented the imaging-based analysis with a detailed characterization
of the organoids on a proteomic level (chapter 5.2.3).




2. Fundamentals and state of the art

In the first two sections of this chapter the basics of human stem cell culture, the general
concept of organ-on-a-chip technology, and current trends in this field in terms of scale-up, are
presented. The following section focuses on a specific microfluidic technique, namely
microfluidic large-scale integration, which holds promise to spur the envisioned scale-up of the
organ-on-a-chip technology and was the core focus of this thesis. The remaining section
provides an overview of 3D printing concepts in the context of microfluidic chip fabrication as
the majority of the work presented later in this thesis made use of this additive manufacturing
technique.

2.1 Human stem cell culture

In contrast to primary cells or cell lines, stem cells possess the unique capability to develop
into various cell types of the human body. Their differentiation towards a specific cell type of
the human body is orchestrated by various biochemical and —physical cues in a precise
spatiotemporal manner. During human organogenesis, never all stem cells mature into a
specific cell type, but certain stem cell niches remain in the adult organism. The stem cells in
these niches can be recruited if needed for example for tissue regeneration. They provide a
great tool to study the (patho-) physiology of human organs as they develop from the earliest
cell type of a cell lineage into a specialized cell type of tissue with specific morphology and
function. Stem cells display a high self-renewal capability, leading to the production of new
stem cells as well as cells committing to differentiation during stem cell division. This
continuous proliferation of stem cells ensures the maintenance of the stem cell population.
Depending on the development stage of the organism, stem cells are discriminated into
embryonic (ESC) and adult stem cells (ASC). ASCs can also be reprogrammed following a
groundbreaking approach that was first presented by the research group of Yamanaka in 2007
to obtain induced pluripotent stem cells (iPSCs).*” iPSCs display similar morphological,
proliferative, transcriptional, and in vitro differentiation characteristics to ESCs but bear fewer
ethical concerns. Thus, their use for in vitro studies investigating human organogenesis and
morphogenesis has increased tremendously over the last decade. A short overview of culture
modalities and the application of stem cells for organ modeling is given in the following two
chapters.

2.1.1 Traditional culture modalities

During embryogenesis, morphogenesis, and organogenesis, cells respond to various systemic
and local biochemical and physical cues such as morphogen gradients*, mechanical forces*,
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or heterogeneous cell-to-cell contacts®® by self-organization. Traditional 2D adherent
monolayer cultures fall short to recapitulate this highly complex, 3D microenvironment in
vitro.®> Thus, in recent years the cultivation of cells in a 3D architecture has gained great interest
as these systems better emulate important cell-to-cell and cell-to- ECM interactions present in
vivo. As most cells aggregate in a sphere-like architecture, these aggregates are often called
spheroids.

Various approaches to forming 3D cell cultures have been proposed in the last couple of
years, which can be mainly subdivided into two categories: scaffold-free and scaffold-based
approaches. Commonly used techniques for the formation of 3D cell cultures are illustrated in
Figure 2.1. While scaffold-free approaches rely on the intrinsic self-organization properties of
cells when not being able to attach to any kind of surface®, scaffold-based approaches mostly
rely on an external hydrogel matrix for the cellular spatial arrangement. For the latter, different
biomaterials, for example, fibrin®2, collagen®, or hyaluronic acid>*, have been employed.* In
contrast, in bioreactors, one of the most prominent scaffold-free techniques, a high-density cell
suspension is continuously agitated to minimize cell attachment to the surface and thus, create
cell aggregates. By adjusting the agitation speed and cell density the size of formed spheroids
can be controlled. Despite the good scalability of this approach, its application needs careful
consideration as some cell types including MSCs are very sensitive to the microenvironment.*
To minimize the risk of unintentional alterations of the cell’s physiology, 3D cell cultures can
also be generated by the hanging drop method. In this, 15 — 30 pL drops of the cell suspension
are dispensed onto the underside of the lid of a culture dish.>"*® Upon inverting the lid, cells
aggregate at the free liquid-air interface by gravity. Spheroids of various cell types®” and
compositions® have been formed and cultured successfully in hanging drops both in mono- as
well as co-cultures®®. The spheroid size can be precisely controlled by the initial density of the
cell suspension.>®%! However, the method suffers from a high risk of spheroid loss during
medium change and spheroid transfer.®> Another popular approach for spheroid generation is

Scaffold-free Scaffold-based
Ultra-low
Bioreactors attachment Hanging drops Hydrogels, ECM matrices,
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Figure 2.1 Overview of traditional fabrication methods for 3D cell cultures. 3D cell culture approaches are
subdivided into scaffold-free and scaffold-based techniques. Scaffold-free techniques typically employ agitation
or anti-adhesive coatings to promote cellular self-aggregation. Opposed to this, scaffold-based approaches make
use of external matrices to spatially arrange cells in 3D.
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an ultra-low attachment (ULA) substrate. Here, the cell culture substrate is either chemically
or topologically modified such that cells are unlikely to attach and thus, aggregate and form a
spheroid. One benefit of this technique is its versatility, as many normal culture substrates can
be modified afterward to become low-adherent by coating with agarose® or polymer hydrogels
such as e.g. poly(2-hydroxyethyl methacrylate) (poly-HEMA)®2, Besides customized
modification of the substrate, also a wide range of commercial ULA culture ware exists. High
variability of the size of generated spheroids®, as well as low efficiency® often make the
technique inferior to other 3D cell culture approaches. To create more uniform 3D cell cultures,
microwell arrays have been proposed. The size®®, shape®”®8, and aspect ratio®® of the
microwells can be precisely adjusted, thus, enhancing the formation of a single spheroid instead
of several fragmented aggregates as often seen on ULA substrates®®. Similar to ULA substrates,
the microwells’ surface is usually coated with an anti-adhesive agent such as Pluronic F127.51.67
As these systems are often operated in a static culture condition, mass transfer is easily limited
in the microwell causing waste accumulation and low oxygen levels within the spheroid.%®"°

2.1.2 Organoids

Organoids are stem cell-derived multicellular 3D aggregates that self-organize into an organ-
like structure in vitro. They mimic the architecture, function, and genetic signature of a organ
in a simplified setup® and thus, are a great tool to study the underlying mechanisms of human
organogenesis and morphogenesis®°, to unravel molecular pathways of diseases and potential
drug targets, or apply them in regenerative medicine. Organoids typically originate from
pluripotent or tissue-resident adult stem cells which are cultured in 3D. When using ASCs for
the generation of organoids, signaling factors normally provided by the surrounding
microenvironmental niche of the respective adult tissue need to be supplied in vitro to emulate
the homeostatic conditions of the resident tissue and guide ASC-organoid formation. Due to
the restricted potency of ASCs, only tissue-specific organoids can be obtained. In contrast,
pluripotent stem cells such as ESCs and iPSCs have the capacity to differentiate into multiple
cell lineages and hence, are often the preferred cell source for organoids. By exposing human
IPSCs to specific chemical, physical, mechanical, and biological cues, they can be
differentiated into organ-specific cell types by sequential addition and/or removal of the
instructive cues to mimic the stages of the human developmental process.”t During the
differentiation, cellular intrinsic programs drive the self-organization of the organoid to
reproduce key structural and functional properties of their in vivo counterparts. Organoids for
a diverse range of tissue types have been generated by the use of pluripotent stem cells so far,
including for example the liver?, kidney®, pancreas®?, intestine!?, and brain®?.

The differentiation and self-organization process of stem cells is influenced by various local
and systemic cues of the cellular microenvironment. Early work in the field of stem cell
research focused on investigating and controlling key processes of the differentiation’s
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stochastic nature. As such, it has for example been highlighted that the initial stem cell spheroid
size affects differentiation efficiency. Human iPSC spheroids with an initial size of 600 pum
exhibited a 1- and 8-fold increase in the hepatic gene expression markers ALB and CYP3A4
compared to ones with an initial size of 250 um, thus, indicating enhanced hepatic maturation
of the larger spheroids.” Enhanced differentiation was also observed for the generation of
neural organoids when initially incorporating MSCs at various ratios in an iPSC-spheroid and
subsequent differentiation of the heterotypic aggregate.”* More recent approaches in stem cell
and organoid research concentrate on increasing the organoid complexity as well as its
maturation and functionality in vitro by incorporating cell types, which are shared across
several organs such as e.g. blood vessels.»” Despite the huge progress being made in the field,
generally low standardization and scalability of presented methods hinder the widespread
application of organoids in precision and regenerative medicine, as well as in pharmaceutical
drug development, where they could serve as a surrogate for animal models.”®"’
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2.2 Organ-on-a-chip technology

Compared to organoids, which rely on the intrinsic self-organization properties of stem cells
and thus, represent a bottom-up approach in terms of in vitro organ modeling, organ-on-a-chip
technology employs a top-down approach, i.e. an engineered system in which key aspects of
the organ’s structure and function can be recreated and the microenvironment precisely
controlled.!*> Both techniques represent two distinct approaches towards the same goal and are
currently being explored to be combined synergistically.'® As organoids often suffer from high
variability in size, structure, maturation, and function, researchers hope to enhance
reproducibility and physiological relevance by their integration into organ-on-a-chip devices.
Potential benefits arise mainly from miniaturization on microfluidic devices, which entails
lower reagent consumption as well as laminar flow regimes, and hence allows for enhanced
control over soluble and physical aspects of the cellular microenvironment compared to
traditional cell culture techniques. Additionally, microfluidics enables multiplexing and
automation of cellular assays, thus increasing throughput. Microfluidic approaches to
recapitulate human organ physiology in vitro as well as the benefits and limitations of state-of-
the-art organ-on-chip devices are the focus of the following chapters.

2.2.1 Engineering human physiology

To mimic key aspects of the in vivo environment on an organ-on-a-chip device, a fundamental
understanding of the native tissues and organs is required. Once key cellular and
microenvironment components have been identified, a microfluidic-based device aims to
synthesize them in such a way as to promote the development of a model system that is
structurally and functionally similar to the in vivo organ. This includes for example the co-
culture of multiple cell types to emulate the native tissue composition, perfusion of the cell
cultures to enhance convective mass transport and thus nutrient and oxygen supply, or to apply
mechanical forces such as shear stress on the cells, as well as a defined physical arrangement
of the cells to recapitulate morphogen gradients, cell-to-cell, and cell-to-ECM interactions. A
broad variety of microfluidic design elements has been proposed so far to achieve an ever-
increasing physiological relevance to the in vitro system. The following chapters elucidate
examples for microenvironmental control as well as tissue interactions on microfluidic chips.

2.2.1.1 Control of the cellular spatial arrangement

Recapitulation of physiological spatial confinements in vitro has long been known as an
important regulator of various cellular processes such as proliferation, apoptosis, and
differentiation at the single-cell level.”®8 Spatial confinements arise from interactions of
individual cells with their neighboring cells, the ECM as well as the nanoscopic features of
their surrounding microenvironment.”” Through individual cells, also whole tissues can sense
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their boundary conditions and spatially pattern themselves accordingly. Consequently,
emulating the whole tissue architecture in model systems and their corresponding physical
boundary conditions has been shown to modulate long-term organoid preservation as well as
function.081

Organ-on-a-chip devices aim to recapitulate key hallmarks of the native tissue’s architecture
by culturing cells in 3D in microfabricated culture compartments which are engineered to
provide a spatial arrangement similar to the physiological conditions. This is typically achieved
either by allowing cells to self-aggregate or by an extrinsic design of the microfabricated
culture compartment (Figure 2.2). To establish and maintain a 3D spatial arrangement of cells
by self-aggregation on organs-on-a-chip, often traditional 3D cell culture modalities have been
adapted to fit the miniaturized format of microfluidics. In these microfluidic chips, cells are
typically introduced as a single cell suspension and trapped by some kind of structure where
they eventually aggregate. For example, often an array of microwells®®8? together with an anti-
adhesive coating like bovine serum albumin (BSA) or Pluronic® is employed to form and
culture cells in 3D (Figure 2.2A). Other groups have used U-shaped barriers®-% to entrap and
perfuse the cell material (Figure 2.2B). The underlying trapping principle of the U-shaped
barriers, as well as the possibility for retrieval, varies greatly within designs presented in the
literature. In fixed structures, the irreversible capture of cells has been reported by asymmetric
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Figure 2.2 Overview of techniques for the control of spatial arrangement of cells on microfluidic chips.
(A) An anti-adhesive coating ensures formation and maintenance of 3D cell cultures in integrated microwell
arrays on-chip. Adapted from Ref.% with permission of the Royal Society of Chemistry. (B) Pneumatic actuation
of the U-shaped barrier to form, culture on, and retrieve cell aggregates off microfluidic chips. Adapted from
Ref.8 with permission of the Royal Society of Chemistry. (C) Formation and culture of embryoid bodies in the
confined space of an integrated micropillar array. Adapted from Ref.88 with permission of the Royal Society of
Chemistry. (D) Tubular hydrogel scaffold containing microcavities mimicking the geometry of native intestinal
crypts for the culture of mouse intestinal stem cells. Adapted from Ref.'® with permission of Nature Research.
(E) Fibrin hydrogel scaffold for the 3D culture of hASC-derived adipocytes. Adapted from Ref.5? with permission
of the Royal Society of Chemistry. (F) Formation of a 3D vessel of endothelial cells in a preformed collagen
hydrogel to investigate angiogenic sprouting. Adapted from Ref.°! with permission of the National Academy of
Sciences of the United States of America.
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positioning of the barriers within a larger chamber42® or by inclining the whole microfluidic
chip and subsequent gravity-assisted sedimentation®’. In contrast, pneumatically actuated U-
shaped barriers reversibly trap cells by dimensional restriction when they pass through the
chamber.® A somewhat different approach was demonstrated by Wang et al.%, who formed
and cultured human IPSC aggregates in the confined space of a micropillar array (Figure
2.2C). The authors reported this technique to be beneficial in terms of nutrient supply and waste
removal while reducing the shear stress acting on the surface of the 3D cell cultures.

A fundamentally different strategy to spatially arrange cells in 3D on organ-on-chip devices
makes use of supporting hydrogel matrices as an extrinsically designed arrangement. Here,
cells are either loaded and cultured in a microfluidic network that has been created within the
hydrogel matrix!%8%-°1 (Figure 2.2D, F) or directly embedded in an unpolymerized hydrogel,
and then the cell-hydrogel mix is loaded into an external microfluidic channel network®292.9
(Figure 2.2E). The embedding of cells within a hydrogel is mostly applied to cell types that
would be hard to culture in 3D otherwise, such as e.g. primary adipocytes®.

2.2.1.2 Control of the biophysical and biochemical cellular microenvironment

In vivo, a myriad of instructive cues stemming from the cellular microenvironment drive
organogenesis and morphogenesis. As cells constantly interact with their local
microenvironment, researchers hope to guide the self-organization and differentiation
capabilities of stem cells, as well as the functionality of derived organ models through precise
control of the cellular microenvironment. The latter thereby comprises nutrient availability, the
presence or absence of soluble factors, cell-ECM interactions, as well as oxygen tension, and
other physical and mechanical cues. Precise control of such microenvironmental conditions
and further, dissection of the contribution of individual instructive cues® is often limited in
conventional cell culture due to their complex and dynamic nature! and a high degree of
intertwined biochemical and biophysical phenomena®®.

Perfusion. The miniaturization of cell culture processes on microfluidic systems with
working volumes typically ranging from tens of nanoliters?>2>%” to a maximum of a few
hundreds of microliters®®%, ensures a more physiological cell-to-liquid ratio than conventional
culture techniques. To still ensure sufficient nutrient supply and removal of waste products
secreted by the cells, they are routinely perfused on these systems to exchange the surrounding
cultivation media. These dynamic culture conditions have been correlated positively with cell
viability®®81%  proliferation'®?, differentiation capacity®'®, and functionality®3,
Depending on the native organ’s environment, cells are either directly'®% or indirectly%+1%
perfused and either in a continuous®% or discontinuous fashion, i.e. by regularly timed
feeding pulses®®. Vasculature-on-chip models, for example, often directly and constantly
perfuse endothelial cells lining a vessel-mimicking lumen structure (see Figure 2.2F) to
enhance the creation of a cohesive cell sheet as well as alignment of the endothelial cells with
the direction of flow similar to the in vivo situation.®*'%” Opposed to this, other cell types, such
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as e.g. adipocytes, are only exposed to interstitial flow in physiological conditions and are thus
perfused indirectly on microfluidic chips.*®* To achieve indirect microfluidic perfusion, porous
membranes!04109108109 or mjcrofabricated protective barriers!®821° have been proposed.
Careful consideration needs to be put on the applied continuity and rate of perfusion as
excessive perfusion can have detrimental effects on some cell typest®®2il For example,
continuous perfusion of ESCs during differentiation towards motor neurons resulted in
significantly reduced differentiation efficiency compared to static and discontinuously
perfused controls.’%? The authors explain this by perturbation of necessary diffusible cell
signaling due to the continuous perfusion.

Soluble factors. The presence of growth factors, cytokines, and nutrients is a key regulatory
component of the biochemical microenvironment of cells. Thanks to the highly controllable
flow on microfluidic systems, spatially and timely resolved activation of morphogenetic
signaling pathways by exogenous soluble factors can be achieved and stem cell differentiation
directed.*®1%112 Integrating microfluidic modules, such as e.g. a gradient generator, upstream
of the cell culture compartment allows for the delivery of soluble factors at defined
concentrations. In a recent study, such a microfluidic gradient generator has been used to
recreate patterning aspects of the neural tube development during human embryogenesis.*

Extracellular matrix. The ECM is the non-cellular component of every tissue which serves
both as structural as well as biochemical support for surrounding cells. It is composed of a
mesh-like network of proteins and polysaccharides which is highly specialized for different
kinds of tissue within the human body. As it is an important signaling cue for cells, it is
frequently modulated in organoid engineering to drive stem cell fate’®!3,
morphogenesis®°#1* and maturation of organoids**!'®. For example, the embedding of
embryonic and extraembryonic stem cells in vitro in a 3D ECM scaffold was sufficient to
substitute for the basement membrane normally provided by the primitive endoderm, such that
cellular self-assembly produced a structure that mimics the mouse embryo during early
development.!'* To provide cells with native ECM-like signaling on organ-on-a-chip devices,
several approaches have been exploited: surface patterning of ECM proteins!®, injection and
solidification of an ECM-like hydrogel within microfluidic channels'’, or generation of a
microfluidic channel network within the hydrogel itself'*® (similar to Figure 2.2D).

Oxygen control. Oxygen tension within the cellular microenvironment is a central driver
of cell morphology and function. For example, the physiologically occurring oxygen gradient
in the liver from the periportal (11-13 % O) to the centrilobular (4-5 % O) region is crucial
for the functional specialization of the parenchyma, the so-called metabolic zonation,1%-12
There have been several attempts to recreate liver zonation on microfluidic chips by
establishing and controlling the level of oxygenation during on-chip culture by use of flow-
based!?%122 or chemical'?®!%* oxygen gradients. A comprehensive review of techniques to
precisely manipulate oxygen levels within microfluidic chips is provided by Rivera et al.'?..

Mechanical cues. Shear stress, cyclic stretching, compression, ECM stiffness, and other
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mechanical forces have been shown to impact several cellular processes including
proliferation!?>12® intestine crypt formation?, mesenchymal cell-driven condensation?’, as
well as bacteria-gut interaction!?®, Sun et al.'?® provide a detailed overview of the effects of
mechanical forces in the local cellular microenvironment on stem cells.

2.2.1.3 Control of cellular crosstalk

Human physiology involves the interaction of various kinds of tissues and cells both in close
proximity and at periphery sites. Cellular crosstalk is therefore established by different kinds
of cell signaling. While paracrine and juxtacrine signaling act locally, endocrine signals are
transported via the circulatory system to periphery tissues. For example, in the liver, the
expression of the fibroblast growth factor 21 (FGF21) in hepatocytes has been suggested to
induce fatty acid uptake and catabolism in a paracrine fashion, while the same signaling
molecule also acts in an endocrine manner to stimulate lipolysis in adipose tissue.*® To emulate
these various kinds of cellular cross-talk on organs-on-chips, direct and indirect co-cultures of
two or more cell types within one platform, as well as fluidic coupling of individual organ-on-
chip units (which are often referred to by the term body-on-a-chip) have been exploited. Body-
on-a-chip platforms will not be discussed any further here but have been summarized
elsewhere. 13

To establish a direct contact of different cell types and to co-culture them on the same
microfluidic platform in 3D, different techniques have been proposed. For example, the group
of Hang!®? extended the classical microslit approach — a technique in which single cell
aggregates are trapped in microfabricated slits due to a slight hydrodynamic imbalance between
the slits and the main channel — to enable the sequential trapping of two spheroids within one
location. Thereby, they generated complex multicellular aggregates which resemble patterns
of early mouse embryogenesis.'*> Another group also paired two cell aggregates, tumor and
stromal spheroids in their case, by transferring pre-formed spheroids onto a microfluidic array-
based microwell chip, which already contained one spheroid in each microwell, and
centrifugation-aided distribution of them into individual microwells.3

To emulate the cellular crosstalk present in vivo on an organ-on-a-chip platform, cells do
not necessarily need to be in direct contact as they are often rather communicating through the
release of paracrine signals. For example, the 2D co-culture of endothelial cells and pericytes
as a retinal microvasculature model was demonstrated by culturing both cell types on the
opposing sides of a microporous membrane.’** This bilayer design enabled paracrine
interaction between the cell types while offering channel and cell type-specific stimuli and
analysis. A more versatile approach enabling the modeling of temporal variations in cell
signaling was presented by Yu et al.!3® who added and removed individual microfluidic layers
containing different cell types dynamically on top of each other. Non-dynamic, but rather
permanent compartmentalization on organs-on-chip for co-culturing different cell types has
also been demonstrated, e.g. by the integration of porous barriers'®®3” and membranes.%105134
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2.2.2 Scaling up organ-on-a-chip technology

For the adoption of the organ-on-a-chip technology in an industrial context, developed devices
need to allow for mass production and high throughput studies. Unfortunately, these are key
limitations of most current organ-on-chips hindering their application in pharmaceutical and
biomedical research.!®?° Addressing this shortcoming, several approaches focusing on
fabrication techniques and materials which are commonly used in industry such as injection
molding or hot embossing as well as the processing of thermoplastics have been presented in
the literature and will be discussed in more detail in the first part of this chapter. The second
part will give an overview of microfluidic devices aiming to increase the throughput of in vitro
organ models through the automation and parallelization of cell culture processes.

2.2.2.1 Mass production

Most organ-on-a-chip platforms are fabricated in PDMS due to its optical transparency, gas
permeability, and biocompatibility.1313° These properties along with its ease of use and
inexpensive microfabrication make it an ideal candidate for the development of cell-based
microfluidic devices in academic research.*%4! Despite these prodigious characteristics of
PDMS, it has several drawbacks including small hydrophobic molecule absorption!42143,
evaporation of water causing critical changes of osmolarity in the culture medium*#4, and labor-
intensive  fabrication processes impeding large-scale production and therefore
commercialization of PDMS-based organ-on-a-chip devices'®'3, To address the drawbacks of
PDMS, other materials and fabrication technologies better suitable for large-scale production,
namely injection molding®145-148 and hot embossing!3®1%°, have been exploited. For example,
Lohasz et al.}*® presented an injection-molded microfluidic device made of polystyrene (PS),
a thermoplastic commonly used for traditional laboratory cultureware*®, designed for versatile
applications of 3D microtissue cultures. The platform complied with microtiter plate standard
formats and did not require any elaborate external equipment for the operation which might
facilitate pharmaceutical applications due to easier integration in standardized workflows and
classical analytical tools.2° Another group also investigated injection molding as an alternative
fabrication technique for organs-on-chip'*’ but used styrene-ethylene-butylene-styrene (SEBS)
instead of PS as material. SEBS, a subgroup of thermoplastic elastomers (TPE), has been
shown superior to PDMS in terms of processability in commercial mass production**1%,
absorption of drug compounds'#’, and absence of toxic crosslinking agents'® and has been
integrated as flexible membranes in microfluidic chips due to its elastic properties similar to
PDMS2153_ Other methods proposed for upscaling of the fabrication of microfluidic platforms
towards mass production include the usage of materials such as poly(methyl methacrylate)
(PMMA)™, reversible attachment of standardized fluid control modules to single-use devices
containing the cell material®®>®® and new fabrication techniques like e.g. laser
micromachining®®>’, Despite huge efforts, mass production compatible fabrication
approaches are not yet widely adopted and the prodigious properties of PDMS still often make
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it the material of choice when developing new organ-on-a-chip platforms.

2.2.2.2 High throughput

The need for the generation, culture, and analysis of physiologically highly relevant in vitro
organ models at a large scale for disease modeling, drug screening, or regenerative medicine
applications has been highlighted by several studies.'®*%%1%® Microfluidic techniques have been
proposed to leverage this need for high throughput screening as they offer good reproducibility,
automation, and parallelization of cell culture processes.

