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Abstract
After the finding that cell fate (life and death) could be controlled by geometric design in 1997,
people started to analyze the influence of mechanical stimuli to cells and tissue behavior. Later
research found that proper geometry control and mechanical guidance could determine cell growth,
proliferation, differentiation and alignment. These findings help us gain the basic idea of how cells
react to surrounding environment. However, native cells and tissues in human body grow in a
complex system in three-dimensional (3D) environment with heterogenic spatial organization of
living cells, biomaterials and bioactive molecules combination. Cells grow in 3D is greatly different
with cells grow on top of 2D flat flask regarding the cell shape. In recent years, integrated
biofabrication strategies for cells and materials patterning for the study of complex tissue and organ
system have attracted tremendous interests and achieved giant development. Precisely 3D spatial
control over cells, extracellular matrix (ECM) and biomaterials can help us mimic the fundamental
structure and as to obtain the function of nature tissue. Building well patterned and organized 3D in
vitro tissue models could help us better understand how biophysical and biochemical cues regulate
cellular behavior and influence the functionality of tissue and organs.
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Chapter 1: Introduction
1.1 General Research Objective
After the finding that cell fate (life and death) could be controlled by geometric design
in 1997, people started to analyze the influence of mechanical stimuli to cells and tissue
behavior. Later research found that proper geometry control and mechanical guidance
could determine cell growth, proliferation, differentiation and alignment. These
findings help us gain the basic idea of how cells react to surrounding environment.
However, native cells and tissues in human body grow in a complex system in threedimensional (3D) environment with heterogenic spatial organization of living cells,
biomaterials and bioactive molecules combination. Cells grow in 3D is greatly different
with cells grow on top of 2D flat flask regarding the cell shape. In recent years,
integrated biofabrication strategies for cells and materials patterning for the study of
complex tissue and organ system have attracted tremendous interests and achieved giant
development. Precisely 3D spatial control over cells, extracellular matrix (ECM) and
biomaterials can help us mimic the fundamental structure and as to obtain the function
of nature tissue. Building well patterned and organized 3D in vitro tissue models could
help us better understand how biophysical and biochemical cues regulate cellular
behavior and influence the functionality of tissue and organs. The general objective of
this research is to develope advanced cell-based assays and tissue engineering strategies,
using molecular, cellular, microfabrication and 3D bioprinting techniques to build 3D
In Vitro tissue models for the characterization of biomarkers, mechanical &
phenotypical properties and disease models.
1

1.2 Specific Research Objective
The objective of Chapter 2 is to provide a comprehensive background of recent state of
the art research progress and inventions on cells and materials patterning using
functional biomaterials and strategies for building bioinspired or biomimetic structures
and focusing on the study of cell-cell and cell-extracellular matrix (ECM) interaction
and 3D in vitro modeling. Advances in biomaterial design and biofabrication
technologies make it possible for building functional three-dimensional (3D) constructs
serve as in vitro tissue models for the application of tissue engineering and regenerative
medicine.
Chapter 3 introduces the fabrication of a lung epithelial cell