Enhanced reproducibility of organs-on-a-chip in comparison to traditional organoid
technology is attributed to the capability of microfluidic systems to provide precise fluidic,
mechanical, and structural control over extended periods.***® For example, the generation of a
vascularized micro-organ on a microfluidic chip has been shown to be highly reproducible
among twelve independently operated devices in terms of vessel area and length.*®® High
reproducibility has also been demonstrated for another microfluidic device, where a coefficient
of variation of less than 3% for the size of all formed tumor spheroids was reported.6!
Homogeneity of spheroid sizes is a critical prerequisite for the reproducible differentiation of
human stem cells as recently highlighted by a study investigating the impact of initial spheroid
size on hepatic”® and intestinal** differentiation. Accordingly, organ-on-a-chip models
incorporating stem cell-derived 3D cell cultures typically aim for the generation of spheroids
with uniform sizes before initiating differentiation.?*162

Besides homogeneous starting conditions®*, reproducibility of stem cell differentiation and
organoid culture was also demonstrated to increase by the automation of the cell culture
process.?+162163 For the automation of organ-on-chip-related culture processes, different
techniques have been proposed.’® Either the microfluidic setup itself allows for automated
manipulation and culture of cells on the chip by the integration of valves and pumps!®24164 or
external equipment such as liquid handling robots are used to automatize the reagent and cell
injection onto and extraction of the chip!*%°. For the latter, compatibility of the device with
existing laboratory equipment and SLAS standards is of critical importance.®>!3* For example,
Rogers et al.’3 recently presented a retinal microvasculature-on-chip platform consisting of 96
individual arrayed units that are compatible with standard microplate technology. A completely
different approach was presented by the group of Ingber, who automated the culture of multiple
organs-on-chips by developing a custom-made automation system consisting of a liquid
handling robot and an integrated mobile microscope.*%51% Applying this robotic interrogator,
the viability and organ-specific functions of eight vascularized organ chips were successfully
maintained for three weeks.®® Besides enhancing reproducibility, automation of cell culture
processes allows for the application of dynamic culture conditions on-chip, which are critical
to the maturation®1¢?, functionality®:1%8 and long-term viability®®1% of organoids.

By the integration of active components on microfluidic chips, parallelization of cell
culture tasks and combinatorial assays on a single platform has been achieved. For example,
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parallel testing of seven drug concentrations on ovarian cancer spheroids was recently
demonstrated on a single platform containing eight individual cell culture chambers, which
could be addressed in serial or parallel by integrated microfluidic valves.'®® Integration of even
more cell culture chambers and thus a higher parallelization degree can be achieved on mLSlI
chips. These chips have been exploited for the automated generation, maintenance, and analysis
of human stem cell cultures at a large scale?*%41%° and will be reviewed in detail in the next
chapter.

Despite the generally good suitability of certain microfluidic technologies for high
throughput screening, such as droplet microfluidics®-1%1"t or mLSI%21%4 most organ-on-a-chip
devices presented so far remain on the proof-of-principle level due to lacking reliability and
reproducibility*!2, incompatibility with automation'®, and versatility for different kinds of
organoid and cell culture studies.?17
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2.3 Microfluidic large-scale integration

As presented in the previous chapter, there is a high need for the automation and parallelization
of cell culture tasks on microfluidic platforms to be compatible with high throughput
applications. One microfluidic technique ideally suited to meet this need is microfluidic large-
scale integration, which is discussed in the following chapters in detail. The first sections
cover basic concepts of pressure-driven microfluidics in general and the mLSI technique in
specific. For the sake of a better understanding of pressure-driven microfluidics, fundamental
hydrodynamic principles of these systems are briefly presented, before proceeding with the
basic concepts of the mLSI technique. Subsequent sections focus on state-of-the-art mLSI
platforms and their biological application followed by traditional as well as more recent mLSI
chip fabrication techniques.

2.3.1 Hydrodynamic principles of pressure-driven microfluidics

Microfluidic technology refers to the manipulation of fluids at the microscopic scale within an
engineered system.?* These fluids typically flow in a network of one or more microchannels
inside the engineered system. Their flow behavior is governed by physical principles which
often apprear unintuitive when compared to flow in macroscopic systems. This is primarily
due to the miniaturization, as the reduction of the scale to micrometers leads to the domination
of viscous and surface forces compared to the dominant inertial and volumetric forces in
macroscopic fluid dynamics.1"#1"> An important property of the fluids handled on microfluidic
platforms, which are typically some kind of aqueous solution, is their viscosity. The viscosity
of a fluid describes its resistance to deformation by shear or tensile stress and can be described
by ‘Stokes’ Law’.!”® According to lIsaac Newton, the resulting viscous forces are then
calculated by the differential equation (2.1):

T= M@ (2.1)

where 7 is the shear stress, u the dynamic viscosity, and au/ay the shear rate. Fluids that have a

constant viscosity and behave according to Newton’s law, are called Newtonian fluids and
represent an important class of fluids in microfluidics. To describe their motion inside a
microfluidic channel, hydrodynamic equations for a continuous medium are formulated based
on the assumption that a fluid particle is much smaller than the size of the system (continuum
hypothesis)!’®, including three basic conservation principles: the conservation of mass, energy,
and momentum.'’* The hydrodynamic equations representing these conservations laws are
often referred to by the term Navier-Stokes equations, although strictly speaking this term only
applies to the conservation of momentum equation.'” Since microfluidic systems without
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temperature gradients are the focus of this thesis, the equation for the conservation of energy
will be neglected here, but can be found in the literature.1”* For an incompressible (i.e. with a
constant density over space and time), Newtonian fluid the partial differential equations (2.2)
and (2.3) are used to describe the motion of viscous fluids inside a microfluidic system:

Conservation of mass V-u=0 (2.2)
. ou
Conservation of momentum  p (E +(u-V) u) = -Vp+ pV?u+f (2.3)

where u is the fluid velocity field, p is its density, p the pressure field, and f an external
acceleration field due to gravity for example. The two terms on the left-hand side in equation
(2.3) represent forces due to inertia, while the terms on the right-hand side summarize pressure,
viscous, and external forces from left to right. For reasons of easier analysis, the Navier-Stokes
equations are often converted to a non-dimensional form. This allows assessing the importance
of individual terms in the equation for the studied flow based on dimensionless numbers such
as the Reynolds number (Re). This number gives the ratio of inertial forces to viscous forces
and can be obtained by equation (2.4):

Re = — (2.4)

where u is the typical velocity of the fluid and L is the characteristic length of the geometry.
Since inertial forces are the cause for creating turbulence, flow regimes with high Re (> 2300)
are called turbulent flow. On the opposite, at low Re, the flow is governed by viscous forces
which are intrinsically regular leading to a laminar flow regime. This kind of flow is typically
present in microfluidic channels, as miniaturization decreases the characteristic length and
velocity and thus, favors low Reynolds numbers.

To move a Newtonian fluid, which is incompressible and viscous, through a cylindrical
microfluidic channel of length L and radius R « L (Figure 2.3A), many systems employ a
pressure gradient between the inlet and outlet of the channel to generate a laminar flow of this
fluid, the Poiseuille flow. To describe this kind of flow, the Navier-Stokes equation is applied
assuming fully developed flow, a unidirectional velocity field, and no acceleration.”® This
leads to a simplification of equation (2.3) as all inertial terms and the external force term are
zero (2.5):

0=-Vp+ uV?u (2.5)
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Figure 2.3 Poiseuille flow in a cylindrical microfluidic channel. (A) Channel geometry with important axis
and parameters. (B) Axial velocity profile inside the channel.

Solving equation (2.5) for no-slip boundary conditions (u = 0 atr = R) and axisymmetric
flow yields a parabolic velocity profile (Figure 2.3B) across the diameter of the channel
(2.6):17

1 dp
u(r) = E<_ E) (R? — 12) 2.6)

where —dp/dz denotes the axial pressure gradient. Integration of the velocity over the
channel’s cross-section gives the volumetric flow rate Q (2.7):

Q= LR 2nr u(r) dr = T;_IZL<_ Z_D 27)

Assuming that the pressure gradient along the microfluidic channel is uniform, the term
—dp/dz can be approximated to be Ap/L, where Ap denotes the pressure difference along a
finite channel of length L. Combining this with a rearrangement of equation (2.7) yields the
Hagen-Poiseuille’s law (2.8):

Ap = Q- Ry (2.8)

8uL
TR*

channel. The hydraulic resistances of microfluidic channels of other cross-sections have been
summarized elsewhere.}’>17® Hagen-Poiseuille’s law is the hydraulic equivalent to Ohm’s law
in electric circuits, facilitating the design and analysis of pressure-driven microfluidic networks
by use of the hydraulic-electric circuit analogy.'’® Similarly to electric circuits, serial and
parallel combinations of N microchannels with hydraulic resistances Ry ; to Ry y is equivalent
to a single microchannel with a fluidic resistance according to equations (2.9) and (2.10):

where Ry denotes the hydraulic resistance and is defined as Ry = for a cylindrical

Serial arrangement Ryeq = Ruyi+Ryp+ -+ Ryy (2.9)
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To enable precise fluid routing on microfluidic chips, the arrangement of microchannels with
different lengths and dimensions within the fluidic network is based on differential hydraulic
resistances as fluids preferentially take the path of least resistance.

2.3.2 Basic units of microfluidic large-scale integration

The core part of microfluidic large-scale integration technology are pneumatic membrane
valves (PMVs).2! mLSI platforms typically integrate hundreds to thousands of these valves on
a single platform to facilitate precise fluid routing and massive parallelization on these
devices.!’” A single PMV consists of two orthogonally intersecting microchannels separated
by a thin, flexible membrane (Figure 2.4A). Cellular material, chemical reagents, and other
fluids are handled in the half-rounded flow channel, while the other, the control channel, is a
dead-end channel and only used to manipulate the flow in the channel above or below it.
Depending on the positioning of the control channel relative to the flow channel, two
configurations of PMVs can be discriminated: push-down and push-up (Figure 2.4B). In both
configurations, the valve is normally open, i.e. in the resting state, the flow can pass the valve
without obstruction (corresponding to the binary state 0). Contrarily, pneumatic actuation of
the valve by pressurization of the dead-end control channel causes the thin membrane to deflect
into the flow channel where the flow is subsequently constricted and eventually, for high
enough pressures, fully stopped. The PMV is then considered fully closed (corresponding to
the binary state 1). To reach this state, a half-rounded flow channel profile is required. For a
rectangular profile, the flow channel can never be fully sealed despite high control pressures,
and the valve is thus considered a sieve valve. Due to the uniform membrane thickness of push-
up valves, this configuration requires lower actuation pressures to be fully closed than a push-

A Pneumatic B Push-down Push-up C Channel

Membrane Valve intersections
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membrane [ ] Flow layer [ ] Control layer [ | Cover glass -

Figure 2.4 Characteristics of pneumatic membrane valves (PMVs). (A) Two orthogonally intersecting
channels separated by a thin membrane form a PMV. (B) Depending whether the control channel runs above or
below the fluidic channel, PMVs are configured in push-down or push-up configuration, respectively. PMVs are
normally-open valves. Upon actuation of the control channel, the thin membrane deflects and seals the half-
rounded channel in the flow layer, i.e. the valve is closed. (C) PMV formation is geometry-dependent, thus, valves
are only formed where wider sections of a control channel intersect a flow channel. At small control line widths,
control channels simply pass over fluidic channels.
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down valve of a similar dimension.?>!"® This kind of valve has first been introduced by the
Quake lab in 2000 offering a reduction in size by more than two orders compared to
microfluidic chips incorporating other valve designs.®®* Other common designs based on
pneumatic actuation include plunger valves'’, seat valves!®!8! and vertical membrane
valves!®2, However, the smaller footprint of “Quake-style” valves compared to other designs
offers dense integration of these on mLSI platforms.183184

The logical combination of several PMVs in series or parallel can generate pumps, mixers,
and multiplexers offering integration of higher-level components on-chip.?* For example, a
linear array of three valves along a flow channel and their respective actuation in a peristaltic
sequence act as an on-chip pump.?>18 An integrated peristaltic pump has been shown to allow
precise metering of volumes as small as 80 pL on microfluidic platforms.*®® Another powerful
higher-level component of mLSI chips is multiplexers which allow complex fluid handling
functionality with a minimum number of control inputs.! For this, a single control channel
intersects several fluidic channels forming PMVs at each intersection of sufficient footprint
(Figure 2.4C). Such a serial array of PMVs can then be operated simultaneously, i.e. opening
and closing all valves along the control channel at the same time. Independent pressurization
of other control channels allows for addressing large numbers of PMVs with few external
control inputs. The logical combination of independently operable control channels and a
network of parallel flow channels allows for directing fluid flow through a single channel by
opening all PMVs along this flow channel while any other is closed by at least one PMV
(Figure 2.5). Such multiplexing structures have been employed for the individual
addressability of thousands of chemically independent cell culture compartments with only a
few tens of control channels, thus, enabling efficient parallelization of different cell culture
tasks on a single chip.??® For example, Thorsen et al.*®® demonstrated the use of a binary
multiplexer (Figure 2.5, left side) comprising only 20 independent control channels for the
actuation of > 3000 PMVs and thereby uniquely addressed 1024 separate compartments. In
this kind of multiplexing structure, the number of control lines (N) scales with k = 2V/2 for

Binary multiplexer Combinatorial multiplexer
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Figure 2.5 Multiplexing logics on mLSI platforms. A multiplexing structure consists of a complex network of
PMVs, which are operated by only a few control channels (here N = 6) but can manipulate fluid flow in far more
flow channels (k). For the binary layout the number of addressable flow channels scales by 2V/2 (here k = 8),
for the combinatorial layout by N!/[(N/2)!]? (here k = 20). For both logics, pneumatic actuation of a subset
of control channels (here 3/6) seals the flow in all fluidic channels except for one (highlighted in dark blue color).
Here, all PMVs are open and the fluid is free to pass.
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the number of independently addressable chambers (k). Hua et al.*® proposed an even more
efficient multiplexing algorithm, where the scaling ratio is k = N!/[(N/2)!]2. A so-called
combinatorial multiplexer (Figure 2.5, right side) yields, for example, 12 870 individual
compartments for 16 control channels, whereas the former, binary multiplexer can only address
256. This also highlights the suitability of mLSI platforms for high-throughput studies, which
will be reviewed in the following chapter.

2.3.3 Examples of mLSI chips for stem cell culture studies

The use of integrated valves on-chip enables automation and massive parallelization of cell
culture processes and analytical protocols on mLSI platforms. Presented applications in the
literature include stem cell differentiation?2>18’  cell-to-cell communication studies?®, cell
transfection'®, conditional transcriptomics'®®, biomarker detection?”-?, and drug screening?®*.
For example, Gomez-Sjéberg et al.'®" demonstrated the usage of an mLSI platform with 96
independently addressable culture chambers for the fully automated culture of human primary
MSCs and investigation of transient stimulation schedules on osteogenic differentiation
(Figure 2.6A). In their study, an integrated multiplexer was used to expose human MSCs to
time-varying osteogenic stimuli. Based on the expression of alkaline phosphatase, a marker for
osteogenesis, the group concluded that a minimum stimulation duration of four days is
necessary for the full commitment of MSCs toward the osteogenic lineage. Another group had
differentiated human adipose-derived stem cells (hASCs) into adipocytes in 128 separate cell
culture compartments on an mLSI chip to unravel the regulatory function and signaling
network of the kinase complex mTORC1, which was shown to regulate energy balance, in
adipogenesis (Figure 2.6B).2 After optimization of the feeding pulse frequency, on-chip
adipogenic differentiation of hASCs yielded more homogeneous results in terms of lipid
accumulation than traditional well plate-based experiments. A similar observation has been
noted by Vollertsen et al.?®, who stated a two-fold increase in cardiac mesoderm differentiation
of ESCs maintained on an mLSI platform compared to off-chip controls. Their platform
contained 64 parallel cell culture chambers and a combinatorial multiplexer to spatiotemporally
isolate the chambers and automate medium exchange. While these devices highlighted the
feasibility of automation and parallelization of cell culture tasks for the standardization of the
differentiation of various kinds of human stem cells, their throughput is rather low compared
to the 1500 separate culture compartments recently presented by Zhang et al.?2 in their platform
(Figure 2.6C). The group developed a complex network of fluidic channels and culture
chambers to investigate the role of temporal and combinatorial application of six regulatory
molecules on the differentiation of mouse embryonic neural stem cells in an ultra-multiplexed
manner. For this, hydrogel-based spheres of neural stem cells were cultured in independently
programmable two-layer cell chambers by diffusion- or flow-based medium delivery. The
special two-layered design of the culture chambers rendered the platform more versatile, also
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facilitating single-cell studies as well as adherent 2D monolayer and non-adherent suspension
cultures. Despite this versatility, this as well as the previously presented platforms are
developed for the detailed analysis of individual cell dynamics rather than for the culture and
screening of whole 3D cell aggregates in a high throughput manner. Fundamental as well as
biomedical and pharmaceutical research, however, is moving towards widespread
implementation of 3D cell cultures as these better recapitulate organ physiology than 2D cell
models.>3? To address this technological shift, our group previously presented mLSI-based
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Figure 2.6 Examples of mLSI platforms for 2D and 3D cell culture studies. (A) Fully automated culture and
differentiation of human MSCs in 96 independently addressable culture chambers to investige the minimum time
of osteogenic stimulation required for stem cell lineage specification. Adapted with permission from Ref.%%",
Copyright 2007 American Chemical Society. (B) Standardization of adipogenic differentiation of hASC
monolayers on an mLSI platform comprising 128 individual culture chambers to unravel the regulatory function
of the kinase complex mTOR. Adapted from Ref.?® with permission of the National Academy of Sciences of the
United States of America. (C) Ultra-multiplexed microfluidic platform to unravel the role of sequential and
combinatorial addition of differentiation regulatory molecules to the culture medium on neural stem cell (NSC)
fate decisions. Adapted from Ref.?? under the terms of the CC BY-NC 4.0 license. (D) Automated culture and
differentiation of human iPSCs in 3D towards the definitive endoderm lineage to comprehensively compare
differentiation yields of different induction protocols. Adapted from Ref.?* with permission of the Royal Society
of Chemistry. (E) Analysis of human ASC spheroids on a mLSI chip by whole-mount imaging after osmotic flow-
assisted tissue clearing and automation of immunofluorescence staining. Adapted from Ref.3? with permission of
the Royal Society of Chemistry.
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platforms for the automated optimization of the endoderm differentiation of human iPSCs?*
and processing of spheroids for whole-mount imaging including tissue fixation, clearing, and
immunofluorescent staining®. By the integration of U-shaped pneumatic barriers similar to the
ones presented by Liu et al.® into an mLSI platform, 128 iPSC spheroids in 32 independently
addressable chambers have been subjected to different differentiation cocktails to
comprehensively compare definitive endoderm commitment yields of different protocols
(Figure 2.6D).>* To assess the differentiation yield, spheroids were optically cleared and
analyzed by whole-mount immunofluorescent imaging on-chip after three days of culture with
a slightly modified analytical procedure of the approach presented by Santisteban et al.®?, who
had used a completely different platform for their study (Figure 2.6E). While both platforms
proved beneficial either in terms of parallelization®* or accessability®? of the 3D cell cultures
compared to other microfluidic chips, an mLSI-based approach combining these two features
is still missing in the literature. A possible explanation for this is a dimensional incompatibility
of 3D cell cultures and microfluidic channels due to limitations in the traditional fabrication
processes of mLSI platforms.

2.3.4 Fabrication of mLSI chips

Most mLSI chips are fabricated by stacking multiple individual layers on top of each other with
at least one of them made of an elastic or thermoelastic material to ensure sufficient flexibility
of the PMV membrane and thus, proper valve functionality. Typically, these individual layers
are made of PDMS, an elastomer that can be easily patterned by simply replica molding a
negative of the microfluidic channel network. Since such negative molds are commonly
produced by photolithography, the process to fabricate mLSI chips from multiple PDMS layers
is often referred to by the term multilayer soft lithography, which will be elaborated on in the
first section of this chapter. Nevertheless, other manufacturing techniques for the production
of PDMS molds and mLSI chips have been proposed, which will be highlighted in the
following section.

2.3.4.1 Multilayer soft lithography

Multilayer soft lithography with PDMS evolved as the preferred fabrication technology for
mLSlI chips due to the many attractive physical and chemical properties of PDMS, its ease of
use, and low cost.*#*178 Soft lithography comprises two main processes: 1) the fabrication of
master molds by micromachining methods, and 2) replica molding of these by casting PDMS
(Figure 2.7). Since mLSI chips typically consist of three or more PDMS layers, separately cast
layers need to be manually aligned on top of each other and then irreversibly bonded in a third
step to ensure leak-tight operation of the devices.® Final sealing of the device is typically
achieved by bonding the device to a cover glass using similar methods as for multiple PDMS
layers such as oxygen plasma or off-ratio bonding.®
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Figure 2.7 Fabrication of mLSI chips by multilayer soft lithography. First, master molds of the fluidic and
control circuit are fabricated by photolithograpic micropatterning of a positive and negative photoresist,
respectively, on silicon wafers. Subsequently, these are used for casting separate chip layers with PDMS. After
alignment and bonding of the layers, the mLSI device is finally sealed by bonding of the multilayer structure to a
cover glass.

A replica mold is commonly produced by photolithographic patterning of a photoresist on
a silicon wafer. In microfluidics, the most commonly used resist is the negative photoresist
SU-8. The resist is first deposited homogeneously on the wafer, typically by spin coating, and
then exposed to UV through a photomask. Regions that have not been exposed to light can then
be simply dissolved by the developing agent in a subsequent washing step, leaving only an
extruding pattern of rectangular microchannels on the wafer. PMVs on mLSI chips, however,
require a half-rounded cross-sectional shape to guarantee full sealing of the flow channel upon
valve actuation. This geometry can be achieved by using a positive photoresist (e.g. AZ 40 XT
or SPR 220) instead of SU-8 as these melt and reflow at elevated temperatures!’®, and thus,
cause rounding of the initially rectangular microchannels when heating the photolithographic
patterning in a post-processing step. Despite this beneficial property of positive photoresists,
they are associated with limitations regarding the chemical and thermal stabilities, thereby
restricting achievable flow channel heights on mLSI chips to a maximum of a few tens of
micrometers in traditional processes.3*1911%2 These sizes are, however, incompatible with 3D
cell cultures, whose dimensions typically vary between 50 and 500 pm*3143L73 and thus,
hinder the application of the mLSI technique for such studies. To address this limitation,
modifications of the traditional photolithography protocol, as well as completely different
techniques, have been proposed for the fabrication of rounded flow channels on mLSI chips.
These will be reviewed in the following chapter.
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2.3.4.2 Other fabrication approaches to achieve half-rounded flow channels

In the literature, different approaches for the fabrication of half-rounded flow channels which
are required for the operation of PMVs have been proposed. Since photolithography typically
produces rectangular channel geometries and reflow is only amenable to positive photoresists,
various modifications of the soft lithography technique presented in the last chapter have been
suggested. One such approach is to fabricate a master mold with rectangular channels and then
spin-coat a thin film of the same photoresist onto to structure®*!% such that capillary forces
retain the liquid photoresist in the sharp corners between the wafer and the vertical sidewalls
of the microchannels. Once the typical process steps of photolithographic patterning including
soft bake, exposure, and post bake, are repeated, the spin-coated secondary structure adheres
to the original master attaining a widened and rounded channel shape. The process, however,
is highly dependent on the location of the microchannels on the wafer, thus, limiting design
freedom. To resolve the undesirable widening of the channels, Park et al.'® suggested first
producing a microfluidic chip comprising PMVs with solely rectangular flow channels and
subsequently adjusting their cross-section in situ by local polymerization of a photocurable
polymer to achieve full closure of the valve. For this, the group had fabricated a control and
flow master mold, both by following standard SU-8 photolithography. After PDMS replica
molding, alignment, and plasma bonding of the individual layers, the flow channel was filled
with a photocurable prepolymer. Deflection of the valve membrane into the flow channel
caused the displacement of the prepolymer into the corners of the channel, where it was
exposed to UV light to create a polymeric seal embedded in the channel. Washing out the
residual uncured prepolymer resulted in a locally hemicylindrical cross-section of the flow
channel at the PMV site. Despite the good sealing properties of the valve, the method is too
laborious for mLSI chips incorporating hundreds to thousands of PMVs. The group of Richter
proposed using diffusive backside exposure to directly produce rounded channels from
negative photoresists.®* Instead of exposing the photoresist from the top as in traditional
photolithography, the UV light source is located at the backside of the wafer, which is made of
glass instead of the traditional silicon wafer such that the photoresist can be exposed through
it.34 Diffusive light, compared to collimated light, produces a sloping intensity profile from the
middle of the aperture towards the edges'®* resulting in rounded rather than vertical sidewalls
of the microchannels. While this technique provides a rather simple approach for fabricating
rounded flow channels of different heights, it has only been applied for flow channel heights
below 50 um, which is commonly sufficient for microfluidic 2D cell culture applications but
remains to be investigated for 3D cell culture dimensions. In contrast, up to 220 um, high flow
channels with a half-rounded cross-section have been produced by a fabrication method
utilizing the deflection of an elastomeric membrane (DEM).*? For this technique, first a DEM
mold consisting of a thin PDMS membrane irreversibly attached to a core block of PDMS with
a small channel underneath the membrane is fabricated by standard soft lithography and then
passivated to prevent adhesion of uncured PDMS to the DEM mold. Pressurization of the small
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channel on the DEM mold causes bulging of the membrane, forming an extruding rounded
feature on its surface. Upon PDMS casting, these features are imprinted as half-rounded
channels into the PDMS layer. The final channel height highly depends on the width of the
mold channel (if the same inflation pressure is applied), thus enabling the fabrication of multi-
height flow layers simply by varying the channel widths on the DEM mold. This is a major
advantage compared to traditional photolithography-based mLSI chip fabrication, which
requires separate molds or cumbersome secondary patterning processes to achieve different
flow channel heights. When compared to other techniques for achieving rounded
microchannels in PDMS, as done so by Bartlett et al.>*, DEM molds were laborious to fabricate
and prone to frequent failure. In contrast, 3D printing of master molds®"1%% proved to be
extremely simple and versatile in their study. Flow channels of slightly larger sizes than in
traditional MSL, but still reasonable for microfluidic applications, with well-rounded cross-
sections were successfully produced from a variety of 3D printers.3* Since this fabrication
technique offers great potential for the rapid prototyping of microfluidic chips as well as
rendering the mLSI technique compatible with 3D cell culture applications, it is reviewed in
more detail in the next chapter.
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2.4 3D printing

3D printing, also referred to as additive manufacturing, comprises different techniques,
which enable the construction of a 3D structure by sequential deposition of material in a layer-
by-layer fashion. It offers high design flexibility, the creation of truly 3D fluidic circuits, and
rapid prototyping, and thus, has gained great attention in recent years as an alternative to
photolithography-based fabrication of microfluidic chips.*>!" For example, it has been
exploited for the fabrication of replica molds for non-planar microchannels**-¢, micro-to-
macro interfaces simplifying microfluidic input and output®®®®, PMVs and integrated
peristaltic pumps*®31% and whole microfluidic chips for cell culture applications*344:200:201,
Within 3D printing, various techniques with inherently different 3D construction processes and
material choices exist, with the most important ones in the field of microfluidics being fused
deposition modeling, photopolymer inkjet printing, and stereolithography.2®? Their respective
working principles, strengths, and limitations will be discussed in the first section of this
chapter before moving on to the application of additive manufacturing for the fabrication of
PDMS replica molds as well as directly 3D-printed microfluidic chips in the following
chapters.

2.4.1 Techniques

The selection of a specific 3D printing technique heavily relies on the required resolution and
material properties of the device to be produced as each technique allows the processing of
only a certain set of materials and possesses inherent strengths and weaknesses. In contrast, the
general workflow is irrespective of the chosen 3D printing method. The process starts with the
design of a digital 3D object within a computer-aided design (CAD) software, which is
subsequently sliced into single 2D layers which are then used to construct the physical object
in an additive manner depending on the selected technique. A concise overview of the different
techniques is given here with a more elaborate discussion to be found elsewhere, 4203204
Fused deposition modeling (FDM). In FDM a thermoplastic filament is extruded through
a heated nozzle, which is moved through a motorized stage to continuously deposit the molten
material onto the substrate, where it spontaneously cools down and hardens (Figure 2.8, left
side). By now, a variety of biocompatible thermoplastics such as acrylonitrile butadiene styrene
(ABS)2052% noly-lactic acid (PLA)?°?%7 and polyurethane (TPU)?® have been printed by
FDM. The processability of these materials is a major advantage of FDM, as mass production
techniques also commonly use thermoplastic materials, thus fostering the translation of FDM-
based prototypes into industrial-scale labware.?® While further benefits of FDM 3D printing
include its robustness, accessibility, low cost, and possibility to integrate multiple materials in
a single print to create advanced microfluidic devices, the technique has been associated with
poor dimensional accuracy, high surface roughness, and low structural strength.2%#2%° The
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immediate hardening of the extruded material causes poor fusion between adjacent layers and
thus, poor structural integrity and even porosity of the printed structure. Especially, the rather
large dimensions of a single deposited strand in microfluidic standards lead to the inferior
resolution of FDM printers compared to other additive manufacturing techniques.?®2
Photopolymer inkjet printing (PJ). In this 3D printing technique, an inkjet printhead is
used to deposit a layer of a photosensitive polymer by ejecting small droplets of it through
hundreds of nozzles onto the substrate (Figure 2.8, middle). The layer is subsequently cured
by UV exposure and the process is repeated to produce a 3D object in a layer-by-layer fashion.
Typically, the printhead ejects two different materials, the build, and the sacrificial support
material, simultaneously. The support material is required to deposit the build material on top
of voids or overhang structures and is removed in a post-processing step. This kind of 3D
printing technology is often also referred to as poly or multi-jet modeling (PJIM/MJM) with
the two techniques varying in the kind of material used as a support structure. While PJM uses
a support material based on water-soluble poly(ethylene glycol) (PEG), MJM is based on
paraffin wax that can be removed by heating. The build resin is typically based on acrylate with
monomers, oligomers, and a photoinitiator as additives. A notable advantage of photopolymer
inkjet printing is the possibility of multi-material printing by using multiple inkjet printheads.
For example, Keating et al.?'® employed a multi-material printing approach to building a
microfluidic valve made of a flexible membrane and a rigid external valve structure within a
single print. Besides this major benefit, the technique’s low surface roughness®’, large build
size?%?, and availability of many materials with different physical and chemical properties make
it attractive for microfluidic device fabrication. Despite some materials being evaluated as
biocompatible?!?'?, this classification is currently still under debate as studies have

Fused Deposition Photopolymer Injekt DLP
Modeling Printing Stereolithography
A [
—
= =

| | [\

[[] Build material [ ] Support material [l 3D printer platform

Figure 2.8 3D Printing technologies. In fused deposition modeling (FDM), consecutive layers of the 3D object
are constructed by lateral movement of heated nozzles which simultaneously extrude the build and support
material and downward movement of the 3D printer platform by a preset distance (= layer thickness). In
photopolymer inkjet prining (PJ), hundreds of nozzles in the inkjet printhead (black box) deposit small droplets
of the build and support material onto the substrate to build a 3D structure in a layer-by-layer fashion. In DLP
stereolithography (SL), a 3D object is generated upside-down by repetitive UV light exposure (yellow triangle)
of thin layers of a liquid, photocurable resin at the bottom of the resin reservoir and subsequent upward movement
of the 3D printer platform by one layer thickness.
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highlighted significantly reduced survival of zebrafish embryos when in contact with 3D-
printed specimens?®®23 and require further rigorous investigation®. Additionally, the
requirement for sacrificial support material in PJ is one of the key drawbacks of the technique
for microfluidic applications, since its removal is difficult if not impossible for narrow and
enclosed channels.

Stereolithography (SL/SLA). In SL, a moveable substrate is immersed in a tank of liquid,
photosensitive resin. A light source focuses on a local region within the liquid and induces
spatially controlled photo-polymerization of the material. By changing the focus region of the
light source by a predefined distance and repeating the UV light exposure of the photoresin, a
3D object is constructed in a point-by-point or layer-by-layer fashion, depending on the type
of the light source. In laser scanning SL, the light source is a single-point laser tracing a 2D
cross-section pixel-by-pixel onto the substrate before lowering the substrate to polymerize the
next layer, whereas in digital light processing (DLP) SL a digital micromirror-array device
(DMD) is used as a light source to polymerize all pixels of a layer simultaneously. In the latter,
also called ‘constrained’ setup, the layer is typically illuminated through the transparent bottom
of the tank with the movable substrate suspended above the liquid reservoir (Figure 2.8, right
side). Hence, the object is hanging upside down from the substrate during 3D printing. This
setup has several advantages compared to constructing the object normally by moving the
substrate further into the reservoir with each layer as seen in traditional SL machines: i) there
is no need for an extra process step leveling the surface of the liquid to ensure the uniform
height of the next layer to be cured as gravity smoothes the surface in the constrained setup;
ii) the height of the object to be printed is not restricted by the depth of the resin reservoir; iii) a
minimum amount of resin is required as the object is pulled out of the reservoir instead of being
immersed in it.2%° The main disadvantages of this configuration comprise the necessity for a
highly clean bottom substrate of the tank which is strongly negatively correlated with usage
and the possible deformation and destruction of the tank bottom or the object due to strong
adhesion between the cured layer and the substrate of the tank. To reduce this risk, the tank
bottom is often specially treated to minimize adhesion.?'* After 3D printing, the object typically
requires thorough cleaning using alcohols such as ethanol or isopropanol to remove the residual
uncured resin.

Similar to PJ, materials for this kind of 3D printing need to be photocurable and are often
based on acrylates and epoxides.?®* While there are many materials for DLP printing
commercially available, their exact composition including their additives is often proprietary
knowledge of the manufacturers hindering their usage in biological applications due to
unknown material properties such as biocompatibility or solvent compatibility.2062%5
Additionally, there have been several research efforts to develop custom-made printing resins
featuring favorable material properties such as high resolution, similar flexibility to PDMS,
good transparency, biocompatibility, and reduced small molecule absorption.®>#4216 Compared
to FDM and PJ, DLP printing showed the highest printing resolution and lowest surface
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roughness.®2%2 The lateral and vertical resolution of state-of-the-art DLP printers is usually in
the range of 5-50 um and is highly dependent on various factors including the pixel grid of the
DMD, the viscosity of the resin, and light-absorbing additives.?42%° Open microfluidic
channels in various materials with diameters below 100 um have been fabricated by DLP*+217,
whereas the minimum diameter of intruding channels in FDM and PJ typically ranges around
200-300 pum.?2 Even higher resolution than in SL is generally attainable by using a 3D-printing
technique based on two-photon polymerization.?!® However, there is a general trade-off
between printing resolution (and thus, fabrication time) and overall build size. For microfluidic
applications, most desktop SL 3D printers provide a suitable compromise between fabrication
cost and time, resolution, and maximum object size.

2.4.2 3D printing-based fabrication approaches for microfluidic chips

Exploiting additive manufacturing for the fabrication of microfluidic chips can generally be
divided into two subcategories, both of which will be reviewed in the subsections of this
chapter. In the first part, examples of 3D printed master molds and subsequent usage of these
for PDMS replica molding are presented. Additionally, the advantages and limitations of this
approach are discussed. The second part gives a short overview of directly printed microfluidic
chips and reviews their suitability for organ-on-a-chip applications.

2.4.2.1 Master mold fabrication

The additive manufacturing of soft lithography molds provides an attractive fabrication
approach for organ-on-a-chip platforms as 3D printing annihilates some of the limitations of
photolithography-based micromachining without compromising the prodigious properties of
PDMS, such as gas permeability, biocompatibility, and flexibility. For example, master molds
comprising microchannels of multiple heights'®>'% and different cross-sectional geometry®’
are easily produced by 3D printing. Comina et al.%, for example, reported the fabrication of
PDMS-based lab-on-a-chip devices by using 3D-printed templates (Figure 2.9A). Based on
the DLP technique, the group successfully produced microfluidic chips integrating different
structural elements such as chaotic mixers and multilevel microfluidic channels. In recent
years, a growing number of publications reported the use of 3D printed templates for the
fabrication of e.g. a microfluidic gradient generator'®”, PMVs with a single molding step?'°2%,
capillary circuits enabling autonomous liquid delivery on-chip?! (Figure 2.9B), and a lung-
on-a-chip platform??2. Despite the increasing use of 3D-printed replica molds, many studies
reported inhibition of PDMS curing at the surface of the mold, especially when SL was
used%197 which could only be prevented by tedious post-processing of the mold before
casting PDMS (Figure 2.9C).21%22 Phosphine oxide-based photo-initiators leaching out of the
bulk material and interacting with the platinum-based PDMS catalyst have recently been
identified as the cause of the curing inhibition.??® Until then uncrosslinked monomers were
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believed to be the reason why uncured PDMS remained at the PDMS-3D-print interface.'%’
Instead, these were found to cause strong adhesion of the PDMS to the printed template in the

3D printing master molds Direct printing microfluidic chips
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Figure 2.9 Examples of microfluidic chips fabricated either by 3D-printed master molds or directly by 3D
printing. (A) SL-printed template to fabricate microfluidic diffusive and chaotic mixers. Adapted from Ref.1%
with permission of the Royal Society of Chemistry. (B) Master molds (top row) and their corresponding PDMS
replicates (bottom row) of capillary trigger valves fabricated by traditional photolithography (left side) or SL
printing (right side). Adapted from Ref.2* with permission of the Royal Society of Chemistry. (C) Top view (top
row) and cross-sections (bottom row) of fully, partially, and uncured PDMS replicates, which have been cast
using 3D-printed molds that have either been left untreated or have been thermally post-processed with or without
additional UV post-curing. Adapted from Ref.??® under the terms of the CC BY-NC-ND 4.0. (D) Surface
smoothing of FDM-printed ABS part using acetone vapor before (top row) and after (bottom row) treatment.
Adapted from Ref.’8! with permission of Springer-Verlag Londong. (E) 3D microfluidic router (top) and 3D
fluidic mixer (bottom) both fabricated by stereolithography. Adapted from Ref.*® with permission of John Wiley
& Sons. (F) Pneumatic membrane valve 3D-printed using SL and the WaterShed XC 11122 resin. Adapted from
Ref.23 with permission of the Royal Society of Chemistry. (G) 3D-printed microfluidic chip (left side) developed
for the culture of multicellular spheroids (right side). Adapted from Ref.*® with permission of IOP Publishing.
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same study.??® To prevent both PDMS curing inhibition and strong attachment to the mold, the
group suggested a post-processing protocol combining UV post-curing and thermal treatment,
which was evaluated on 16 commercially available SLA resins. Other groups had also
suggested similar protocols®”?¥° as well as ethanol treatmant!®®?!® temporary surface
coating%, and silanization?'%?% to achieve complete polymerization of the PDMS and enhance
its release of the mold.

Besides the development of post-processing protocols to enable PDMS casting from 3D-
printed replica molds, several efforts have been made to optimize the surface quality of the 3D-
printed part as surface artifacts and a high surface roughness impairs the bonding strength of
the PDMS replicate to substrates typically used in microfluidic platforms, e.g. glass.®” The
inherent layering nature of the 3D printing process gives rise to the so-called staircase effect,
which impedes the optical quality both of the print and the replicated PDMS layer.?** Good
optical quality, however, is a crucial requirement for most organ-on-a-chip applications as
these are mainly accessible by imaging techniques for phenotypical and functional analyses of
the incorporated cellular material.*®1672% The staircase effect is most pronounced on the
surface of rounded features due to the discretization of such features by slices of the defined
layer thickness of the 3D printer (Figure 2.9D).2%%226 Attempts to mitigate the poor surface
finish include adaptive slicing??’, optimization of the part orientation®*??, grayscale light
exposure??®, and post-processing of the 3D-printed part by acetone vapor®?,

Up to now, the resolution, accuracy, and surface roughness of most state-of-the-art 3D
printers are still inferior to established photolithography protocols, which enable the fabrication
of features in the range of 10-20 pm.3422! However, for intermediate dimensions (> 50 pum),
such as those required for 3D cell cultures®, as well as applications that require multiple
dimensions on the same mold*®>?2°, 3D printing of replica molds provides a promising strategy
to overcome the inherent manufacturing limitations of traditional soft lithography.

2.4.2.2 Direct printing

3D printing enables the rapid, assembly-free fabrication of complex and truly three-
dimensional microfluidic platforms including enclosed channels, integrated membranes, and
multi-level circuits®#142 on an unprecedented scale. For example, Kuo et al.*® employed
stereolithography to produce a 3D-fluid router and an active microfluidic mixer integrating
PMVs in a single manufacturing step (Figure 2.9E). Especially the integration of active
components such as valves and pumps in directly printed microfluidic chips presented a
challenge due to the decreased flexibility of materials commonly used in 3D printing: their
Young’s modulus is typically about two to three orders of magnitude higher than that of
PDMS. 183230 To enable the 3D printing of materials with higher flexibility, various groups have
developed photocurable resins based on e.g. TPU2%® poly(ethylene glycol) di(acrylate)
(PEG-DA)31% or acrylated silicone macromers*. Using custom-made as well as proprietary
resins various designs of integrated, pressure-driven valves have been proposed in the literature
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up to now.183230-232\While most of these are based on a large, circular diaphragm that seals an
orifice in the ceiling'®*%° (Figure 2.9F), Lee et al.'®® recently proposed a slightly modified
version of the Quake-style valve traditionally used in mLSI, which is about one order of
magnitude smaller than other 3D-printed PMVs and thus amenable to large-scale integration
in microfluidic chips.

Some of the strengths and weaknesses of additive manufacturing techniques compared to
PDMS-based soft lithography have already been discussed in previous chapters. However, to
use directly printed microfluidic chips for cell culture studies, additional requirements, with
biocompatibility being one of the most important ones, need to be fulfilled. Unfortunately,
characterization of the biocompatibility of a wide variety of printing materials is either missing,
especially for many proprietary resins used in stereolithography, or yielded contradicting
results. For example, the DLP resin PlasCLEAR based on polypropylene/ABS was found to be
biocompatible in one study®®, while another study highlighted impaired viability when
exposing cells for longer than 24 hours to the material®3*. Direct comparison of the two studies
is, however, limited, as both groups had used different cell lines and post-processing protocols,
two parameters that have been demonstrated to significantly impact the biocompatibility
evaluation of 3D printing materials.**?% Besides flexibility and biocompatibility, the gas
permeability and transparency of PDMS are critical material characteristics for many biological
applications of microfluidic devices. For example, insufficient oxygen supply can lead to
hypoxia-induced impaired function of human islets?®, and thus regular oxygenation needs to
be ensured on organ-on-a-chip devices. Since most 3D-printing materials are hard plastics with
poor gas permeability, oxygen supply needs to be regulated independently on such systems,
e.g. by incorporation of additional, gas-transporting microchannels?®>2%, While the optical
transparency of several SL- and FDM-printed microfluidic chips are comparable to
PDMS®52%7 some printing resins such as silicone hydrogel* or PEG-DA® even outperformed
PDMS in terms of small molecules absorption, which is significantly reduced in the printing
resins.

Overall, huge progress has been made in the development of 3D-printed microfluidics, and
the first proof-of-concept studies culturing tumor tissue?*, cardiomyocyte-like cells*, and
multicellular spheroids®® (Figure 2.9G) on 3D-printed platforms have already been
demonstrated. Nevertheless, direct printing instead of PDMS-based fabrication of organ-on-a-
chip devices still faces several challenges regarding feature resolution, surface roughness,
optical transparency, autofluorescence, solvent compatibility, gas permeability, and
biocompatibility**. These need to be addressed in the future to fully exploit the design
flexibility and rapid prototyping offered by 3D printing. While 3D printing is also not suitable
for mass production of organ-on-a-chip platforms, it allows rapid evaluation of design
prototypes, and fabrication of personalized devices at a reasonable cost and throughput, and
thus, enables a smooth transition to mass production techniques such as injection molding.*
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3. Characterization of 3D-printing as a fabrication technique for
microfluidic chips

For 3D printing to be applied to the fabrication of microfluidic devices and organs-on-a-chip it
requires a robust fabrication process, feature dimensions in the 100 um range, good surface
quality, and compatibility with biological systems, most important cells. To evaluate the
suitability of the DLP printing technology and commercially available resins either for the
fabrication of PDMS replica molds or direct printing of functional devices, three different
printing resins have been characterized in detail. The results of this thorough characterization
are presented and discussed in the following chapters.

3.1 Materials and methods

3.1.1 Printing resins

Three commercially available resins have been chosen and characterized within the scope of
this thesis. The choice of materials was based on a set of requirements including thermal
stability of at least up to 80 °C, transparency, and biocompatibility (Table 3.1).
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GR-10 Pro3dure |  both Methacrylate* | 10 nr. | yes | 2342%

Table 3.1 Overview of printing resins. Chemical basis, minimum printing layer thickness, and glass
transition/melting temperature are provided by the supplier. Biocompatibility lists studies investigating the
suitability of the material for working with living systems. n.r. — not reported.

3.1.2 3D-printing workflow
CAD models of the designs were generated in SolidWorks (version 2018-2019; Dassault
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Systemes, France) and 3D-printed using a DLP stereolithography printer (Pico2HD, Asiga,
Australia). All materials were processed with printing parameters (e.g. light intensity, exposure
time) according to the manufacturer's material file. The printing layer thickness was set to the
minimum possible for each resin (see Table 3.1) unless stated otherwise. 3D-printed molds
were printed as negative with extruding channels.

For cleaning, printed parts printed were removed from the building platform, rinsed with
isopropyl alcohol, and sonicated for 3 min in a bath of fresh isopropyl alcohol. Parts were
subsequently dried for 1 h at 80 °C followed by post-exposure on each side in a flash-curing
device (Otoflash G171, NK-Optik, Germany) using 2000 flashes.

3.1.3 PDMS replica molding

To cast PDMS from 3D-printed templates, a surface coating to enhance PDMS curing and peel-
off were required. For this, templates were temporarily coated with methylcellulose based on
a previously developed protocol*® and performed immediately before pouring liquid PDMS. In
short, 3D-printed templates were coated for 10 min in 0.1% hydroxypropylmethylcellulose
(Fluka Analytical) dissolved in 0.2 M sodium phosphate (Sigma), washed with deionized
water, and dried with nitrogen. To cast PDMS, Sylgard® 184 (Dow Corning, MI, USA) was
mixed in a 10:1 ratio of base material to curing agent, poured onto the 3D print, and degassed
in a vacuum chamber. Finally, PDMS was cured for 1.5 h at 80 °C and subsequently released
off the mold.

3.1.4 Characterization of the printing resolution

To characterize the resolution of the DLP printer for the different printing resins, two different
designs have been created (Figure 3.1). The design to characterize the XY resolution
incorporated arrays of rectangular microchannels of the same height (hxyy =200 um), but
different widths (w = 25-200 pm). The spacing in between two microchannels (d) was designed
to be the same as the width of the channel (d = w). To exclude printing direction bias, channels
were oriented along the X and Y direction, as well as at a 45° angle (Figure 3.1A). The design
to characterize the Z resolution comprised various features (pillars, channels, domes, cubes)
with heights (h;) ranging from 15 pm to 10 mm (Figure 3.1B). Specimens of both designs were
printed, cleaned, and post-processed for PDMS casting as described above using all printing
materials except for GR-10, which was only used to print the XY design. PDMS layers of
approximately the same height were cast from the specimen and cut orthogonally to the feature
axes for measurements. Surface measurements of the XY molds were recorded using a confocal
laser scanning microscope (VK--X250; Keyence, Japan) and exported by the proprietary
microscope software (VK Analyzer, v.3.8.0.0, Keyence). Additionally, images of the PDMS
cross-sections were acquired on an inverted microscope and subsequently analyzed in ImageJ
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Figure 3.1 Designs of 3D-printed specimen to characterize the resolution of the 3D printing process.
(A) Arrays of rectangular microchannels of uniform height with widths and gaps in between channels ranging
from 25-200 um (from right to left) were used to quantify the XY resolution. (B) Features of various shapes with
heights ranging from 25 um to 2 mm were used to characterize the Z resolution.

(v1.53f51). For characterization of the resolution in Z, PDMS cross-sections were used.
Quantification and statistical analysis were performed in MATLAB.

3.1.5 Surface measurements

Surface roughness measurements on 3D-printed parts were performed using a confocal laser
scanning microscope (Keyence). Surface roughness values were calculated by the proprietary
microscope software (VK Analyzer, v.3.8.0.0, Keyence). Statistical analysis was conducted
using a custom-written MATLAB script. Measurements were conducted on three
independently fabricated specimens (N = 3).

Water contact angle measurements were conducted by depositing a drop of 10 pL of MilliQ
water on the planar surface of a 3D-printed test block (area: 10 mm x 10 mm, height: 5 mm,
printing layer thickness: 100 um). Images of the water drop on the surface have been taken
with a digital camera (SX620 HS, Canon, Japan) from the side, focusing on the interface
between the water drop and the 3D-printed surface. Measurements of three independently
fabricated test blocks have been performed (N = 3).

3.1.6 Preparation of material eluates

The biocompatibility of the different printing resins was assessed indirectly based on 1SO
10993-5:2009 and 1SO 10993-12:2009.24024! The norm provides a rough guideline to evaluate
a material’s in vitro cytotoxicity indirectly by first creating an eluate of material in normal cell
growth medium and then using this eluate as the culture medium for the cells. If inoculation of
the cells with the material eluate for a defined period (typically 24 h) leads to a more than 30%
lower cellular viability compared to untreated controls, the material is considered cytotoxic.
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Sample design. For the generation of the material eluates, circular samples of each printing
resin were prepared. To evaluate the effect of potentially insufficient penetration of the UV
light during post-exposure through the whole volume of the sample, and thus, potentially toxic
uncured monomers and resin additives remaining in the bulk material, circular specimens of
different heights were designed (Figure 3.2). The samples were designed to have a diameter
of 8 mm and a height of 4 mm and 8 mm for the thin and thick designs, respectively. These
dimensions yielded a surface area of 1.51 cm? and 3.02 cm? for the thin disc and thick cylinder,
respectively. These are important since 1ISO 10993-12:2009%** precisely regulates the ratio of
the sample’s surface area to the volume of the cell growth medium for the generation of the
material eluate. For polymeric materials, the norm requires the surface-to-volume ratio to be
6 cm?/mL.

Preparation of 3D-printed samples for testing. In a first experiment, samples of the
different printing resins were 3D-printed, cleaned, and post-processed as described above,
followed by 8 h extraction in ethanol since this has been shown to improve the biocompatibility
of 3D-printing resins in previous studies.??®?% In a second experiment, the impact of UV light
post-exposure and chemical extraction on the resins’ biocompatibility were also evaluated. For
this, parts were either post-exposed to 2-times 2000 flashes or not post-exposed at all. If
chemical extraction was performed, parts were immersed for 8 h in ethanol (EtOH), followed
by 24 h in deionized (DI) water. In between, parts were allowed to dry for 30 min at room
temperature. Before use for cell experiments, samples were sterilized for 1 h using 254 nm UV
light (NK-Optik).

Test setup and workflow. The in vitro cytotoxicity of the materials was assessed for more
and less sensitive cell types, human iPSCs and NIH3T3s respectively, using an indirect test
setup. For this, post-processed specimens were incubated in the respective cell type’s growth
medium at the required surface-to-volume ratio (6 cm2/mL) in a humidified atmosphere at
37 °C and 5% CO- for a defined extraction period. For the first tests using NIH3T3s and human
IPSCs, the extraction period was 24 h (short-term extraction). For the second round of testing,
an extended extraction period of 5 days (long-term extraction) was used to evaluate whether
longer extraction might cause toxic species to leach out of the printed parts. 24-48 h before the

w%@“

Figure 3.2 Design of circular specimens for indirect biocompatibility testing. Both samples had the same
diameter (d) of 8 mm. The height of the thin disc (h1) was 4 mm, while the thick cylinder had a height (h,) of
8 mm.
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inoculation of NIH3T3s and human iPSCs with material eluates, the cells were detached using
the same method as in routine passaging, resuspended in fresh growth medium at a
concentration of 1.0 x 10° and 2.5 x 10* cells/mL, respectively, and seeded as a single cell
solution in 96-well plates. Human iPSC culture media was supplemented with ROCK inhibitor
(Y-27632; Apexbio Technology, TX, USA) for the first 24 h, but removed for subsequent
culture. When cells had reached about 80% confluency, the growth medium was replaced by
100 pL of the material eluates. In vitro cytotoxicity was assessed at different time points after
inoculation (24 h, 48 h, 96 h) using the WST-8 assay.

Indirect biocompatibility experiments using short-term extraction were performed twice
independently for NIH3T3s (N = 2) and once for human iPSCs (N = 1), while the long-term
extraction test was performed once for human iPSCs (N = 1). All experiments were conducted
with at least three technical replicates.

3.1.7 Preparation of monolithic microwell inserts

To assess the feasibility of 3D-printed microfluidic chips for 3D human stem cell culture
applications, a simplified test setup using a monolithic microwell insert that fits into the well
of a 48-well plate (Figure 3.3A) was developed. The test setup aimed to investigate whether
the 3D-printed insert allows for the homogeneous formation of 3D human stem cell cultures as
well as their long-term culture without comprising the aggregates’ viability.

Sample design. The monolithic insert contained 121 straight or 155 conic-shaped
microwells with a diameter of 300 pm at the top and a height of 450 um (Figure 3.3B, C). The
microwells were designed as through-holes for optical accessibility of the aggregates using an
inverted microscope to facilitate viability analyses.

Printing and post-processing of 3D-printed microwells for testing. Microwell inserts
were printed with the GR-10 resin with the opening attached to the building platform and a
printing layer thickness of 25 pum. Supports were added to the design in the Asiga composer
software (v1.2.9) with a contact width of 500 um and an overshoot of 1 mm. After printing,
parts were carefully removed from the platform, cleaned with 2-propanol, and post-processed
using different combinations of the steps outlined in Table 3.2. Additionally, some inserts were
surface-activated using air plasma (40 W at 0.4 mbar for 30 s) to enhance the wettability of the
3D-printed microwells. Following post-processing, microwells were sealed by bonding the
insert to either glass or polystyrene using a double-sided adhesive foils. Alternatively,
microwells were directly sealed by the same or another, only single-sided adhesive foil (Table
3.3). Before being used for cell culture experiments, the insert was wetted with 150 pL of
Dulbecco’s phosphate-buffered saline (DPBS; Sigma-Aldrich) and coated with the same
volume of 10% Pluronic F127 (Sigma Aldrich) overnight at 4 °C to minimize cell attachment.
Pluronic was then washed with DPBS and inserts were sterilized for 1 h using 254 nm UV light
(NK-Optik).
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uv Chemical extraction
post-exposure 99.9% EtOH DI water

2x2000 flashes 2h 2h
2x4000 flashes 24h 24h

Table 3.2 Overview of post-processing steps applied on 3D-printed microwell inserts. Different combinations
of post-exposure and chemical extraction have been investigated in direct biocompatibility testing.

Double-/ . . Certified as
Name | Manufacturer | . ) Adhesive type | Thickness | , . .
single-sided? biocompatible?
ARcare Adhesives
Double-sided Acrylic 80 um es
90445Q Research 4 H 4
) ) Silicone
9795R 3M Single-sided . 100 pm yes
acrylic/acrylate

Table 3.3 Adhesive tapes used for sealing of microwell inserts. Double-sided tapes were used for bonding to
glass and polystyrene substrates as well as for direct sealing. The single-sided tape was only used for direct sealing.

Test setup and workflow. Before seeding cells, DPBS in the inserts was replaced by the
cell culture medium, followed by incubation of the inserts in a humidified incubator at 37 °C
and 5% CO for 30 min to allow for equilibration. Human iPSCs were seeded as a single-cell
suspension at a concentration of 500 cells/microwell in a total of 40 pL of growth medium per
insert (~ 6-8 x 10* cells/insert). The cell suspension was added inside the inner rim of the insert
to enhance gravity-assisted trapping of the cells inside the microwells. After 10 min of settling
time, another 100 pL of growth medium was added to the recess of the insert and the cells were
incubated in a humidified atmosphere at 37 °C and 5% CO>. For cell seeding, the growth
medium (mTeSR* + 1% penicillin-streptomycin) was supplemented with 1%, of ROCK
inhibitor. 24 h after seeding and in the following every other day, the medium was replaced by
150 pL of fresh growth medium without the addition of ROCK inhibitor.

To assess the viability of the cell aggregates, a WST-8 assay was performed on days 1, 3,
and 7 after seeding, and an additional live/dead staining on day 7. Additionally, representative
brightfield images of the inserts were acquired on the same days as the assays to track cell
aggregate formation and growth. Experiments were conducted three times independently with
2-3 technical replicates per sample (N = 2-3).
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B Straight design

Figure 3.3 Design of a 48-well plate insert integrating straight or conic-shaped microwells for 3D cell
cultures. (A) 3D rendering of the insert with straight microwells. The 1 mm high rim around the microwell array
facilitated seeding of the cells in minimal volume (40 pL) directly on top of the microwells, minimizing dead
volume. The recess on the left is used for medium change without disturbance of the cells. (B) For the straight
design, one insert comprises 121 microwells (MWs), each with a diameter and height of 300 pm and 450 pm,
respectively. (C) For the conic design, one insert comprises 155 microwells (MWs) with a diameter of 300 pum at
the larger top of the MW and a height of 450 um.

3.1.8 WST-8 assay

Cellular viability was measured using a colorimetric assay that is based on the 2-(2-methoxy-
4-nitrophenyl)-3-(4-nitrophenyl)-5-(2,4-disulfophenyl)-2H-tetrazolium monosodium (WST-
8) salt.?* In the presence of an electron mediator, cellular dehydrogenases reduce the WST-8
to a water-soluble formazan dye. The amount of formazan dye produced is directly proportional
to the number of viable cells and can be quantified by colorimetry. Impaired metabolic activity
of the cells or cell death due to cytotoxic species present in the culture leads to diminished
dehydrogenase activity and thus, reduced amounts of the formazan dye. Comparison of cell
cultures with impaired metabolic activity to healthy control with equivalent initial cell numbers
allows for quantification of the cytotoxic effect.

To perform the assay, the WST-8 stock solution of the cell counting kit was mixed with
growth medium at a 1:10 ratio, added to the cell culture, and incubated for 2 h in the dark in a
humidified incubator. Afterward, the absorptions of the solutions were measured on a
photometer (Varioskan Lux, Thermo Fisher) using a 450 nm and 620 nm filter and analyzed
using custom-written MATLAB scripts. The viability of the cells was calculated with

A— Ablank
mean(Aceri — Aptank)

viability =

where A is the absorption of the extracts (N = 3 per material), Act is the absorption of the
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control samples (N = 3 per material), and Aniank IS the absorption of the blank WST-8 growth
medium mixture (no cells, N = 3).

3.1.9 Live/dead staining

To determine the viability of cells qualitatively, cell aggregates were stained with two different
fluorescent dyes using a commercial staining kit (ReadyProbes™ Cell Viability Imaging Kit
Blue/Green; Thermo Fisher). In this kit, the nuclei of all cells are stained with one reagent,
while the other reagent only stains the nuclei of dead cells with compromised plasma
membranes. In short, 2 drops each of the live and dead cell staining reagents were added per
1 mL of growth medium to prepare the staining solution. Then, the medium surrounding the
3D cell cultures was aspirated, an appropriate volume of staining solution was added, and cell
aggregates were incubated for 30-60 min in a humidified incubator in the dark. Afterward,
aggregates were imaged on an epifluorescent microscope (Evos M5000, Thermo Fisher). Live
cells were detected with a standard DAPI filter (excitation/emission maxima: 360/460 nm) and
dead cells with a GFP filter (excitation/emission maxima: 504/523 nm).

3.1.10 Microscopy and statistical analysis

Bright-field images were acquired with 2.5x and 10x objectives (Plan-Apochromat) on an
Axiovert inverted microscope (Zeiss, Germany). An epifluorescent microscope (Evos M5000,
Thermo Fisher) was used to record the fluorescent images. Image analysis and statistical
evaluation were performed using custom-written macros and scripts in ImageJ and MATLAB,
respectively. Given values are mean + SD unless stated otherwise. Testing for normal
distribution was done by Shapiro Wilk’s test?*® in MATLAB. Statistical analysis was also
performed in MATLAB using a one-way ANOVA test with an accepted statistical significance
(p-Value) less than 0.05 unless stated otherwise.
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3.2 Results and discussion

3.2.1 Printing resolution

The resolution of 3D printing depends on several factors such as the resolution of the pixel grid
of the printer, optical precision, UV light exposure time, as well as characteristics of the
printing resin, e.g. the concentration of photoinitiator additives or resin viscosity.*#421¢ While
3D printers have often been optimized for specific proprietary resins, yielding similar
resolutions with custom resin formulations or printing resins from other manufacturers is often
laborious.?® Therefore, a 3D printer that allows using proprietary resins from different
manufacturers with a reasonable nominal resolution was chosen. The Pico2HD (Asiga)
provides a DLP-based, open material system and an XY pixel size of 27 um. Since the actual
lateral resolution of SLA printers sometimes differs by as much as 70% from the nominal
resolution?®, the first step to evaluating the suitability of 3D printing for microfluidics
comprised the characterization of the dimensional accuracy and minimal feature size of three
commercially available printing resins: Freeprint Mould (Detax), GR-10 (pro3dure), and
PlasGRAY (Asiga). For this, a test mold comprising patterns of extruding rectangular channels
with heights of 200 um and widths varying between 25-200 um was printed for all materials
with a Z-layer thickness of 50 um; the distance between the channels was equal to their widths
(CAD model displayed in Figure 3.1A). Besides surface measurements conducted on the 3D-
printed molds, cross-sections of PDMS layers cast from the molds were used for the
characterization of the printing resolution in the lateral direction (XY). Printing of individual
channels with at least 80% of their nominal height was considered successful.

Channels with widths and distances of 50 um or below could not be printed in any of the
materials. The smallest printable XY dimension was 75 um for PlasGRAY and 100 um both
for Freeprint Mould and GR-10 (Figure 3.4). These dimensions are about three to four times
the pixel size of the 3D printer. In the literature, channel widths of 2 px have been reported for
DLP printers with similar pixel sizes and custom resin formulations, which have been
optimized for printing resolution.®** Pattern dimensions larger than 100 um produced
properly resolved channels for all materials with significantly (p <0.01) different lateral
accuracy of the 3D-printed channels (Figure 3.5A). Channel patterns printed in Freeprint
Mould and GR-10 were on average 1% and 11% larger than in the design, while they were
23% smaller when printed in PlasGRAY. Other DLP resins have been reported to cause a
similar deviation of the designed and actual channel width, typically ranging between 7% and
25%.%744 In contrast to the dimensional decrease of the PlasGRAY molds, however, the printed
features are commonly larger than the nominal width. A possible explanation for this might be
the insufficient duration of the exposure as it has been observed that feature widths become
smaller if the exposure time was decreased.?!” This characteristic might also be exploited as a
possibility for the miniaturization of microfluidic channels.
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Freeprint Mould 75 um ’ 100 um

\;‘A\iﬁ i

Figure 3.4 PDMS cross-sections of 3D-printed sample molds to characterize the lateral printing solution.
Molds made of Freeprint Mould, GR-10, and PlasGRAY have been 3D-printed and subsequently used to cast
PDMS. Channels with designed widths and gaps of 75 um and 100 um were only printed in PlasGRAY with
sufficient height. Channels in Freeprint Mould and GR-10 could not be resolved properly. Scale bar: 500 pum.

PDMS casting of the 3D-printed molds resulted in significantly (p < 0.01) wider channels
for all materials (Figure 3.5B). PDMS channel widths were on average 105%, 119%, and 82%
of the nominal width for Freeprint Mould, GR-10, and PlasGRAY respectively. Lateral
expansion of the channel is likely due to the thermal expansion of the 3D-printed mold during
PDMS curing. This expansion is counteracted by PDMS shrinkage due to curing at elevated
temperatures. For a curing temperature of 80 °C, which was used here, PDMS is known to
shrink by approximately 1.5% to 1.9% compared to the mold dimensions.?*24° To ensure that
the orientation of the channel patterns did not influence the resolution of the prints, separate
patterns running either along the X or the Y-axis of the printer were designed and evaluated.
No significant differences were detected in any of the materials (Figure A.1).

Besides the lateral resolution, the Z resolution of the printer was characterized using another
test mold comprising various extruding features such as rounded bumps, and rectangular and
half-rounded channels with heights ranging from 15 pym to 2 mm (CAD model displayed in
Figure 3.1B). Additionally, the design included pillars with diameters between 600-1250 um
and heights up to 10 mm to investigate the manufacturability of aspect ratios between 1:1 and
17:1 (height : diameter). All test molds were printed with the smallest possible layer thickness,
which was 10 um for all printing resins. Attempts to print and characterize test molds using the
GR-10 resin were not successful due to the destruction of the liquid tank bottom during printing
arising from instability and break-off of the high aspect ratio pillars. For Freeprint Mould and
PlasGRAY, high aspect ratio pillars (17:1) were printed successfully. Recently, even higher
aspect ratios have been demonstrated for DLP printed channels using a PEG-DA-258-based
resin formulation.®® After optimization of the resin, microfluidic channels with aspect ratios up
to 37:1 have been fabricated successfully in the study. Characterization of the Z resolution of
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Figure 3.5 Printing resolution in XY direction for different printing resins. (A) The mean channel widths on
the 3D-printed molds varied between 101%, 111%, and 77% of the nominal dimension for Freeprint Mould
(FPMould), GR-10, and PlasGRAY, respectively. N = 2 individually printed molds for FPMould and PlasGRAY,
N =1 for GR-10. ** p < 0.01 using one-way ANOVA (B) The mean channel widths in the PDMS cross-section
varied between 105%, 119%, and 82% of the nominal dimension for FPMould, GR-10, and PlasGRAY,
respectively. Displayed are the individual data points (colored points), probability density (colored structure),
mean (colored line), median (white dot), and interquartile range (black bars) for the different printing resins. N = 2
individually cast PDMS layers. ** p < 0.01 using one-way ANOVA.

the two printing resins here was performed using PDMS cross-sections instead of the 3D-
printed molds due to the large height variation of the test mold. The smallest possible feature
heights to be printed were 25 um for Freeprint Mould and 50 um for PlasGRAY (Figure 3.6),
which are comparable to previously achieved resolutions for DLP printing.3**" Features above
these sizes printed well for any of the shapes tested. Overall, printed features were on average
14% and 10% smaller than their nominal height for Freeprint Mould and PlasGRAY,
respectively (Figure 3.7A). Considering equal thermal expansion of the mold in every
direction and assuming a similar dimensional offset between the 3D-printed mold and PDMS
cross-section as measured in the XY direction, this suggests a relative error of 18% and 15% of
the 3D-printed features for Freeprint Mould and PlasGRAY, respectively. The deviation of the
feature height from the nominal dimension was more pronounced and variable for smaller
heights (Figure 3.7B). For dimensions above 1 mm, measured heights converged to a plateau
of 95% and 97% of the nominal dimension for Freeprint Mould and PlasGRAY, respectively.

Overall, these results highlight the suitability of 3D printing for microfluidic applications in
the intermediate size range which is required for organ-on-a-chip applications incorporating
3D cell cultures with dimensions above 100 um. This size range fits well with the minimum
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XY and Z resolution of 75 pum and 25 um, respectively, for the DLP printer and printing resins
presented here.

Freeprint Mould | L

Figure 3.6 PDMS cross-sections of 3D-printed sample molds to characterize the printing resolution in Z.
The smallest channel height printed was 25 pm for Freeprint Mould and 50 pm for PlasGRAY. In comparison

500 um high rectangular channels are shown for both materials as reference. Scale bars: 100 um for the left,
200 pm for the right images.
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Figure 3.7 Printing resolution in Z for different printing resins. (A) Overall dimensional accuracy of PDMS
cross-sections cast from the 3D-printed molds in Z compared to the nominal dimension of the design. Displayed
are the individual data points (colored points), probability density (colored structure), mean (colored line), median
(white dot), and interquartile range (black bars) for the different printing resins. N = 2 individually printed molds
with one layer of PDMS cast from each. **p < 0.01 using one-way anova. (B) Dimensional accuracy of the PDMS
cross-sections shown separately for each nominal height of the design. N = 2 individually printed molds with one
layer of PDMS cast from each.
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3.2.2 Surface roughness

The surface roughness of a 3D-printed part is a critical parameter for the application of the
technique for microfluidic chip fabrication. Surfaces of high roughness have been associated
with reduced transparency?’, poor bonding of PDMS layers to glass®"?%, higher wall friction,
and thus hydrodynamic resistances®4624’ large variations in the shear rate near the channel’s
surface?*®, and altered cellular adhesion?*%%, Surface roughness values (i.e. arithmetic mean
roughness, Ra) of the different printing resins were obtained using the same test molds as for
the characterization of the lateral printing resolution. For this, five planar areas were measured
on the top side of the mold, i.e. in the XY plane of the mold. Obtained values varied significantly
between 3.69 um (SD = 0.66 pum) and 5.88 um (SD = 1.53 um) for PlasGRAY and GR-10,
respectively, while Freeprint Mould molds had a surface roughness of 4.87 um
(SD = 1.20 pm), which was not significantly different from any of the other materials (Figure
3.8). These values are slightly higher than previously reported values for SLA resins, which
range between 0.35 and 3.65 um.*292248 |n comparison, the surface roughness of silicon
wafers and SU-8 patterns traditionally used for microfluidic chip fabrication is significantly
lower at 0.01 pm and 0.11 pm, respectively.®® To enhance the quality of 3D-printed surfaces
coating with PDMS?! or an omniphobic lubricant as well as projection lens oscillation?* and
optimization of the resin formulation®? have been exploited. Overall, the presented results
underline the variability of the surface characteristics of different printing resins and suggest
the usage of PlasGRAY for microfluidic applications which require minimal surface
roughness.
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Figure 3.8 Surface roughness of the different 3D-printing resins. Freeprint (FP) Mould and GR-10 had a mean
surface roughness of 4.87 um and 5.88 um, respectively, while PlasGRAY had a significantly lower mean
roughness of 3.69 um. Displayed are the individual data points (colored points), probability density (colored
structure), mean (colored line), median (white dot), and interquartile range (black bars) for the different printing
resins. N = 3 for FPMould,PlasGRAY, N = 2 for GR-10. ** p < 0.01 using one-way ANOVA.
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3.2.3 Indirect biocompatibility evaluation using material eluates

Biocompatibility of photopolymer resins presents one of the major challenges for the adoption
of 3D printing technology for microfluidics. While many of the materials used in FDM printing
such as ABS or PLA are biocompatible?®®2!8, the cytotoxicity of most DLP printing materials
is largely unknown as their compositions are proprietary.?®® Further, different studies
investigating the biocompatibility of SLA printing resins showed highly varying or even
contradicting results for the same resin.?323* Opposing findings of different studies can arise
from differences in post-treatment of the 3D-printed specimens, the cell types in use, and the
biological assay employed for the quantification of the cellular response, all of which have
been shown to influence biocompatibility**?'> and generally hinder study comparison. To
increase the reproducibility of the results, the norms ISO 10993-5 and 1SO 10993-12 aim to
provide a rough guideline for testing the cytotoxicity of materials in vitro.24%24! Biocompatility
tests performed in this work also followed this guideline. To more broadly investigate material
biocompatibility, two different cell lines have been used: the more robust NIH3T3 fibroblast
cell line and human iPSCs, which represent a highly sensitive cell type. Further, to decorrelate
effects due to surface characteristics of the printing resins, e.g. surface roughness, and leaching
of potentially toxic species out of the material, an indirect test setup was chosen. In brief,
circular specimens of each resin were prepared as outlined in chapter 3.1.6. The specimens
were then used to create an eluate of each material by incubation of them in the normal cell
growth medium for 24 h (short-term extraction) or 5d (long-term extraction) at a defined
surface-to-volume ratio (6 cm?/mL) in a humidified atmosphere at 37 °C and 5% CO,. The
extract was then used as a growth medium for the cells. Finally, cellular viability was assessed
after a defined period (typically between 24 h and 72 h) by a colorimetric assay based on the
2-(2-methoxy-4-nitrophenyl)-3-(4-nitrophenyl)-5-(2,4-disulfophenyl)-2H-tetrazolium mono-
sodium (WST-8) salt.?*?. The WST-8 salt is reduced by cellular dehydrogenases to a water-
soluble orange formazan product that can be analyzed by colorimetry and is directly
proportional to the number of viable cells. To quantify the cellular viability, cells that were
incubated with the material eluate are compared to cells cultured in normal growth medium
(i.e. no presence of material leachables). If the cellular viability of the former is found to be
below 0.7-fold of the control’s viability, the material is considered cytotoxic.

For a short-term extraction, the viability of NIH3T3 fibroblasts 24 h after being in contact
with the material was about the same as the control for all materials (Figure 3.9A). After an
incubation of 48 h, the viability of cells in contact with PlasGRAY was 1.2-fold the control’s
viability and significantly higher than any of the other conditions (p < 0.05 for Freeprint Mould,
p < 0.01 for the other conditions). In comparison, cells in contact with Freeprint Mould and
GR-10 showed a 1.07- and 1.04-fold higher viability than the control, respectively. Another
48 h later (i.e. at 96 h), cells showed a similar trend than before even though PlasGRAY
samples varied not significantly (p > 0.05) from Freeprint Mould and GR-10. Similar results
have been observed for human iPSCs, when in contact with material eluates (short-term
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Figure 3.9 Biocompatibility of printing resins after short-term extraction. (A) Viability of NIH3T3
fibroblasts when in contact with material eluates for 24 h, 48 h, and 96 h compared to the untreated control at the
same respective timepoints. The black line indicates the lower limit of viability for a material to be considered
non-cytotoxic. Displayed are the mean + SD. Ctrl — control. N = 2 independent experiments for 24 h, N = 1 for
48h and 96h, each with at least three technical replicates. *p <0.05, **p < 0.01 using two-way ANOVA.
(B) Viability of human iPSCs when in contact with the material eluates for 24 h compared to the untreated control.
The black line indicates the lower limit of viability for a material to be considered non-cytotoxic. Displayed are
the mean + SD. N =1 experiment with three technical replicates for all materials. **p < 0.01 using one-way
ANOVA. Ctrl — control.

extraction) for 24 h (Figure 3.9B). For this cell type, incubation with the PlasGRAY extract
caused significantly (p < 0.01) higher viability than for any other material as well as compared
to the control. Overall, none of the tested materials showed cytotoxic cellular response upon a
short-time extraction in the cell growth medium, and are thus considered biocompatible
according to ISO 10993-5.

To investigate the effect of post-processing of the 3D-printed samples on their in vitro
cytotoxicity in more detail, another round of experiments with Freeprint Mould and GR-10 was
performed. Since PlasGRAY is non-transparent and would thus only be applicable for molding,
it has been omitted from further testing. Specimens of both other materials comprised circular
discs as used in the last experiment (thin condition) as well as thicker cylindrical samples (thick
condition) to further investigate the effect of bulk volume. Additionally, the extraction period
has been increased to 5 days (long-term extraction) to ensure that longer exposition of the
material to the cell culture medium does not cause any detrimental effects such as material
degradation or leaching of additional compounds not anticipated before. This time, only iPSCs
were used for testing due to their higher sensitivity. Overall, post-processing by UV post-
exposure and pre-extraction in ethanol (labeled ‘+UV +EtOH’) yielded the highest cell
viabilities across all conditions tested (Figure 3.10). For Freeprint Mould, for example, cell
viabilities were 1.3 and 2.0-fold the viability of the control at 24 h for the thick and thin
specimen, respectively (Figure 3.10A). Viabilities for GR-10 at the same time point and in the
same sample groups were 1.5 and 1.8 (Figure 3.10C), respectively, and not significantly
different (Table A.1). The higher viability in the treatment groups compared to the control
suggests a higher proliferative or metabolical activity of the respective cells. One possible
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Figure 3.10 Biocompatibility of printing resins after long-term extraction for 5 days. (A,B) Viability of
human iPSCs when in contact with Freeprint Mould eluates for 24 h (A) and 48 h (B) compared to the untreated
control at the same respective timepoints. The black line indicates the lower limit of viability for a material to be
considered non-cytotoxic. Displayed are the mean £ SD. N =1 experiment with three technical replicates.
(C,D) Viability of human iPSCs when in contact with GR-10 eluates for 24 h (C) and 48 h (D) compared to the
untreated control at the same respective timepoints. The black line indicates the lower limit of viability for a
material to be considered non-cytotoxic. Displayed are the mean + SD. N =1 experiment with three technical
replicates.

explanation for this is the presence of some kind of cell growth or metabolism-promoting
agents in the material eluate. In comparison, only UV post-exposure without ethanol extraction
(labeled ‘+UV”) yielded significantly (p < 0.05) lower cell viabilities both for Freeprint Mould
and GR-10, but were still considered non-cytotoxic except for the thin Freeprint Mould
specimen, whose viability was only 0.6 (Figure 3.10A). While no post-processing of 3D-
printed specimens (labeled ‘none’) led to viabilities approximately the same as the control for
Freeprint Mould, cells incubated with eluates of non-treated GR-10 specimens showed a 0.6-
fold decreased viability than the control (Figure 3.10C) suggesting the necessity for post-
processing of GR-10 for cell studies. Interestingly, thin samples of the Freeprint Mould resin,
which have only been treated with UV, showed lower viability than the thick sample, which
was generally the other way round for the other conditions. A possible explanation for this is
the presence of residual ethanol in the samples due to insufficient drying and extraction with
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water, which was released into the eluate.** Data obtained at 48 h, showed cytotoxic effects
(viability < 0.7) of all material eluates except for the thin samples which have been post-treated
by UV and ethanol (labeled ‘+UV +EtOH’) both for Freeprint Mould (Figure 3.10B) and
GR-10 (Figure 3.10D) further underlining the need of post-processing workflows. For this
condition, cell viabilities were 0.73- and 0.82-fold the viability of the control, respectively.
Incubation periods longer than 48 h have not been tested because the growth medium is
typically refreshed every 24-48 h in routine cell culture to maintain cellular self-renewal and
pluripotency.

Overall, these results highlight the necessity of post-processing 3D-printed specimens to
render them biocompatible. UV post-exposure as well as ethanol pre-extraction both caused
significant (p < 0.05) differences among sample groups (Table A.1), which is comparable to
outcomes of other studies.?%®2% Further, minor differences between different volumes (thick
or thin) of the 3D-printed specimen could be observed, which were, however, not significant
(p > 0.05). These differences are likely attributable to penetration depth limits of the UV light
during post-exposure, which might not be able to penetrate the whole volume of larger samples
with the settings used here. To mitigate this effect in the future, for example when culturing
cells in 3D-printed microfluidic devices, extended durations of UV post-exposure of the 3D-
printed device or adjustments of the design to minimize bulk volume should be considered.
Compared to Freeprint Mould and PlasGRAY, cells in contact with GR-10 reliably showed
more similar behavior (cell growth and viability) to the control for both short-term and long-
term extraction.

3.2.4 Direct biocompatibility evaluation using monolithic microwell inserts

Despite employing 3D printing technology for the fabrication of PDMS replica molds36:197:253,
direct printing®#323 of organ-on-a-chip devices constitutes a potential field of application for
3D printing for microfluidics. As highlighted in chapter 3.2.1, 3D printing still faces some
constraints in terms of resolution, limiting the adoption of the technique for 2D cell culture-
based microfluidic devices. For 3D cell cultures, however, lateral printing resolutions in the
100 pm range are applicable due to their larger dimensions. However, the suitability of 3D-
printed monolithic devices in general for the direct culture of human stem cells is still a matter
of debate in the literature and has therefore been investigated in this work.

For this, an insert that fits into the well of a 48-well plate and contains more than 100
microwells for the formation and culture of iPSC aggregates was designed (Figure 3.11).
Microwells are a commonly used technique for the formation and culture of cellular aggregates.
They have been applied by various groups, e.g. for 3D human stem cell cultures, and can be
generated for example by PDMS soft lithography or hydrogel stamping.'>142%* A design that
has recently been shown by Brandenberg et al.!* facilitated the automated and high-throughput
analysis of thousands of individual gastrointestinal organoids. Instead of stamping the
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Bottom

Figure 3.11 3D-printed microwell inserts for 48-well plate in GR-10 resin. The insert contains 121 straight
microwells with a diameter of 300 um and a recess on the side for exchange of cell growth medium. Scale bar:
2 mm.

microwell array into a hydrogel as has been done in their study, the approach presented here
exploited 3D printing for the fabrication of such a monolithic microwell array. For this, the
orientation of the inserts on the building platform and support structure configuration have first
been optimized to successfully print inserts in GR-10. GR-10 was chosen as a printing resin
due to its transparency, good biocompatibility, and lower fabrication time compared to
Freeprint Mould, where the same design takes about 40% longer. Since the surface roughness
of 3D-printed parts does not allow for high-quality imaging of the aggregates from below, e.g.
when using an inverted microscope, microwells were designed as through-holes. To seal the
microwells, the inserts were bonded either to the well plate bottom, which is made of
polystyrene, or a cover glass using the double-adhesive tape ARcare 90445Q. To enhance the
seal, the area surrounding the microwell array was designed with an offset compared to the
microwell bottom. This offset matched exactly the thickness of the tape and yielded a tight seal
in between individual microwells and the substrate. Additionally, some inserts have been
directly sealed using the same tape or the single-sided tape 9795R. In this case, there was no
offset between the surrounding area and the microwell array bottom. To investigate the
suitability of the 3D-printed microwell insert for the formation, long-term culture, and analysis
of human iPSCs, different post-processing conditions (Table 3.2) have also been tested.

Before seeding cells, the inserts were coated overnight with 10% Pluronic F-127 to
minimize attachment of the cells to the substrate and enhance self-aggregation (Figure 3.12).
The next day, cells were seeded as a single cell suspension at a concentration of
500 cells/microwell in a total volume of 40 pL. After allowing the cells to settle down for
10 min, another 100 pL of fresh culture medium was added to the recess of the insert to
minimize cellular disturbance.
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Figure 3.12 Workflow for the formation of 3D cell cultures in microwell inserts. Before seeding, microwell
inserts are coated with Pluronic F-127 overnight to minimize cell attachment. Seeding of the single cell suspension
directly above the microwells enhances gravity-assisted trapping of the cells. After 10 min of settling time,
additional growth medium is added to the recess of the insert to minimize disturbance of the cells. Within 24 h of
incubation cells self-aggregate to form 3D cell cultures.

After incubation for 24 h, the formation of 3D cell cultures was confirmed for all conditions
except for the glass substrate due to leakage between the microwell array bottom and the glass.
While sometimes more than one aggregate had formed in the straight microwells, the conic
microwells contained only single aggregates (Figure 3.13). This is due to better focusing of
the cells within a narrow spot after seeding and has been observed by other groups as well.?>®
Accordingly, inserts with conic microwells were preferred for all following experiments. The
mean diameters of iPSC aggregates formed in the microwell inserts were on average
80 pm = 11 pm (Figure 3.14A) and did not vary significantly (p > 0.05) between different
post-curing protocols (2x4000 flashes or 2x2000 flashes). The kind of substrate used for
sealing the microwell inserts also yielded no significant (p > 0.05) differences in the
aggregates’ diameter except for glass, where no spheroids had formed due to leakage. Plasma
activation of the inserts before sealing drastically enhanced wettability due to increased
hydrophilicity. Aggregates formed in plasma-activated microwells were on average 7 = 11 um
smaller than control aggregates (Figure 3.14B). This might be because a larger proportion of
cells are attached to the substrate and surrounding microwell walls, as it has recently been
demonstrated that hASCs cultured on an oxygen plasma activated poly(l-lactide) acid (PLLA)
polymer film maintained their fibroblast-like morphology and did not form spheroids.?*
Interestingly, in the same study human MSCs did acquire spheroid conformation independent
of the surface plasma treatment highlighting cell type-specific differences.

Next, differences in the aggregate size depending on the presence and duration of an ethanol
pre-extraction were measured. Similar to the results observed in the indirect biocompatibility
testing (see Figure 3.10), ethanol pre-extraction of the 3D-printed parts was crucial for the
formation of 3D cell cultures (Figure 3.14C). Pre-extraction of microwell inserts in ethanol
for 2h and 24 h yielded aggregate diameters of 72 um £ 16 um and 83 pum £ 13 um,
respectively. During the culture of the aggregates for up to three days, changes in their size
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ARcare 90445Q

Figure 3.13 3D cell cultures of human iPSCs formed in microwell inserts 24 h after seeding. Both straight
(top) and conic (bottom) microwells were suitable for the formation of cellular aggregates. While sometimes more
than one aggregate would form in straight microwells (indicated by white arrows), conic microwells only
contained single aggregates. Both microwell inserts were sealed with the double-side adhesive tape ARcare
90445Q. Left: brightfield image of the whole insert; right: close-up of one insert. Scale bars: 500 um (left side),
100 pm (right side).

were used as an indicator for cellular viability (Figure 3.14D). The iPSC aggregates’ size
increased from 24 h to 48 h by 13% and 14% for the 2 h and 24 h pre-extraction conditions,
respectively, indicating cell proliferation and viability. After 72 h, however, aggregates
cultured in the inserts pre-extracted for 2 h in ethanol had reduced in size by 12% compared to
day 2, while the diameter of aggregates of the 24 h pre-extraction condition increased by 2%.
These results suggest that a pre-extraction of the 3D-printed microwell inserts for 24 h provided
suitable conditions for 3D human stem cell cultures for a minimum of three days while cultures
in 2 h pre-extracted microwell inserts showed compromised viability on the third day.

After having confirmed the suitability of 3D-printed microwell inserts for the formation and
culture of human iPSC aggregates for up to three days, another experiment culturing the cells
for up to seven days was conducted. To confirm their viability throughout the experiment,
aggregate size was tracked by brightfield imaging. Additionally, live/dead stainings of the iPSC
aggregates and viability assays based on the WST-8 assay were performed on days 1, 3, and 7
after seeding to evaluate whether 3D-printed microwell inserts allowed for these kinds of
analyses. For this, inserts were pre-extracted for 24 h with ethanol and sealed with either PS
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Figure 3.14 Mean diameters of human iPSC aggregates formed in 3D-printed microwell inserts.
(A) Comparison of different substrates for sealing the microwell insert. Inserts had undergone UV post-exposure
either with 2x2000 or 2x4000 flashes. PS - polystyrene. Shown are mean £ SD. N = 3 independently conducted
experiments with three technical replicates. (B) Influence of plasma activation of the microwell insert’s surface
using air plasma (after UV exposure with 2x4000 flashes). Inserts were bonded to polystyrene. Shown are mean
+ SD. N = 1 with three technical replicates. (C) Comparison between no, a 2 hour, and a 24 hour pre-extraction
of microwell inserts in ethanol (after UV exposure with 2x2000 flashes) with a polystyrene (PS) substrate. Shown
are mean + SD. N = 2 for 2 h and 24 h, N = 1 for none, each with three technical replicates. (D) Evolution of the
aggregate diameter over time for different pre-extraction periods in ethanol (after UV exposure with 2x2000
flashes). Inserts have been sealed with the ARcare adhesive foil. Shown are mean + SD. N = 1 with three technical
replicates.

(48-well plate) or the double-sided adhesive foil ARcare 90445Q. Human iPSCs were seeded
as described above. Initial spheroid diameters were 80 um £ 13 ym and 73 pm + 12 um for PS
and ARcare sealed microwell inserts, respectively. Three days after seeding, cells had already
grown larger than the opening of the microwells at the bottom such that measuring their
diameter was not possible and thus omitted in the analysis. Live/dead staining of aggregates
inside microwell inserts at the same time point revealed high autofluorescence of the 3D-
printing material in the DAPI channel (405 nm), interfering with the live-cell signal in the same
channel (Figure 3.15A). To circumvent this effect in the next analysis on day 7, as many
aggregates as possible have been retrieved after staining and imaged inside a normal tissue
culture plate. Likely due to the adhesive on the ARcare substrate, significantly fewer aggregates
could be retrieved than from the inserts sealed with PS. Aggregates that have been retrieved
showed good viability with few dead cells surrounding the aggregates (Figure 3.15B). These
results were also confirmed by the WST-8 assay (Figure 3.15C). Compared to day 1,
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absorbance on day 7 was significantly (p < 0.05) increased. Absorbances were 8- and 10-fold
the absorbance of day 1 for PS and ARcare substrates, respectively.

Overall, these results highlight the feasibility of the 3D-printed microwell insert for the
formation and culture of human iPSC aggregates for up to seven days. The insert facilitated
homogeneous aggregate sizes and ease of use. Analysis of aggregates inside the microwell
insert for example by live/dead staining was difficult due to the high autofluorescence of the
GR-10 printing resin. This needs to be optimized in the future for example by the use of custom-
made resins or retrieval of aggregates for further downstream analyses. While the results shown
here served as a proof-of-principle for monolithic microfluidic devices and application of these
for 3D human stem cell cultures, further characterization of the 3D-printing material, as well
as the cellular aggregates on a molecular and genotypic level, are required to ensure that there
is no detrimental interference between both components.
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Figure 3.15 Viability of human iPSC 3D cell cultures in 3D-printed microwell inserts. (A) Live/dead staining
of the aggregates on day 3 inside the insert sealed with ARcare 90445Q. High autofluorescence of the 3D-printed
insert interferes with live cell signal (blue color). Scale bar: 200 um. (B) Retrieved aggregates on day 7 after
live/dead staining inside the 3D-printed inserts. iPSC aggregates showed good viability. Scale bars: 200 pum.
(C) Mean absorbance measured by WST-8 assay relative to day 1 for polystyrene and ARcare substrates. N =1
experiment with three technical replicates. *p < 0.05 using n-way anova.
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4. Upscaling of pneumatic membrane valves for the integration of
3D cell cultures on-chip?

Microfluidic large-scale integration (mLSI) enables the automation of cell culture processes in
a highly parallel manner, with precise spatiotemporal control of the cellular
microenvironment.?162178 m|_S| platforms have been utilized for various cell culture processes,
including high-throughput single-cell analysis??, standardized stem cell differentiation®’,
protein signaling analysis'’’, conditional transcriptomics!®, and cell-to-cell interaction
analysis?®. To date, the majority of mLSI applications utilize traditional two-dimensional (2D)
monolayer cell cultures, which provide robust, cost-effective, and repeatable access to cell
screening assays. The channel design elements and corresponding chip production technology
for the integration of 2D cell cultures rapidly evolved because the working dimensions of
microfluidics (tens of microns) matched the needs of the 2D cell culture. With the increasing
progression of cell culture technology, three-dimensional (3D) cell cultures have gained more
attention because of their close similarity to in vivo tissue microenvironments,!142%8.259
Although mLSI chip platforms have recently been used for the analysis of 3D cell cultures on-
chip??, the technology is hampered because of a lack of production methods for scaling up flow
channel heights above 100 pum and, thus, to sizes required for processing 3D cell cultures.
Multi-layer soft lithography®® with polydimethylsiloxane (PDMS) has evolved as the
preferred fabrication strategy for mLSI chips. It comprises photolithography processes for the
fabrication of replica molds, which are subsequently used for casting separate chip layers with
PDMS. However, photolithographic techniques only enable the production of rectangular
channel profiles. To yield half-rounded cross-sectional shapes, photoresists were reflowed at
increased temperatures in the post-processing step. Only positive photoresists can be subjected
to a reflow process.*®! However, this material property is accompanied by several limitations
regarding the chemical and thermal stabilities restricting achievable channel heights to a
maximum of a few tens of micrometers in traditional processes.?*'%21% Therefore, the
fabrication of replication molds for complex mLSI chip platforms that incorporate various
channel heights and cross-sectional geometries is limited by the inherent material properties of
available photoresists.®* The channel height limitation of the photolithography production
method for mLSI chips has been addressed by manufacturing PDMS casting molds using e.g.
backside photolithography®!, deflection of flexible membranes'®?, or micro-milling2.
However, design alterations, prolonged production times, and the availability of high-precision
mills restrict these approaches. Thus, new production methods are required to enable the
accessibility of mLSI technology for 3D cell culture, including organoids and whole tissue

2 This chapter is based on the publication: “Compera, N., Atwell, S., Wirth, J., Wolfrum, B. & Meier, M. Upscaling
of pneumatic membrane valves for the integration of 3D cell cultures on-chip. Lab Chip, 21(15), 2986-2996
(2021)%7
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structures with sizes higher than 50 pm,34191192

Additive production technology is an attractive alternative fabrication method for soft
lithography replica molds*#3195222 hecause of its high design flexibility, rapid prototyping, and
achievable aspect ratios of up to 37:1%. Standard commercial 3D printers in the digital light
processing (DLP) mode achieve X/Y pixel resolutions of 2540 pum, which makes them
applicable for microfluidic mold fabrication!®19720 and direct printing of functional
components, such as PMVs8319:210 | contrast to the direct printing approach, 3D printing of
molds provides numerous advantages of 3D printing technology while maintaining the
desirable material properties of PDMS, such as biocompatibility and oxygen permeability.
Early development has focused on the implementation of single-layered PDMS-based
microfluidic devices with 3D-printed molds.1®1%7 Despite all the technological advances
achieved by DLP 3D printers, the mutual dependence on the building size and pixel resolution
remains. While 3D printers, based on two-photon polymerization, exhibit sub-micrometer pixel
resolution, their building sizes are low. In summary, for intermediate resolutions attributed to
microfluidic chip technologies for 3D cell culture studies, optimization of 3D printing
processes is required.

In this study, we developed an additive production process for fabricating mLSI casting
molds. This process enables the upscaling of PMVs for channels with heights higher than
50 um. To do this, we first established robust soft-lithography workflows to produce multi-
layer mLSI chips using 3D-printed molds, including surface coatings. Surface staircase effects
due to the inherent layer-printing processes with limited Z resolutions of DLP printers
diminished the operating range of the PMVs. By systematically investigating grayscale light
exposure for acrylate-based printing resins and a reflow process for wax-based molds, the
staircase effect was reduced. The closing pressure and leakage rates of the PMVs fabricated
from acrylate and wax molds were systematically characterized. In the following, the upscaled
PMVs are exploited to design mLSI unit operations for the formation, trapping, retrieving, and
fusing of 3D cell cultures.

4.1 Materials and methods

4.1.1 Master mold fabrication

Flow master molds were 3D-printed using a DLP stereolithography printer (Pico2HD, Asiga,
Australia). Molds were printed with the commercially available resins PlasGRAY or
SuperWAX (Asiga, Australia), with printing parameters (e.g. light intensity, exposure time)
according to the manufacturer’s material file. The printing layer thickness and post-processing
protocols were adjusted to achieve optimal PDMS molding results with each of the two resins.
PlasGRAY molds were printed as negative molds (extruding channels) with a layer thickness
of 10 um. For post-processing, the PlasGRAY parts were cleaned with isopropyl alcohol and
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cured in a flash-curing device (Otoflash G171, NK-Optik, Germany), according to the
manufacturer’s recommendations.

SuperWAX molds were printed as positive molds (intruding channels) with a layer thickness
of 25 pm, which was the minimal possible layer thickness for the resin. The SuperWWAX molds
were cleaned to remove the residual uncured resin by sonication in prewarmed isopropyl
alcohol (30-35 °C) for 20 s, followed by rinsing with distilled water. Once dried, the molds
were placed on a hotplate set to 50 °C for 3 min to reflow the channels. Subsequently, a
negative mold was manufactured by casting Durosil® (Detax GmbH & Co. KG, Germany)
using a SuperWAX mold. Durosil silicone was cured for 24 h at room temperature before being
released from the SuperWAX mold.

Master molds for the control layer of the mLSI chips were fabricated according to the
standard SU-8 (SU—-8 3050; Microresist Technology, Germany) photolithography protocols.®
To prevent PDMS adhesion onto PlasGRAY, Durosil®, or SU-8 molds, their surfaces were
permanently coated with CYTOP™ (AGC Chemicals, Japan), which is an amorphous inert
fluoropolymer. Molds were either spin-coated (SU-8 molds) or dip-coated (Durosil® and
PlasGRAY molds) on the surface with a thin film of Cytop (<1 um). The Cytop-coated SU-8
mold was heated to 160 °C for 1 h, while the Cytop-coated PlasGRAY and Durosil® molds
were incubated on a hotplate for 8 h at 80 °C to evaporate the Cytop solvent.

4.1.2 Chip fabrication

All mLSI platforms were fabricated using multilayer soft lithography*® using 3D-printed flow
and SU-8 silicon control molds. The upper flow layer was manufactured by casting a thick
PDMS (Sylgard® 184, Dow Corning, MI, USA) layer (ratio 5:1 of base material to curing
agent) onto the 3D-printed mold, while the lower control layer was fabricated by spin-coating
a thin PDMS layer (20:1 ratio) onto the SU-8 mold. Both layers were partially cured for 20 min
at 80 °C. The flow layer was released from the mold and aligned with the control layer. The
assembled mLSI device was post-baked for 45 min at 80 °C to enable off-ratio PDMS bonding.
Finally, the mLSI device was sealed with a cover glass after oxygen plasma activation and
baked for another 60 min at 80 °C.

4.1.3 Surface measurements

Surface measurements on 3D-printed flow master molds were performed using a confocal laser
scanning microscope (VK-X250; Keyence, Japan). Confocal images were then analyzed using
MATLAB (R2019a; MathWorks, MA, USA) to obtain the flow channel profiles.

4.1.4 PMV design and characterization

The PMVs consisted of two orthogonally intersecting channels separated by a thin PDMS
membrane. For this purpose, the PMVs were designed in the push-up configuration. While
channels on the upper flow layer had widths and heights of 400 and 200 pum (aspect ratio height
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to width of 1:2), the channels on the lower control layer had widths and heights of 600 and
100 pum, respectively. The PMV closing pressures decrease with increasing channel cross-
section.!’® Therefore, the control channels are scaled by a factor of 1.5 compared to the flow
channels. The closing pressures of the PMVs were determined by measuring the fluid flow
rates under the defined driving pressures. The control channel lines were filled with water and
connected through tubing to individual solenoid valves. The solenoid valves were pressurized
with defined air pressures (pctn) between 0 and 200 kPa. The flow inlet ports were connected
through Tygon tubing (ND 100-80; Proliquid, Germany) to gas-tight bottles filled with
deionized water. Each water bottle was pressurized with air (pfuia) using a flow control unit
(Flow EZ™: Fluigent, France). The outlet port was connected to an 80-cm-long tubing (inner
diameter: 0.508 mm), which was maintained at atmospheric pressure. The PMV closing
pressure was determined by incrementally increasing petr, typically by 50 kPa. Concomitantly,
the flow rate in the fluid channel was measured using two different methods to screen a large
range of flow rates. Flow rates > 20 pL/min were measured using a flow sensor (Flow Unit L,
Fluigent). Flow rates < 20 pL/min were determined by measuring the distance traveled by the

meniscus of the liquid in the connected tubing for a specific period. The corresponding

volumetric flow rate was then calculated using Q = ‘M%. Here, Q denotes the flow rate

(UL/min), d is the distance traveled by the liquid [mm], Atube is the cross-section of the tubing
(0.20268 mm?), and t is the time (typically 30 min) between the start and end of the
measurement. The readout accuracy of the flow sensor was +1.5 pL/min, while the readout
error of the distance measurement was calculated relative to the flow rate
(A ©=0.04*Q+0.002 pL/min), ranging from 0.002 pL/min to 0.8 puL/min for flow rates from
0 uL/min to 20 pL/min. The measurements of each valve were performed independently, at
least in triplicate (N = 3). Before the start of each measurement, the PMVs were opened and
closed at least once to avoid bias due to the remaining pressure in the device.

4.1.5 Flow analysis of the mLSI cell trapping unit

Flow characterization of the cell trapping unit was performed with the help of a particle
tracking experiment. Therefore, 2.55 um polystyrene beads (PS-F-B237-1; microParticles
GmbH, Germany) were flushed through the unit chamber of the mLSI chip. The trapping valve
pressure was increased incrementally, typically in steps of 6.9 kPa, and the particle flow was
recorded on an AxioObserver, with a frame rate of 728 fps. Prior to each measurement, the
PMVs were opened and closed at least once to avoid bias due to the remaining pressure in the
device. A constant fluid forward pressure of 25, 35, or 45 mbar was applied during the
measurements. Recorded data were subsequently analyzed in ImageJ (v1.52p), using the
TrackMate?®! plugin and exported to MATLAB (R2019a; MathWorks, MA, USA) for
visualization and flow rate calculations.

61



4.1 Materials and methods

4.1.6 3D cell culture on-chip

Prior to use in cell experiments, the chip was coated with 10% Pluronic F127 (Sigma Aldrich,
MO, USA) for at least 24 h to minimize cell attachment to the PDMS. The cell culture medium
was introduced 30 min before seeding to allow for equilibration. To seed cells, 3-5 x 10° cells
in approximately 50 pL of the respective culture medium were transferred as a single-cell
suspension on-chip. For the fibroblasts, we first seeded mCherry-labeled NIH3T3s in
formation chamber row 1, followed by actuation of the trapping valves in row 1 and a medium
rinse of all fluidic channels containing the cell material. We then seeded the Venus-labeled
NIH3T3s in row 2, actuated these trapping valves, and cleaned all channels of the remaining,
non-trapped cells. When hiPSCs or hASCs were used, we seeded them successively in
formation chamber rows 1 and 2, before actuating the trapping valves and rinsing all channels
with medium. The control pressure for the trapping valves was set to 207 kPa to minimize cell
loss during rinsing. Trapped cells were allowed to rest and aggregate for 4 h before the first
feeding cycle. During the first feeding, the trapping valve (140-170 kPa) and fluid forward
pressure (ranging from 25 to 45 mbar) were adjusted manually based on visual inspection of
the cell-trapping site to ensure fluid passage while keeping the spheroid trapped. Thereafter,
these parameters were kept constant, and cells were automatically fed every 2-4 h for 10 s,
depending on the cell type, using a custom-written MATLAB script. Media bottles were
replenished every 24 h. Fluorescently labeled 3T3s were cultivated in DMEM + 10% fetal
bovine serum (Corning, NY, USA). Human iPSC culture media (mTeSR™ Plus (StemCell
Technologies, Canada) and 1% penicillin-streptomycin) was supplemented with ROCK
inhibitor (Y-27632; Apexbio Technology, TX, USA) for the first 24 h, but removed for
subsequent maintenance. Human adipose-derived adult stem cells (hASCs) were seeded and
maintained in a subcutaneous preadipocyte growth medium (PM-1; ZenBio, NC, USA).

4.1.7 Microscopy and image analysis

Bright-field images were acquired with 2.5x and 10x (Plan-Apochromat) objectives on a Zeiss
AxioVert. An epifluorescent microscope (AxioObserver, Zeiss) was used to record the
fluorescent images. Image analysis and statistical evaluation were performed using ImageJ and
MATLAB. Values are represented as mean + SD for three independent experiments (N = 3)
unless stated otherwise.
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4.2 Results and discussion

4.2.1 Upscaling PMVs by soft lithography using 3D-printed master molds

A central requirement for soft lithography using 3D-printed molds is to enable the curing and
release of PDMS from mold surfaces. During the direct soft-lithography prototyping of PDMS,
using 3D-printed molds, contact inhibition of PDMS curing was observed in this study and
previous studies.®®1%721° This problem originates from the non-crosslinked monomers on the
surface and in the bulk of the mold.*®72% Postprocessing steps, including bulk material heating
and temporary surface coating with anti-adhesive agents, improved the soft lithography of
PDMS using the 3D-printed molds. The anti-adhesive coating did not fully overcome the
PDMS release problem because molds require frequent re-coating.'%21%22° Thys, we evaluated
a simple fluoropolymer surface coating to overcome the contact inhibition of PDMS curing on
3D-printed parts. CYTOP™, an epoxy-based amorphous fluoropolymer, has been developed
for coating silicon wafers to enable long-term usage 2%2 and has been successfully applied as a
releasing agent for PDMS.23264 plasma activation and subsequent dip-coating of the 3D-
printed molds in a 2% solution of CYTOP™ (CTL-809M diluted in CT-SOLV180) increased
the water contact angle, compared to the non-coated surface from 76° to 88° (Figure A.2). The
increased surface hydrophobicity of the CYTOP-coated 3D-printed molds enabled complete
polymerization and easy removal of the PDMS casts. Notably, the first PDMS cast from the
CYTOP-coated mold could not be plasma-bonded. Repetitive usage of the same mold for
PDMS casting and demolding up to 30 times led to no noticeable wear-off of the surface
coating.

The second challenge in manufacturing mLSI chips using 3D-printed molds is the inherent
layering nature of DLP printers. The flow channels on mLSI chips require a half-rounded
channel profile to be closed by PMVs. DLP printers applicable to microfluidics exhibit Z
resolutions of approximately 5-50 pm.*%® At these Z-printing resolutions, the channels on the
molds exhibit a step-like rather than a perfectly half-rounded profile (Figure 4.1A). Printed
features are discretized in slices with defined thicknesses, resulting in the staircase effect on
the printed feature surface.30203220262 T investigate whether the staircase effect impaired the
PMV function (Figure 4.1B), we produced a two-layered microfluidic chip with one straight
flow channel and three consecutive PMVs (width: 400 um, length: 600 um) in the push-up
configuration. Bright-field images of the valve compression area at control pressures of 50,
100, and 200 kPa are shown in Figure 4.1C. At 50 kPa, the valve membrane closed the flow
channel only at the center of the compression area (Figure 4.1C, indicated by the red arrow).
Meanwhile, at 200 kPa, only thin lines at the sidewalls (Figure 4.1C, indicated by white bars)
of the channel remained. These lines indicate openings induced by the staircases on the channel
surface. A similar observation during the production of sieve valves has been reported, which
are PMVs incompletely closing flow channels with a squared channel profile.?*
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Figure 4.1 Optimization of 3D printing workflows for the upscaling of PMVs, using an acrylate-based
printing resin. (A) PMV fabrication process using a 3D-printed negative mold for soft lithography. The inherent
layering of the 3D printing process causes an approximation of rounded features on the flow mold, leading to a
staircase effect on the flow channel’s surface. Scale bars: 5 mm. (B) Open (top) and closed (bottom) states of a
push-up valve for the staircase flow channel profile. (C) Valve closure on a staircase flow channel for increasing
control pressures. The red arrow and white bars indicate sufficient and insufficient membrane sealings,
respectively. Scale bars: 100 um. (D) Slicing images of an extruding half-rounded flow channel (i) without and
(ii) with grayscale light exposure (anti-aliasing). (E) Surface profile of the flow channel on a mold printed (i)
without or (ii) with anti-aliasing. Scale bars: 100 um. (F) PDMS channel cross sections casted from molds that
were printed (i) without and (ii) with anti-aliasing. The staircase effect is significantly decreased on molds printed
with grayscale light exposure. Scale bars: 100 pm.

(ing

To investigate and mitigate the staircase effect on PMV closure, we used two strategies: (1)
reducing the staircase edges by grayscale light exposure (anti-aliasing) during the 3D printing
process??82%° and (2) an alternative wax-based printing resin, which can be reflowed in a
postprocessing step analogous to positive photoresists in traditional photolithography’8, to
obtain perfectly rounded flow channels. Anti-aliasing is a method of encoding individual pixels
of a DLP printing slice in grayscale values (Figure 4.1D (ii)) instead of the black and white
pixels (Figure 4.1D (i)). This method leads to a rounding effect on the features during printing.
Using anti-aliasing, the flow channel surface was significantly smoothed on the 3D-printed
molds (Figure 4.1E). Consequently, the staircase effect was minimized (Figure 4.1F).

An alternative manufacturing process for upscaled PMVs and removal of the staircase effect
is to implement a reflow process analogous to the post-processing of positive photoresists. The
acrylate-based printing resin exhibits a glass transition temperature of 84 °C. However, post-
backing acrylate 3D-printed parts above their glass transition temperature led only to warpage
and deformation of the parts without the reflow of staircases. Therefore, we evaluated the
performance of the wax-based printing resin for the fabrication of PDMS replica molds. Wax
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resins have melting temperatures between 40 and 60 °C (SuperWAX, tmeit = 50 °C) and are,
thus, applicable for a reflow process.

To test this approach, we printed a negative mold with a wax resin (SuperWAX, Asiga) and
then placed the wax molds (total thickness: 3 mm) for 3 min at 50 °C onto a glass slide to
reflow the channels (Figure 4.2A (i)—(ii)). Therefore, the printed features faced upward.
Indeed, the reflow process resulted in half-rounded channel geometries without an apparent
staircase effect (Figure 4.2B). However, casting of PDMS using the 3D-printed wax molds
was not possible because of the contact curing inhibition reaction between the wax and PDMS.
The CYTOP coating of the wax mold did not overcome this problem, presumably owing to the
rapid exchange of wax molecules between the bulk and surface areas. Therefore, a double-
casting process was introduced (Figure 4.2A). First, a positive mold was printed using
SuperWAX. The mold was thermally reflowed to remove the staircase effect (Figure 4.2C)
and then replicated with silicone (Durosil®), which was cured on the wax mold at room
temperature for 24 h. The negative silicone mold was then coated with CYTOP and
subsequently used to cast the PDMS.

Next, we characterized and compared the closing behavior of upscaled PMVs fabricated
using either the anti-aliased acrylate-based or reflowed wax-based molds. Bright-field images
of the valve compression area acquired with an increase in the actuation pressure are shown in
Figure 4.3A. While the PMVs fabricated from the reflowed wax mold visibly closed the flow
channel at 50 kPa, the PMVs fabricated from the anti-aliased acrylate mold closed the flow
channel at a pressure of 200 kPa. The pressure dependence of the PMV closing state was
determined using flow rate measurements (Figure 4.3B). The mean flow rates within an
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Figure 4.2 Generation of flow channels without staircase effect using 3D-printed wax molds. (A) Double
casting workflow to obtain PDMS replicate from 3D-printed wax molds: (i) 3D-printed SuperWAX mold with
intruding flow channels. (ii) Reflow of the mold at 50 °C to remove the staircase effect. (iii) Durosil® negative of
the reflowed wax mold. (iv) Cross-section of the PDMS layer cast using the Durosil® mold. Scale bars: 5 mm (i,
ii), 100 pum (iv). (B) Extruding flow channel on a 3D-printed wax mold (i) before and (ii) after the reflow. Scale
bars: 100 um (C) Profile of an intruding flow channel (i) before and (ii) after the reflow of the SuperWAX mold.
The thermal reflow step removed the staircase effect on the casting mold.
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Figure 4.3 PMV closing pressure characterization. A fluid forward pressure of 14 kPa was applied to
characterize the rates of flow through PMVs, which were either fabricated by a 3D-printed anti-aliased flow mold
or a reflowed wax mold. (A) Bright-field images of the closure of both valves for applied control pressures of 0,
50, 100, and 200 kPa. Scale bars: 100 um. (B) Flow rates through PMVs for increasing control pressures.

unrestricted channel cast from an anti-aliased and reflowed wax mold at a driving pressure of
14 kPa were 982 and 949 uL/min, respectively. These flow rates evoke flow velocities of about
250 mm/s in the fluidic channel, which are at least one order of magnitude higher than those
generally required for mLSI cell culture devices.01:266.267

The closing pressure of the PMVs for a flow channel with a semi-half-round profile, cast
from the reflowed wax mold, was 30 kPa at a counteracting flow pressure of 14 kPa. This
measured value is slightly higher than the theoretical closing pressure, which can be
approximated using a thick spring model.}’® Assuming a Young’s modulus of 750 kPa?® for
the PDMS membrane (10:1 ratio), the thick spring model predicts a closing pressure of
20.5 kPa. The slight offset can be explained by the boundary conditions of the model, which
was developed using the data of mLSI chips with smaller channel dimensions.'’® In
comparison, the PMVs actuated with a control pressure of 30 kPa on channels with a
minimized staircase profile only decreased the flow rate by a factor of 2 (458 uL/min; Figure
4.3B) but did not reach a closed state. Only upon increasing the control pressure to 200 kPa, a
closing state with a reduction in the flow rate by a magnitude of 10° compared to the open state
was achieved. Thus, at actuation pressures of 200 kPa or higher, the leakage of the PMV
fabricated from an anti-aliased mold is negligible, and the valve can be considered fully closed.

4.2.2 PMV-assisted formation of 3D cell cultures on mLSI chip platforms

To demonstrate the integration of the upscaled PMVs for 3D cell culturing on mLSI platforms,
we first designed and characterized a functional unit cell for the formation, culturing, and
trapping of 3D cell cultures. Unit cells can be arrayed for parallel processing on mLSI chips,
with standard multiplexing design elements. Pneumatic structures have been exploited for the
formation, culturing, and trapping of 3D cell cultures before. The prominent examples for this
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purpose are U-shaped PMVs82%° microwells?”, or bar-shaped gate structures®®. Common in

all designs is that they either show a complex operational process or have low application
flexibility upon integration into multilayered PDMS platforms. To offer an alternative
workflow for handling 3D cell cultures on mLSlI, the sieve-like closing behavior of PMVs on
channel profiles, with residual staircase profiles, when actuated with pressures below the
closing state has been exploited. Figure 4.4A shows the working principle of the unit cell
design. The unit cell comprises three bifurcating flow channels and two upscaled PMVs for
separating a cell culture volume of 0.1 pL. While the two side channels had widths and heights
of 100 um and 50 um, respectively, the center channel had a width and height of 300 pum and
200 um. The cell culture volume of the unit cell and the cell density of the seeding solution
determine the diameter of the resulting 3D cell culture. Here, to avoid quiescent or necrotic
zones in the center?’1272 the unit cell structure was designed to initiate 3D cell cultures with
diameters below 200 pum. For the 3D cell culture formation step, a high-density single-cell
suspension (6 x 107 cells/mL) is flushed through the unit cell until the center channel is filled.
Subsequently, the trapping PMVs are fully closed, and non-trapped cells in the side channels
are rinsed out. 3D cell cultures are then formed by self-aggregation. For the long-term culturing
process, the control pressure of the PMVs is decreased, and the sieve-like behavior of the
trapping valves enables feeding under low shear stress conditions. The open state of the PMVs
allows for retrieval of the 3D cell culture.

In a first step, the flow velocity profile across the cell-trapping site was measured by particle
tracking to characterize the unit cell design. Figure 4.4B shows the flow profile within the
trapping site at changing actuation pressures of the trapping valves and constant fluid pressure.
In the PMV open state, a fluid forward pressure of 25 mbar or 45 mbar evoked a mean flow
rate at the cell trapping site of 0.6 uL/s or 0.7 uL/s, respectively (Figure 4.4C, (i)). At a control
pressure of 140 kPa, the flow rate was reduced by approximately 40% (Figure 4.4C, (iii)). The
closed state was reached at a closing pressure of above 200 kPa.

Thereafter, the homogeneity and reproducibility of the 3D cell culture formation process in
the unit cell were investigated using three different cell types: NIH3T3 fibroblasts, human
IPSCs, and hASCs. All used cell types showed self-aggregation within the first 2—4 h after
seeding (Figure 4.4D) and formed a compact, spherical morphology with distinct borders
within 24 h. Upon reducing the actuation pressure of the trapping PMV (< 170 kPa), dead cells
were removed, and cell feeding was achieved with the reinstated flow. This process resulted in
few to no residual dead cells inside the trapping region (Figure 4.4D, E).

With the chosen channel dimensions, 3D cell cultures of NIH3T3s cells, hiPSCs, and hASCs
have been produced reliably. A boxplot of all spheroid sizes across several technical and
biological repetitions is presented in Figure 4.4F. The mean diameter of the NIH3T3 spheroids
was 125 + 33 um (mean + standard deviation). In comparison, hiPSC and hASC spheroids
exhibited mean diameters of 136 + 22 pm and 124 + 15 pm, respectively. In addition to the
somewhat larger interquartile range for NIH3T3s, the inter-chip variation of the achieved 3D
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Figure 4.4 PMV-assisted formation of 3D cell cultures on mLSI chip platforms. (A) 3D cell culture formation
principle: Single cells are introduced and trapped upon actuation of the two trapping valves. Rinsing of residual
cells on the sides ensures localized 3D cell culture formation in the trapping region, and then cells start to self-
aggregate. To release the formed aggregate, actuation of the trapping valves is stopped. (B) Flow analysis of the
cell trapping site by particle tracking velocimetry (PTV). Varying the control pressure of the trapping valves
between (i) 0, (ii) 69, and (iii) 138 kPa allows for adjusting the flow velocity profile within the cell trapping site.
Scale bar: 250 um. (C) Flow rate inside the trapping region for increasing control pressures of the trapping valves
and varying fluid forward pressures based on the PTV data. (D) Representative brightfield images of the self-
aggregation of human adipose-derived adult stem cells (hASC) inside the trapping region for different time points
after seeding. Scale bar: 100 um. (E) Brightfield images of 3D cell cultures of NIH3T3s and human-induced
pluripotent stem cell (hiPSC) 24 hours after seeding. Scale bars: 250 pum, 50 um (insets). (F) Diameters of 3D cell
cultures of different cell types formed on-chip 24 and 48 hours after seeding. The middle line in the boxes marks
the median diameter, while the bottom and top edges of the boxes indicate the 25" and 75" percentile values.
Outliers (> 1.5 x interquartile range) are presented as circles.
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cell culture size, 24 h after seeding, was less than 4% and 15 % for the hiPSCs and hASCs,
respectively. Further, extending the culture process for the iPSC led to an increase in the 3D
cell culture by approximately 20% within the next 24 h, demonstrating cell growth and viability
(Figure 4.4F). In summary, we designed a functional unit cell for arraying on an mLSI platform
to form 3D cell cultures reliably with homogeneous sizes.

4.2.3 Fusion of 3D cell cultures on an mLSI chip

Upon successfully characterizing the unit cell operation for 3D cell cultures, we built an mLSI
platform, in which the unit cell was arrayed eight times. The layout of the platform is shown in
Figure 4.5A (left side). The primary function of the chip was to form 3D cell cultures in the
first step and merge two different 3D cell cultures in the second step. For the implementation
of the two operational steps, the unit cell was arrayed in a 3 x 8 (row/column) matrix format.
While unit cells in the first two rows were allocated for the formation and cultivation of
individually addressable 3D cell cultures, unit cells in the third row were allocated for the
fusing operation of 3D cell cultures generated in the upper rows of the same column (Figure
4.5A, right side). A multiplexer structure was used to address single-column elements, and
individual PMVs were used to address the row elements.

To prove the in vitro fusion operation on the chip platform, two fluorescent reporter cell
lines were used: mCherry- (red) and Venus-labeled (green) NIH3T3 cells. For cell seeding and
formation of the 3D cell cultures, the cells were separately introduced into the first and second-
row elements (Figure 4.5B, (i)). Further, 24 hours after seeding, each column was addressed
successively to flush the 3D cell culture sequentially into the unit cell chamber of the third row
(Figure 4.5B, (ii)-(iii)). To trap both 3D cell cultures, the entry-trapping PMV was opened
while maintaining the PMV at the outlet side in a sieve-like valve state (actuation pressure
< 170 kPa). Figure 4.5C highlights the progression of fusion, based on one representative
example. All 3D cell cultures fused within 24 h and exhibited an elongated elliptical
morphology over the time frame of 65 h.

Cell aggregate fusion has been described by the differential adhesion hypothesis wherein
the individual surface tensions of the 3D cell cultures in pairs determine cellular
rearrangement.?’ Based on this, the fusion process has been characterized by an analogy to the
coalescence of highly viscous liquid droplets, where coalescence is driven by surface tension
and resisted by viscosity.?’2722"* The progression of fusion can then be quantified by the
evolution of the interfacial area (z?) between the fusing partners, normalized by the initial
average cross-sectional area of the aggregates (zR?) over time?’*, which is the squared ratio of
the radii (r/R)2. Additionally, morphological changes during fusion have been characterized by
the overall aggregate length.2>27® As the aggregate length decreased, the squared ratio of the
radii increased during the 3D cell culture fusion process (Figure 4.5D). Both parameters con-
verged to their respective minimal/maximal levels after 60 h. This slow rate is in accordance
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Figure 4.5 mLSI chip platform for the fusion of 3D cell cultures. (A) Microfluidic device that can be operated
row-wise for cultivation or column-wise for fusion. The right picture depicts one of eight parallel columns.
(B) Formation and cultivation of two differently fluorescently labeled NIH3T 3s before on-chip fusion. (i) Seeding
of mCherry-labeled (red, 1st row) and Venus-labeled (green, 2nd row) NIH3T3 fibroblasts. (ii) Within 24 hours,
cells self-aggregated. (iii) After both 3D cell cultures were formed, they were flushed into the fusion chamber
(3rd row). Scale bars: 200 um (brightfield images), 100 um (fluorescence images). (C) Progression of the fusion
of fluorescently labeled NIH3T3s. Scale bars: 100 um. (D) Quantification of morphological changes during the
fusion of 3D cell cultures. The overall length of the fused aggregates (blue curve) as well as the squared ratio of
the radii (r/R)? (green line) are plotted as a function of time. The neck radius r is normalized by the average radius
R of the 3D cell culture in pairs. Shown are the mean (darker line) and standard deviation (lighter area) for both
parameters of one experiment across all on-chip replicates.
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with the values determined for fusing 3D cell cultures of dermal fibroblasts?’® and
chondrocytes?” and illustrates high internal cellular cohesive forces. Notably, the two labeled
NIH3T3 cell populations did not mix within the given time frame. This finding is consistent
with the differential adhesion hypothesis as both populations arise from the same cell type and
should, thus, have similar surface tension.

Overall, upscaled PMVs ensured unrestricted and non-destructive handling of 3D cell
cultures. In the future, mLSI applications that comprise interaction studies of various
heterogeneous tissues to assist in in-vitro-modeling of more complex developmental processes,
such as human embryogenesis'**, organogenesis®, and brain development?’” are envisioned.
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5. Adipose microtissue-on-chip: A 3D cell culture platform for
differentiation, stimulation, and proteomic analysis of human
adipocytes®

Adipose tissue is linked to a multitude of metabolic and endocrine functions in both healthy
and diseased states, including adipokine and cytokine secretion, and lipid storage and release.
In obesity, adipocyte hypertrophy and hyperplasia are the main drivers for the expansion of
white adipose tissue, which leads to alterations in adipokine secretion and eventually disrupts
the whole-body metabolism.?’®2° However, the underlying molecular and functional
mechanisms of adipose tissue in normal and pathological conditions are still a matter of debate.
For longitudinal studies, it would be of substantial interest to engineer in vitro adipose tissues
to model patient intervention studies. The murine preadipocyte cell line 3T3-L1%°, primary
adipocytes!®?8! and human adipose tissue-derived stem cells (NASCs)°?282 have been used to
replicate the physiology of fat tissue in vitro. hASCs are a convenient choice, as they are easy
to maintain in routine cell culture formats, are proliferative, model depot-specific subtypes of
adipocytes, and provide good translatability?®28, To obtain mature fat tissue, hASCs must be
differentiated into adipocytes before they display the phenotypic characteristics of their in vivo
counterparts. Notably, in vitro-generated adipocytes resemble a premature adipose cell type, as
indicated by their multilocularity, smaller lipid droplet diameters, and lower adipokine
secretion.?8! However, this cell type is preferred for in vitro engineering because of the
obstacles encountered in handling mature primary adipocytes with their high buoyancy and
mechanical fragility.?8 3D cell culture formats, instead of traditional monolayer culture
136,285.286 have been suggested to enhance the maturation and differentiation of hASCs,52.287.288
Compared with monolayer culture formats, 3D cell cultures represent the organotypic
microenvironment of native adipose tissue.?®? For 3D culture, approaches such as embedding
hASCs in Matrigel®®® or other hydrogels®>?8, low-attachment well plates?®?, hanging drops®’,
magnetic levitation systems?®°, permeable membranes?®, and microfluidic systems!®42%2 have
all been exploited.

Microfluidic techniques for modeling adipose tissue physiology in vitro have recently
gained attention as they offer dynamic control of chemicals in the cell microenvironment
during long-term differentiation®®, a reduced surface-to-volume ratio, and the possibility of
automation of complex culture conditions. The integration of functional adipocytes or adipose
microtissue-on-chip allows to assay insulin response'®®?%, sampling of glycerol secretion at
high temporal resolution?®#2%, and the mimicking of interstitial flow conditions.>? The majority
of on-chip integrated adipose tissues use scaffolding hydrogels, which closely mimic the native

® This chapter is based on the publication: “Compera, N., Atwell, S., Wirth, J., von Toerne, C., Hauck, S., &
Meier, M. Adipose microtissue-on-chip: A 3D cell culture platform for differentiation, stimulation, and proteomic
analysis of human adipocytes. Lab Chip, 22(17), 3172-3186 (2022).7%2?
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extracellular matrix (ECM) environment?®® but generally lack chemically defined
conditions?®. Furthermore, hydrogel microenvironments complicate downstream analysis
because of the high background signals generated by the scaffolds.?® The presence of
confounding proteins in scaffolding hydrogels together with low levels of analyte are the main
reasons why mass spectrometry analysis of organ-on-chip platforms is underrepresented.
However, increasing the sensitivity of mass spectrometry brings proteome, secretome, and
metabolome analysis of organ-on-chip models within reach, as recently demonstrated for a
liver-on-a-chip.1® The demand for high sample numbers comes with the trade-off of requiring
higher multiplexing degrees.

Microfluidic large-scale integration (mLSI) technology is considered an enabling platform
for cell culture processes with high levels of automation and multiplexing capabilities. To date,
mLSI platforms have mainly been integrated into 2D cell culture formats including adipocyte
cultures.?® Only recently mLSI technologies for automated 3D cell culture and analysis became
available.?*329" While a dimensional incompatibility of traditional mLSI fabrication techniques
and 3D cell cultures has hampered progression of the technology, 3D-printing-based
fabrication approach overcome this problem.®” 3D printing fabrication enable unit operations
for handling 3D cell cultures on-chip as for example sample retrieval without destruction.
However, the throughput of these platforms is far below that required for high-throughput
proteomic studies of adipose tissue in vitro.

Here, we address this shortcoming by exploiting a previously developed fabrication
protocol®” for the development of a higher-throughput mLSI platform for 3D cell culture
formats. By integrating traditional and upscaled pneumatic membrane valves (PMVs), the core
functional unit of the mLSI technique, an mLSI platform comprising 32 fluidically individually
addressable cell culture chambers enabled the formation, long-term culture, and non-
destructive retrieval of 96 3D cell cultures in a highly controllable manner. Furthermore,
scaffold-free 3D on-chip adipogenesis of hASCs was conducted in an automated and
reproducible manner. The generated adipocyte 3D cell cultures resembled phenotypically
mature adipocytes, which was confirmed by lipid droplet staining of cryo-sectioned aggregates
and detection of upregulated key adipocyte markers by proteomic analysis. To investigate
whether differentiated adipocytes in a 3D cell culture format could serve as an in vitro adipose
tissue-on-chip model, we subjected them to glucose restriction post-differentiation by
decreasing the concentration of glucose in the maintenance medium, and then analyzed the
induced changes at the proteome level. We also retrieved minimal cell sample volumes from
the mLSI chip and acquired unbiased proteomes using mass spectrometry. We successfully
investigated different glucose feeding regimes in parallel on a single platform and characterized
the phenotype of the differentiated adipose aggregates in detail.
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5.1 Materials and methods

5.1.1 Master mold and PDMS chip fabrication

The master mold for the mLSI flow layer was designed in SolidWorks (version 2018-2019;
Dassault Systemes, France) and 3D-printed using a DLP stereolithography printer (Pico2HD,
Asiga, Australia). The mold was printed as a negative using PlasGRAY resin (Asiga). The
thickness of the printed layer was 10 um. All other printing parameters (e.g., light intensity and
exposure time) were kept at their default values according to the manufacturer’s instructions.
After printing, the flow mold was cleaned with isopropyl alcohol, flash-cured (Otoflash G171;
NK-Optik, Germany) with 2000 flashes on each side, and then coated with a 2% solution of
CYTOP™ (CTL-809M; AGC Chemicals, Japan), in accordance with the previously developed
protocol®’, to prevent adhesion of PDMS. A negative control layer was fabricated according to
the standard SU-8 (SU-8 3050; Microresist Technology, Germany) photolithography
protocols®. Similar to the flow mold, the control mold was permanently coated with CYTOP™
to facilitate PDMS release. A thin film of CYTOP™ was spin-coated on the wafer (20 s at
500 rpm, then 30 s at 3000 rpm) and incubated for 1 h at 160 °C to evaporate the CYTOP™
solvent. The first PDMS cast from the CYTOP-coated molds was discarded to ensure proper
bonding of the succeeding PDMS casts.

The mLSI platform was fabricated by multilayer soft lithography®?® using a 3D-printed flow
and a SU-8 silicon control mold. In short, the upper flow layer was manufactured by casting a
thick layer (approx. 5 mm) of PDMS (ratio 5:1 of base material to curing agent; Sylgard® 184,
Dow Corning, MI, USA) onto the flow mold, while for the lower control layer, PDMS (20:1
ratio) was spin-coated onto the wafer at 500 rpm for 15 s (acceleration 518 ms), followed by
spinning at 1250 rpm for 30 s (acceleration 2220 ms). Both layers were partially cured for 20—
25 min at 80 °C and the flow layer was released from the mold and aligned with the control
layer. The assembly was again incubated for 45 min at 80 °C to enable off-ratio PDMS
bonding. Next, the inlet and outlet ports for both layers were punched using a 20 gauge and
14 gauge needle, respectively. Finally, the mLSI device was sealed with a cover glass after
oxygen plasma activation (20 W at 0.9 mbar for 25 s) and incubated for further 60 min at 80 °C.

5.1.2 Flow characterization of the cell culture chamber

To analyze fluid flow within the cell culture chamber, a particle-tracking experiment was
conducted. To achieve this, 2.55-um polystyrene beads (PS-F-B237-1; microParticles GmbH,
Germany) were flushed through the cell culture chambers of the mLSI chip. The actuation
pressure of the trapping PMVs was increased incrementally in steps of 0.7 bar (10 psi), and the
particle flow was recorded on an AxioObserver (Zeiss, Germany) with a frame rate of 300 fps.
Prior to each measurement, the trapping PMVs were opened and closed at least once to avoid
error due to the residual pressure in the system. During the measurement, constant fluid forward
pressures of 35, 50, 100, and 125 mbar were applied. Recorded data from five culture chambers
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were subsequently analyzed in ImageJ (v1.53f51) using the TrackMate?! plugin and exported

to a custom-written MATLAB (version R2019a; MathWorks, MA, USA) script for
visualization and flow rate calculations.

5.1.3 Chip preparation for cell experiments

The control lines of the mLSI chip were directly connected to the solenoid valves
(LVM155RHY-5A-Q; SMC, Japan) with Tygon tubing (ND 100-80; Proliquid, Germany) and
operated using a custom-written MATLAB script. The control lines for the trapping PMVs
were operated by a separate manual pressure regulator (LRP-1/4-4; Festo, Germany) to regulate
their actuation pressure independent of the other valves on-chip. All other valves on the mLSI
platform were operated at a control pressure of 2.2 bar. Reagents were filled in gas-tight, light-
proof bottles and connected to the flow inlet ports through the Tygon tubing. The forward fluid
pressure used to pressurize the bottles was controlled by a flow control unit (Flow EZ™,;
Fluigent, France). The outlet ports were connected to the Tygon tubing and maintained at
atmospheric pressure. The mLSI chip was placed in a microscope stage-top incubator (STX;
Tokai Hit®, Japan) to ensure a constant humidified atmosphere of 37 °C and 5% CO.. Prior to
seeding the cells on the chip, the fluidic network was coated with 10% Pluronic® F127 (Sigma-
Aldrich, MO, USA) in phosphate-buffered saline (PBS; Sigma-Aldrich) for a minimum of 20 h
to reduce cell attachment to the PDMS. The chip was rinsed with PBS to remove the Pluronic®
and then pre-incubated with the cell culture medium for 30-60 min to equilibrate.

5.1.4 3D cell culture and adipogenic differentiation on-chip

Human adipose tissue-derived stem cells (hASCs; ASC-F-ZB) were purchased from ZenBio
(NC, USA) and maintained in routine 2D cell culture using subcutaneous preadipocyte growth
medium (PM-1; ZenBio) according to the supplier’s protocol. hASCs at passages 6—8 were
used for the experiments. To seed cells on-chip, hASCs were detached from the culture flask
using 0.25% trypsin-EDTA (Sigma-Aldrich), centrifuged at 280 x g for 5 min, and
resuspended at a concentration of approximately 3.5 x 10° in 30 uL of PM-1. Using Tygon
tubing, the single-cell suspension was then transferred on-chip, where we filled four chambers
simultaneously until all on-chip chambers were visually seeded with an equal number of cells.
The actuation pressure of the trapping PMVs was then slowly increased at a rate of
approximately 1 psi/s, up to a closing pressure of 32 psi. Non-trapped cells were then safely
rinsed from the fluidic network at a fluid forward pressure of 25 mbar. The trapped cells were
undisturbed for 4 h before the first feeding cycle. The trapping valve and fluid forward
pressures varied between 25-28 and 35-50 mbar, respectively. Pressures were kept constant
throughout the experiment, and cells were automatically fed every 4 h for 15 s, unless stated
otherwise, using a custom-written MATLAB script.

Differentiation of hASCs was initiated on day 1, 24 h after seeding when aggregates had
formed, by switching from the standard growth medium to the commercially available
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differentiation induction medium DM-2 (ZenBio). On day 8, the medium was changed to
adipocyte maintenance medium (AM-1; ZenBio) and the cultures were maintained until day 15
to obtain fully matured adipocytes. Aggregates fed only PM-1 were used as the non-
differentiated controls (Ctrl). Media bottles were maintained at room temperature (RT) and
replenished every 3—4 days.

5.1.5 Glucose treatment of differentiated adipocyte aggregates on-chip

For the glucose treatment experiments, we prepared a customized maintenance medium in
which the basal media constituted a 1:1 mixture of DMEM without glucose (Thermo Fisher
Scientific, MA, USA) and Ham’s F-12 Nutrient Mix (Thermo Fisher Scientific) supplemented
with 10% fetal bovine serum (FBS; Corning, NY, USA) and 1% penicillin-streptomycin.
Depending on the required composition, glucose (Thermo Fisher Scientific) and human insulin
(Sigma-Aldrich) were added to the basal medium to complement the customized maturation
media. The low-glucose (LoGlu) medium contained a basal glucose concentration of 5 mM
and was supplemented with insulin to a final concentration of 20 nM. High-glucose (HiGlu)
medium was supplemented with both glucose and insulin to a final concentration of 25 mM
and 1.7 uM, respectively.

Before glucose treatment, 3D cell cultures of hASCs underwent adipogenic differentiation
for 14 days as described previously. Matured adipocyte aggregates on-chip were then either
fed permanently or intermittently with customized maintenance media for a further 7 days,
forming three sample groups: 1) feeding with HiGlu medium only (serving as the control), 2)
feeding with LoGlu medium only, and 3) alternating feeding with HiGlu and LoGlu media. All
of the sample groups were perfused every 6 h for 15 s at a fluid pressure of 50 mbar. The
trapping valves were actuated at a controlled pressure of 28 psi.

5.1.6 Aggregate retrieval off-chip

To retrieve 3D aggregates from the mLSI chip, a pipette tip was connected to the outlet port,
and the medium was directed to flow from the inlet port through the multiplexer into the culture
chamber and out via the outlet. Before retrieval, the aggregates were extensively washed on-
chip with PBS. To release trapped aggregates, the trapping PMVs were slowly deactivated at
a rate of approximately 10 psi/min to minimize the movement of aggregates within the other
culture chambers. Once the aggregates were flushed out of the chamber into the pipette tip, the
activation of the trapping PMVs was restored to their previous control pressure. Retrieved
aggregates were then transferred from the pipette tip into V-bottom 96-well plates (Santa Cruz
Biotechnology, TX, USA) for cryosectioning, or into 1.5-mL Eppendorf tubes for mass
spectrometry. Occasionally, a few aggregates were attached to the PDMS; these were detached
using trypsin and retrieved as single cells.

Depending on the downstream analysis requirements, aggregates from at least four
chambers on-chip (technical replicates) were retrieved at the following time points: for
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cryosections on days 1, 8, and 15, and for mass spectrometry on days 1, 15, and 22 (14 days
differentiation + 7 days treatment).

5.1.7 Cryosections and immunofluorescent analysis

The aggregates were washed with PBS twice before fixing for 1 h at RT using 4% (w/v)
paraformaldehyde (PFA). Next, the aggregates were dehydrated at RT using a sucrose gradient
of 10% (wi/v) and 30% (w/v) for 2 h, followed by overnight incubation in a 1:1 mixture of 30%
sucrose and tissue freezing medium (Leica, Germany) at 4 °C. The next day, the aggregates
were transferred to cryomolds and embedded in tissue freezing medium on dry ice. The frozen
aggregates were stored at —80 °C until cryosectioning, for which they were cut into 10-pum
slices on a cryostat at =30 °C.

For immunofluorescent staining of aggregate cryosections, frozen slices were pre-warmed
to RT and washed in a Coplin jar containing PBS. After washing, they were permeabilized with
0.1% Triton™ X-100 (Sigma-Aldrich) in PBS for 30 min at RT, followed by incubation in
blocking buffer (PBS, 0.2% Tween 20 (Carl Roth, Germany) and 10% donkey serum (Abcam,
UK)) for 1 h at RT. The slides were then incubated for 2 h in the dark at RT with DAPI (1:500;
Sigma-Aldrich) and BODIPY 493/503 (10 pg/mL; Thermo Fisher Scientific) diluted in
blocking buffer. Subsequently, the slides were washed extensively with 0.2% Tween 20 in PBS
and mounted using Vectashield (Vector Laboratories, CA, USA).

5.1.8 Microscopy and image analysis

Bright-field images of the 3D aggregates on-chip were acquired with 2.5% and 10x objectives
(Plan-Apochromat) on an Axiovert inverted microscope (Zeiss). A confocal microscope (LSM-
880, Zeiss) and a 20x objective were used to record immunofluorescent and bright-field images
of the stained cryosections. Image analysis and statistical evaluation were performed using
custom-written macros and scripts in ImageJ and MATLAB software, respectively.

5.1.9 Sample preparation for mass spectrometry

After the retrieval of aggregates, as much PBS as possible was aspirated from the Eppendorf
tubes before freezing the samples at —80 °C until further processing. The whole aggregate
pellets were processed by tryptic digestion using the PreOmics iST Kit (Preomics GmbH,
Martinsried, Germany) according to the manufacturer’s specifications. After drying, the
resulting peptides were resuspended in 2% acetonitrile (ACN) and 0.5% trifluoroacetic acid.

5.1.10 Mass spectrometric measurements

Liquid chromatography-tandem mass spectrometry (LC-MS/MS) analysis was performed in
data-dependent acquisition (DDA) mode. MS data were acquired on a Q-Exactive HF-X mass
spectrometer (Thermo Scientific), coupled online to a nano-RSLC (Ultimate 3000 RSLC;
Dionex). Tryptic peptides were automatically loaded onto a C18 trap column (Acclaim
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PepMap100 C18, 300 pum inner diameter (ID) x 5 mm, 5 um, 100 A, LC Packings) at a flow
rate of 30 puL/min. For chromatography, a C18 reversed-phase analytical column (nanoEase
MZ HSS T3 column, 100 A, 1.8 pm, 75 um x 250 mm, Waters) at 250 nL/min flow rate in a
95 min non-linear acetonitrile gradient from 3-40% in 0.1% formic acid was used. The high-
resolution (60 000 full width at half-maximum) MS spectrum was acquired with a mass range
from 300 to 1500 m/z with an automatic gain control target set to 3 x 10° and a maximum
injection time of 30 ms. From the MS prescan, the 15 most abundant peptide ions were selected
for fragmentation (MS/MS) if at least doubly charged, with a dynamic exclusion of 30 s.
MS/MS spectra were recorded at 15 000 resolution with an automatic gain control target set to
5 x 10% and a maximum injection time of 50 ms. The normalized collision energy was 28, and
the spectra were recorded in profile mode.

5.1.11 Data processing — protein identification

Proteome Discoverer 2.5 software (Thermo Fisher Scientific; version 2.5.0.400) was used for
peptide and protein identification via a database search (Sequest HT search engine) against the
SwissProt human database (Release 2020 02, 20432 sequences), considering full tryptic
specificity, allowing for one missed tryptic cleavage site, precursor mass tolerance of 10 ppm,
and fragment mass tolerance of 0.02 Da. Carbamidomethylation of Cys was used as a static
modification. Dynamic modifications included deamidation of Asn and GlIn, oxidation of Met,
and a combination of Met loss with acetylation on the protein N-terminus. Percolator algorithm
was used to validate peptide spectrum matches and peptides, accepting only the top-scoring hit
for each spectrum and satisfying the cutoff values for FDR < 1% and posterior error probability
< 0.05. The Sequest HT Xcorr filter was set to 1, removing identifications below this threshold.
The final list of proteins complied strictly with the parsimony principle.

5.1.12 Data processing — label-free quantification

Protein quantification was based on the abundance values of unique peptides. Abundance
values were normalized to the total peptide amount to account for sample loading errors.
Protein abundances were calculated by summing the abundance values for admissible peptides.
Proteins identified in only one replicate of a sample group, as well as contaminants from Bos
taurus and keratin proteins, were excluded from the analysis. Differential protein expression
analysis was performed using the DEP Bioconductor package?®” in R (RStudio version
1.4.1717; MA, USA). Subsequent functional enrichment analysis and visualization were
performed using the STRING database 2% and customized Python (version 3.9) scripts.

5.1.13 Statistical analysis

Experiments were conducted at least twice (N = 2) with a minimum of four independent on-
chip chambers as technical replicates unless otherwise stated. Extracted quantitative data (e.g.,
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flow rate, equivalent diameter, and retrieval rate) are represented as the mean + SD unless
otherwise stated. Statistical significance was set at p < 0.05. Normal distribution was tested
using the Shapiro-Wilk test?*® in MATLAB R2019a.

79



5.2 Results and discussion

5.2 Results and discussion

5.2.1 3D-printing enables the integration of upscaled and standard sized PMVs on
an mLSI chip

Non-destructive and automated handling of 3D cell cultures on mLSI platforms is required to
enable the use of organ-on-chip technology for higher-throughput applications. In general,
PMVs, the central functional element for controlling fluid flow on mLSI chips, can close
microchannels with a semi-round channel geometry and dimensions of 2-50 pum in height.
We have recently shown that PMVs can be scaled to close fluidic channels, with heights of up
to a few hundreds of micrometers, by using a 3D-printing approach for the production of soft-
lithography molds.®” This enabled the successful integration of 3D cell cultures on mLSI chips.
The work presented here builds on this advance and exploits the high level of design flexibility
of the 3D printing process to fabricate an mLSI chip for cultivating 96 3D cell cultures within
32 fluidically individually addressable unit cells (Figure 5.1A). The overall footprint of the
mLSI chip was 29 mm x 52 mm. The parallelization degree on the mLSI chips produced
remains limited because of the relatively small building platform of generally available high-
resolution 3D printers. To increase the parallelization degree by an order of magnitude, as
achieved for 2D cell cultures?>177:18629 gn mLS| chips, a new 3D printer generation is required.
Despite the current limitations, the design flexibility of 3D printers to integrate microsystem
design features to handle 3D cell culture within channel networks with heights of several
hundred microns was exploited to design a cell culture chamber (Figure 5.1B) that was based
on the previously presented unit cell design and facilitated 3D cell culture formation by self-
aggregation from single cells, automated medium exchange for long-term culture, and retrieval
of the 3D cell culture sample. While the central region of the cell culture chamber exhibited a
height and width of 200 um and 300 um respectively (Figure 5.1C), the two bypassing
channels bifurcating at the entry of the cell culture chamber had a cross-section of
30 um x 100 um. Bypassing channels are required for rinsing the fluidic network of non-
trapped cells. Each cell culture chamber can be compartmentalized into three consecutive
regions by actuation of PMVs designed in a push-up configuration and herein termed trapping
PMVs (Figure 5.1D). These were operated in one of the following three pressure states (Figure
5.1E): i) a fully closed state to trap a single cell suspension, ii) a sieve state for perfusion of 3D
cell cultures after formation, and iii) an open state for retrieval of the cell material. The sieve
state was achieved by making use of the 3D-printing—induced staircase effect on the fluidic
channel profile.%” Within the pressure regime, states between 0.5 bar and 2.0 bar caused the
deflected PDMS membrane to close the half-rounded channel imperfectly such that small gaps
on the staircase profile remained open. Larger objects, including 3D cell cultures or single cells,
were trapped and could not pass through the trapping valve in the sieve state (Figure 5.1E).
With the assisted self-aggregation mechanism in the cell culture chamber and retrieval of 3D
cell cultures in a non-destructive manner, we added two new features to the mLSI design
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Figure 5.1 Microfluidic large-scale integration platform for the automated formation of 3D cell cultures,
long-term parallel culturing process, and individual retrieval of cell cultures. (A) Schematic layout of the
two-layer mLSI chip design. Flow channels up and down stream of the cell culture chamber are shown
(multiplexer (MX) and outlet path (OP)). Inset shows in detail one unit cell of the 32 culture chambers. (B) 3D
model (top) and cross-section of the PDMS layer (bottom) of the cell culture chamber. Scale bar: 100 um.
(C) Schematic cross-section of different chip areas with indicated flow channel heights. (D) Operating principle
of the trapping PMVs (highlighted in red) by pneumatic actuation. (E) Operating states of the trapping PMVs.
The main paths of fluid flow are indicated in blue. (i) Closed state: cells are introduced as single-cell suspensions
and safely confined at respective sites upon fully closing the trapping PMVs. (ii) Sieve state: perfusion of self-
aggregated 3D cell cultures. Due to the staircase effect on the 3D-printed flow master mold, trapping PMVs allow
for the passing of fluid while safely keeping the 3D aggregates in place. (iii) Open state: 3D aggregates can be
retrieved by deactivation of the trapping PMVs. Scale bar: 250 pum.

toolbox.2**” Flow channels upstream (multiplexer area) and downstream (outlet path) of the
cell culture chamber had heights of 40 and 200 pum, respectively (Figure 5.1C). The lower
height of the upstream channels was chosen to minimize the dead volume of the channel
network and to ensure the fully closed state of the PMVs at an actuation pressure of 2 bar,
despite the staircase effect. This concomitantly reduced the number of cells required to fill the
cell culture chambers during the cell-seeding process (see below). Since cells were seeded as a
single-cell solution, they could be routed through 40-um high channels without affecting cell
integrity. Non-destructive retrieval of 3D cell cultures from the cell culture chambers required
the downstream channels towards the outlet port to be at least equally high as the 3D cell culture
chamber. To address the cell culture chambers individually, a standard 2log> N-multiplexer
was included. The multiplexer divided the cell culture chamber area into two blocks of 16
chambers each. All PMVs were controlled with an actuation pressure of 2.2 bar, with the
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exception of the trapping PMVs, since they require adjustable pressure application to achieve
the sieve state.

In a first step, the fluid flow within the cell culture chamber depending on the actuation state
of the trapping PMVs has been characterized by particle tracking to prove the functionality of
the unit cell for cell trapping. In the open state of the trapping PMVs (Figure 5.2A, top), the
flow velocity in the main channel was 0.21 pL/s at a constant fluid forward pressure of
100 mbar (Figure 5.2A, B). The flow velocity in the side channels was 7.0 nL/s, demonstrating
that approximately 94% of the volumetric flow passed through the main channel (Figure 5.2A,
C). This was expected because of the channel size difference, where the theoretical fluidic
resistance based on the Hagen—Poiseuille approximation was approximately three orders of
magnitude larger in the side channels than in the main channel. Upon increasing the actuation
pressure of the trapping valves, the flow velocity decreased in the main channel and increased
in the side channels. At an actuation pressure of 2 bar, the mean flow velocity in the main
channel was 0.014 pL/s (for a fluid forward pressure of 200 mbar), which is 15-fold lower than
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Figure 5.2 The actuation pressure of the trapping valve controls the flow-path and -rate in the cell culture

chamber of the mLSI chip. (A) Actuation of the trapping PMV leads to a change of flow velocity and path from

the main to the side channels at a constant fluid forward pressure of 100 mbar. (B, C) Plots show the mean (+ SD)

flow velocities inside the trapping region (B) and the side channels (C) relative to the fluid forward and actuation

pressure of the trapping PMVs. n = 5 chambers on one chip.
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that of the open trapping valve state and is defined as the closed state (Figure 5.2B).
Conversely, the mean flow rate in the side channels increased from 7.0 nL/s to 0.11 pL/s at a
PMV actuation pressure from 0 to 2 bar, respectively. The same trend was observed upon
decreasing the forward fluid pressure (Figure 5.2B, C). In summary, it was demonstrated that
the flow rate inside the trapping site could be adjusted by both the fluid forward pressure and
the control pressure of the trapping PMVs.

5.2.2 Formation, long-term culture, and scaffold-free 3D differentiation of hASCs
into adipocytes on the mLSI platform

To test whether the developed platform allows for the robust and reproducible formation,
maintenance, and retrieval of 3D cell cultures, the homogeneity of the self-aggregation process
of hASCs was first investigated. For this, a single-cell suspension with a cell concentration of
3.5 x 10° in 30 pL was seeded into the cell culture chambers, where the trapping valves were
set to their open state. Subsequently, the cells were trapped by setting the trapping PMV to the
closed state, and the remaining cells in the fluidic network were rinsed through the side
channels towards the outlet (Figure 5.3A). Self-aggregation of the hASC was observed within
the first 4 h. At this time point, the trapping valves were set to the sieve state, and feeding was
initiated by exchanging the media solution in the cell culture chamber for 15 s at a flow rate of
1.5 pL/min every 4 h. In the next 24 h, further compaction of the cell clusters to round hASC
3D cell cultures occurred, with only a few single cells remaining in the trapping areas. To
quantitatively evaluate 3D cell culture formation and growth, the equivalent diameter, which
is the diameter of a circle with an area equivalent to that of the 3D cell culture, was measured.
On average, the 96 hASC 3D cell cultures formed on the mLSI chip exhibited an equivalent
diameter of 143 £ 5 um 24 h after seeding (Figure 5.3B). The chip-to-chip variability of the
3D cell culture formation process across six independent chips was low (Figure 5.3C). Their
mean equivalent diameters varied by 14% compared with the overall mean, thus yielding high
reproducibility. Notably, this size deviation was explained by minor differences in cell seeding
density. The 3D cell cultures were stable for 15 days on-chip, and their average size varied
only minimally (Figure 5.3D). During the cultivation period, the hASC 3D cell cultures did
not show any signs of diminished cellular viability, such as disaggregation or necrosis.
Nevertheless, aggregates were, on average 7% smaller than their initial size on day 1,
suggesting that compaction occurred, as observed previously.?®23% Next, the retrieval
efficiency of 3D cell cultures with preserved spatial integrity for further off-chip analyses was
determined. For this purpose, the trapping valves were set to the open state and fluidically-
addressed chamber by chamber. Overall, 88.6% of 3D cell cultures were recovered through the
outlet port (Figure 5.3E). During the retrieval process, the micro-macro connection at the
outlet port was the main source of cell loss (Figure 5.3E). Other, not mLSI-based, microfluidic
designs which offer the reversible trapping of 3D cell cultures, such as the U-shaped pneumatic
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Figure 5.3 Parallel formation and cultivation of human adipose tissue-derived adult stem cells in 3D on-
chip. (A) Timeline of hASC self-aggregation in the cell culture chamber. Scale bar: 250 um. (B) Intrachip
variability of the equivalent diameter of the 3D cell cultures. n = 6 biological repeats. (C) Interchip variability of
the equivalent diameter of formed hASC 3D cell cultures. n = 96 technical replicates per chip, all comparisons
exhibited a p < 0.05 (one-way ANOVA) except for n.s. = not significant. (D) Equivalent diameter of the hASC
3D cell cultures during on-chip culture. n = 4-12 technical replicates. (E) Rates of successful retrieval of the hASC
3D cell cultures from the cell culture chambers. n = 3 biological replicates, *p < 0.05 (one-way ANOVA).

structures proposed by Liu et al.®3, showed similar recovery rates.

In the next step, the developed mLSI platform was sought to be applied to differentiate
hASCs into adipocytes in a 3D culture format. hASCs provide a valuable source for the
mimicking of adipose tissue in vitro as they have been shown to accurately recapitulate
adipogenesis®®2 and to acquire browning capabilities®®3%, Recently, the group of Lauschke?®?
demonstrated that 3D differentiated adipocyte cultures resemble the molecular and cellular
phenotypes of freshly isolated mature adipocytes more closely than conventional 2D cultures.

84



5. Adipose microtissue-on-chip: A 3D cell culture platform for differentiation, stimulation,
and proteomic analysis of human adipocytes

To mimic the adipocyte organotypic microenvironment even more closely and investigate the
adipose tissue’s endocrine functionality in a more detailed and dynamic manner, microfluidic
chips have been proposed.?®? Several groups have emulated human adipose tissue on a
microfluidic chip to investigate adipogenesis®®%, insulin resistance!®, inflammation in
general'®, and the crosstalk between adipocytes and macrophages in specific*®. However,
most 3D adipogenesis techniques in the literature rely on scaffold-based cultures in matrigel?®
or other hydrogels®>?8, despite a poor chemical definition of these conditions.?®23% Since
matrix embedding might complicate sample retrieval and interfere with analytical techniques
such as mass spectrometry, a scaffold-free approach was employed here. For this, 96 hASC 3D
cell cultures were formed under the above-described conditions within 24 h on-chip. On the
first day after seeding, the cell cultures were perfused with adipocyte induction medium,
followed by maturation medium each for 7 days (Figure 5.4A). During the differentiation
phase, progressive darkening of the 3D cell cultures was observed (Figure 5.4B), indicating
the accumulation of lipid droplets.3%>3% This assumption was confirmed by immunofluorescent
staining of lipid droplets in the retrieved 3D cell cultures on days 1, 8, and 15 (Figure 5.4C).
The mean equivalent diameter of the 3D cell cultures during adipogenesis was constant, with
increasing variation at later timepoints across the six independent experiments (Figure 5.4D).
A slight expansion in size from day eight of the differentiation onwards is likely due to the
accumulation of intracellular lipids and less likely due to cell proliferation as suggested by
Shen et al.?82, who measured stable levels of ATP, an indicator for viable cell count, during the
3D differentiation of hASCs. Nuclei counts of hASCs, preadipocytes, and adipocyte 3D cell
cultures confirmed this trend (Figure 5.4E), where the average number of nuclei in the center
region of a 3D cell culture varied non significantly (p < 0.05) between 35 + 14, 56 + 18, and
50 + 11, between day 1, 8, and 15 respectively. While the number of nuclei per 3D cell culture
was constant during the differentiation, the number of lipid droplets increased significantly as
the cells within the 3D cell culture matured into adipocytes (Figure 5.4E). Along with the
number of lipid droplets, the lipid droplet volume increased from the preadipocyte to the
adipocyte stage (see Figure 5.4C). Differentiated adipocytes showed multi- and paucilocular
lipid droplet formation and thus, morphologically resemble a premature stage of white
adipocytes present in vivo, which are typically characterized by unilocular lipid droplets.?®
Maturation of hASC-derived adipocyte aggregates with unilocular lipid droplet formation can
be enhanced in the future by extension of the differentiation protocol to 30 days as Shen et
al.? have recently shown that terminal differentiation of adipocytes in 3D takes substantially
longer than conventional 2D culture protocols. Overall, the results presented here highlight the
generation of an adipose tissue-like organ model in a highly reliable and parallel manner by
scaffold-free differentiation of hASC aggregates on the developed mLSI platform.
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Figure 5.4 Adipocyte 3D cell cultures derived by scaffold-free differentiation of hASCs on-chip exhibit
mature adipocyte characteristics. (A) Overview of the experimental setup for the differentiation of hASCs
towards adipocytes. (B) Brightfield images of one representative cell culture chamber along the adipogenic
differentiation pulse fed every 4 h. Scale bar: 250 um. (C) Validation of adipogenic maturation by lipid droplet
staining (BODIPY, green) of cryosections prepared after retrieval of the 3D cell cultures from the chip. Nuclei
were counterstained with DAPI (blue). Scale bars: 50 um. (D) Equivalent diameter of the 3D cell culture during
the adipogenic differentiation relative to the aggregate size on day 1. n = 4 biological replicates. (E) Lipid droplet
and nuclei counts over the course of differentiation quantified from the middle section of the 3D cell cultures.
n =2 for day 1, n = 12 for day 8, n = 10 for day 15, *p < 0.05 (one-way ANOVA).

5.2.3 Proteomic landscape of differentiated adipocyte aggregates changes upon
glucose stimulation

Combining microfluidics and quantitative proteomic analysis has recently proved
advantageous to identify key drivers for the enhanced maturation of hepatocytes that have been
differentiated in a confined microfluidic environment.?®® However, such detailed
characterization has not been done for the adipogenic differentiation on-chip. To address this,
proteomic analysis of adipocyte aggregates differentiated on-chip was conducted in addition to
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the morphological analysis to elucidate the underlying molecular mechanisms of the on-chip
adipogenesis and provide a more comprehensive characterization of the adipose tissue-on-a-
chip model. The scaled number of cell cultures on the mLSI chip platform requires
bioanalytical workflows to subject complex tissue mimetics. Fluorescence imaging is a State-
of-the-art method for analyzing 3D cell cultures on mLSI chips. The option for sample retrieval
enabled the acquisition of complete proteomic information using mass spectrometry analysis.
In this experiment, conditioned 3D cell cultures were retrieved and the proteomes of the on-
chip—differentiated adipocytes by mass spectrometry were determined. Before comparing the
proteomic landscapes of hASCs and differentiated adipocytes, the number of 3D cell cultures
required to obtain stable proteomic readouts was quantified (Figure 5.5A, Exp1l). In contrast
to DNA sequencing-based analytics, where signal amplification overcomes sensitivity
thresholds for analytes, the proteomic analysis required pooling of cell culture chambers to
obtain complex proteomes. For this, cell material from two, four, and eight chambers, which
corresponded to 6, 12, and 24 3D cell cultures, were pooled. Following cell lysis and protein
digestion, for the three samples, average peptide concentrations of 0.29, 0.32, and 0.33 pug/uL,
respectively, were obtained. These results are in line with the reported sensitivity thresholds.
Upon pooling the cell material from four or eight chambers the proteome quantification became
comparable with approximately 2600 proteins across 2-3 technical replicates (Figure 5.5B;
N = 2 for eight chambers, N = 3 for four chambers). The proteome of hASC material pooled
from only two chambers showed a lower count, with an average of 1731 proteins. Although
the peptide concentration was similar in all three samples, the proteome complexity clearly
differed. To minimize the cell samples required for individual 3D cell cultures and to empower
the mLSI chip fully, a mass spectrometric sample preparation workflow, including cell lysis
and digestion, will need to be integrated onto the chip, similarly to immunofluorescence sample
preparation. Based on these results, subsequent mass spectrometry experiments were
performed with the material pooled from four cell culture chambers of the mLSI chip.

Next, proteomic differences between the start and endpoints of the hASC differentiation as
described above were investigated (Figure 5.5A, Exp2). Principal component analysis of the
proteomes revealed distinct profiles in both sample groups (Figure 5.5C). Interestingly, the
two biological replicates of the differentiated sample clustered apart in the second principal
component, but this was not observed in the non-differentiated group. This suggests that
differentiation results in heterogeneity between the generated adipocytes (PC2 is 7.0%
compared to 91.8% in PC1). Analysis of the expression patterns of significantly up- and down-
regulated proteins (p < 0.05) across both conditions highlighted their overall distinct protein
expression profiles (Figure 5.5D). The hASCs and adipocytes proteome was successfully
delineated, with key proteins of both cell types abundantly expressed in the respective dataset.
Among the most significantly upregulated proteins in the differentiated adipocytes in 3D cell
culture were well-known adipocyte marker proteins, including fatty acid-binding protein 4
(FABP4), perilipin (PLIN4), adiponectin (ADIPOQ), and fatty acid synthase (FASN) (Figure
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Figure 5.5 Proteomic mass spectrometry analysis of 3D hASC and differentiated adipocyte cell cultures on-
chip. (A) Overview of the experimental setup. During differentiation 3D cell cultures were pulse fed every 4h.
(1) For determining the required quantity of cell sample material for robust preparation of proteomes by mass
spectrometry different numbers of 3D cell cultures were pooled as indicated. (2) Proteome analysis of hASC
differentiation into adipocytes. (B) Number of proteins identified per technical replicate of hASC cell material
pooled from either 2, 4, or 8 cell culture chambers. (C) Principal components analysis of normalized protein
abundances of adipocytes and hASCs. n =2 biological replicates. (D) Heatmap representation of k-means
clustering of all significant differentially expressed proteins. (E) Volcano plot of differentially expressed proteins
for hASCs and adipocytes. Proteins with p < 0.05 and fold change > 1.5 are highlighted in respective colors: dark
gray for the hASCs, red for the adipocytes. (F) Mean expression levels of adipocyte and pre-adipocyte protein
markers.

5.5E, F). Transcription factors such as peroxisome proliferator-activated receptor gamma
(PPARy) and CCAAT/enhancer-binding protein alpha (CEBPa) could not be detected,
however, their concertation is generally thousand-fold lower than the other markers.%%” In
contrast, pre-adipocyte protein markers, including platelet-derived growth factor receptors
alpha and beta (PDGFRa and PDGFR), were significantly downregulated in adipocytes and
highly expressed in hASCs. Taken together, the proteomic profiles confirmed successful
adipocyte differentiation on-chip.

Simulating blood glucose oscillations after periodical food intake in vitro requires
dynamically controlled cell culture methods. The developed mLSI platform facilitates this kind
of study and was exploited to investigate proteomic changes in adipocyte 3D cell cultures in
response to different nutritional culture conditions induced by defined long-term feeding
protocols. Glucose oscillation with a frequency of 12 h over longer periods has been poorly
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investigated, and no studies exploring these oscillations at a 6-h frequency have been
performed thus far. Therefore, hASCs were first differentiated over a time course of 14 days
on the chip, as described above. Subsequently, the adipocyte 3D cell cultures within the cell
chambers were fed every 6 h with a maintenance medium containing either (i) a high glucose
concentration of 25 mM, (ii) a low glucose concentration of 5 mM, or (iii) alternating between
(1) and (ii) (Figure 5.6A). For comparison, 25 mM is the glucose concentration contained in
the maturation media during the second week of adipocyte differentiation, and thus, the basal
medium for the cell type. After being subjected to the glucose regimes for seven days, the
conditioned 3D cell cultures were retrieved from the chip and analyzed by mass spectrometry
following the same procedure as described previously. Adipocyte proteomes exhibited a total
of 1844 proteins, of which 92.6% of the measured proteins were identified in all three sample
groups and 6.2% in at least two of the three conditions (Figure 5.6B). Under all three
conditions, we observed a differentially expressed protein pattern (Figure 5.6C).

To investigate the influence of the glucose concentration on the adipocyte proteome, the
protein fold changes in the low and alternating conditions, as compared to those in the high
glucose condition, were calculated. Adipocytes under the low glucose condition showed the
upregulation of proteins associated with overcoming energy restriction and dysregulation of
inflammatory signals. The most significantly upregulated proteins under the low glucose
conditions are shown in Figure 5.6E and included hydrolases such as pancreatic triglyceride
lipase (PNLIP), chymotrypsin-C (CTRC), and chymotrypsin-like protein (CTRL). The activity
of PNLIP and other lipases have been shown to continuously hydrolyze adipose triglyceride
and generate free fatty acids even under adverse environmental conditions such as long-term
nutritional deficiency®*® and ongoing inflammation®®®. Proteins known to be involved in
dysregulation of inflammatory signals, such as ABCA10°*° and S100A7, known as psoriasin,
were also upregulated. Downregulation of FBN1, the precursor protein for the adipokine
asprosin, and of complement factor D has also been reported in this and other studies
investigating nutritional restrictions®1%312; our findings thus concur with those previously
noted. Upregulated proteins in the alternating feeding regime (Figure 5.6F) were the
mitochondrial creatine kinase CKMT2, which is highly expressed in tissues with large
fluctuating energy demands®3314, and inositol monophosphatase 1 (IMPAZ1), which protects
the cells from the osmotic stress induced by the highly osmotic glucose-6-phosphatase®®.
CKMT?2 is typically expressed at higher levels in beige- and brown-fat mitochondria®*3'* and
thus indicates upregulated metabolic turnover. A direct comparison of the adipocyte proteomes
under alternating and low-glucose conditions (both plotted versus the high-glucose condition)
showed that they shared the majority of differentially regulated proteins (Figure 5.6D). For
example, the nucleosome-binding protein, HP1BP3, which regulates cell survival and
proliferation, was downregulated under both conditions. In general, the proteome acquired for
adipocytes in the alternating high/low glucose perfusion regime correlated closer to the high-
glucose regime (Pearson correlation of r between 0.68 and 0.87) than to the low-glucose regime
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5.2 Results and discussion

(r between 0.38 and 0.66), showing that the high glucose interval partly compensated the 6 h
of low glucose concentration. The closest in vitro references to our work investigated the effect
of oscillating glucose at high and low glucose concentrations in conjunction with saturated
fatty acid.!® While the study found a sustained inflammatory effect even once the treatment
was halted, this effect was attributed to saturated fatty acid treatment rather than the oscillating
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Figure 5.6 Proteomic changes of differentiated adipocytes upon prolonged exposure to varying levels of
glucose concentration. (A) Experimental setup of the glucose treatment study. After differentiation (14 days),
adipocytes were treated for an additional 7 days with either constant or alternating levels of glucose in the
maintenance medium (high concentration: 25 mM, low concentration: 5 mM). (B) Venn diagram of identified
proteins per condition. The majority of identified proteins (92.6%) were shared among all tested conditions.
(C) Heatmap representation of significant (p < 0.05) proteins among all conditions. n = 2 biological replicates.
(D) Comparison of log2 (fold-change) of proteins shared between the low glucose and alternating condition, both
with respect to the high glucose condition. Statistical significance (p < 0.05) of a protein in both contrasts is
indicated by a black dot. (E, F) Volcano plots of differentially expressed proteins for low glucose (E) and
alternating (F) vs. high glucose treated adipocytes. Proteins with p < 0.05 and fold change > 2 are highlighted in
respective colors: dark gray for the high glucose, light gray for the low glucose, red for the alternating condition.

90



5. Adipose microtissue-on-chip: A 3D cell culture platform for differentiation, stimulation,
and proteomic analysis of human adipocytes

glucose concentration. Notably, the basal cell culture media contained an insulin concentration
higher than under physiological conditions in order to maintain cell viability. Our current study
shows that adipocytes change their proteomes in response to glucose availability. These proof-
of-principle experiments must be extended to simulate adipose disease conditions; however,
the technical framework is laid out herein with the presented analytical workflow.

In the future, this adipose tissue-on-a-chip model could help to unravel molecular and
functional mechanisms of adipose tissue in normal and pathological conditions such as obesity.
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6. Conclusion and outlook

In conclusion, the suitability of 3D printing as an alternative manufacturing technique for
organ-on-a-chip devices has been demonstrated in this work. Thanks to the high resolution of
current DLP printers, the printing of PDMS replica molds as well as simple monolithic devices
with features as small as 25 x 75 pum (width x height) is feasible. Both, 3D printing of replica
molds and direct printing of microfluidic chips, required the development of specific post-
processing protocols to enable the casting of PDMS layers and culturing of human stem cells,
respectively. While the PlasGRAY resin showed a good compromise between printing
resolution, both in XY and Z, and surface roughness compared to the other tested resins, the
GR-10 resin outperformed the other two resins in biocompatibility tests according to 1SO
10093-5%%° ysing human iPSCs. Using the latter to 3D-print a microwell insert that fits into a
standard 48-well tissue culture plate enabled the formation, maintenance, and analysis of 3D
cell cultures of human iPSC. With this, hundreds of human iPSC aggregates of homogeneous
size (mean diameter: 80 um £ 11 um) have been successfully formed by cellular self-
aggregation after coating the microwells with an anti-adhesive and maintained for up to seven
days without any signs of comprised viability. However, monolithic microwell inserts suffered
from some limitations regarding live/dead analysis of the iIPSC aggregates due to high
autofluorescence in the DAPI channel (wavelength: 405 nm). This autofluorescence will likely
also interfere with the more detailed phenotypic analysis of aggregates for example by
immunofluorescence. To address this shortcoming in the future, 3D cell cultures could be
retrieved and analyzed off-chip. For this, retrieval rates need to be optimized in the future as
the current sealing method of the microwell insert with an adhesive tape impeded aggregate
retrieval in experiments conducted within this work.

Despite direct printing of microfluidic devices, the presented work exploited the use of 3D
printing for the fabrication of PDMS replica molds with flow channels of sufficient height to
render the mLSI technique compatible with 3D cell culture. For this, an adaption of the
traditional soft lithography workflow using 3D-printed flow molds was developed and design
rules for functional upscaled PMVs were derived. Owing to the inherent layering process of
additive manufacturing, the half-rounded flow channel on the 3D-printed molds exhibited a
staircase effect on their surface, resulting in a sieve-like behavior of upscaled PMVs.
Employing a grayscale light exposure strategy during printing or using a thermally processable
wax-based printing resin significantly reduced the staircase effect and restored the function of
upscaled PMVs. Depending on the selected optimization approach, proper valve closure was
observed for a control pressure of 200 kPa or 30 kPa for the anti-aliased and reflowed wax
molds, respectively.

A unique feature of upscaled PMVs fabricated by anti-aliased molds was their sieve-like
characteristic at a certain control pressure range (between 100-180 kPa) which allowed for
constriction of the channel to entrap entities in the size range of individual cells and
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6 Conclusion and outlook

simultaneously passing of fluid at a precisely controllable rate. Upscaled PMVs have thus been
exploited for the design of a generic unit cell for the formation, culturing, and retrieval, of 3D
cell cultures on mLSI chip platforms. This design enabled the reliable formation of 3D cell
cultures of NIH3T3 fibroblasts and human stem cells (iPSCs, hASCs) through self-aggregation
with homogeneous sizes.

Integration of upscaled PMVs and unit cell arrays on mLSI chip platforms enabled the
unrestricted and non-destructive handling of 3D cell cultures on-chip for a variety of
applications. For example, the parallel formation, culture, processing, and fusion of 3D cell
cultures of two fluorescently labeled NIH3T3 cell lines within an automated flow process were
performed on an mLSI-based chip platform. A second mLSI-based organ-on-a-chip device has
been developed to yield a higher parallelization degree than on the first platform. The second
chip was developed to automate the formation, long-term culture, and retrieval of 96 3D
adipose microtissues and enable longitudinal studies of adipose tissue in vitro. With the
combination of this platform with a mass spectrometry-based analytical pipeline, the minimum
cell numbers required to obtain robust and complex proteomes with over 1800 identified
proteins have been determined. The adipose microtissues on the chip platform were then used
to simulate periodic food intake by alternating the glucose level in the cell-feeding media every
6 h for one week. The proteomes of treated adipocytes exhibited unique protein profiles
compared to non-treated controls, confirming the technical functionality and applicability of
the chip platform. In the future, this adipose tissue-on-chip in vitro model may prove useful for
elucidating the molecular and functional mechanisms of adipose tissue in normal and
pathological conditions, such as obesity.

Despite these achievements and the benefits of the mLSI technology in terms of automation
and parallelization, the technique requires elaborate and highly manual manufacturing, a large
operating setup and equipment as well as an experienced user, hindering the adoption of the
technique in an industrial context. However, with the increasing use of additive manufacturing
techniques and progress in 3D-printing active microfluidic components such as PMVs, some
of mLSI’s limitations will hopefully be overcome and spur its adoption at least in academic
laboratories to increase the standardization and reliability of organoid models. Ongoing efforts
to couple the technology with on-chip read-out functionalities for example by the integration
of biosensors®"~32! furthermore enables continuous monitoring and quantifiable analysis of the
cellular microenvironment in realtime and thus, provides insights into dynamic adaptations of
the 3D cell cultures upon different culture conditions. It is expected that this will also foster
new developments for highly parallel 3D cell culture screening applications to gain further
insights into human (patho-) physiology and facilitate the application of organ-on-a-chip
devices in medical and pharmaceutical sciences.
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Appendix
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Figure A.1 Dimensional accuracy of PDMS cross-sections cast from different 3D-printed molds depending
on the directional alignment of the channel. The channel axis was aligned either in X or Y direction on the
building platform of the 3D printer. Displayed are the individual data points (colored points), probability density
(colored structure), mean (colored line), median (white dot), and interquartile range (black bars) for the different
printing resins. N = 2 individually printed molds with one layer of PDMS cast from each for Freeprint Mould and
PlasGRAY, N = 1 printed mold with one layer of PDMS cast from it for GR-10.

with CYTOP

PlasGRAY without CYTOP

Figure A.2 Contact angle on 3D-printed PlasGRAY molds before and after CYTOP coating. The coating of
the 3D-printed PlasGRAY molds with a 2% CYTOP solution increased the water contact angle, compared to the
non-coated surface from 76° to 88°. Shown are representative images of a 10 uL drop of MilliQ water on top of
the 3D-printed surface. Scale bars: 2 mm.
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Appendix

Source of Sum of | Degrees of Mean .
N F-statistic | p-Value
variability squares | freedom squares
Material 0.0235 1 0.02353 0.31 0.5792
Pre-extraction 3.11 1 3.11005 41.06 0
UV post-exposure | 0.448 1 0.44802 5.91 0.0177
Sample volume | 0.1687 1 0.16869 2.23 0.1404
Time point 9.7002 1 9.70023 128.06 0
Error 4.9994 66 0.07575
Total 21.2099 71

Table A.1 Results of n-way ANOVA for indirect biocompatibility testing of iPSCs for long-term extraction.
The significance level alpha was set to 0.05. N-way ANOVA included the five factors listed in the first column.
Levels of the factors were: material: Freeprint Mould, GR-10; pre-extraction: EtOH, none; UV post-exposure:
2x2000 flashes, none; sample volume: thick (402 mm?®), thin (201 mm?3); time point: 24 hours, 48 hours.
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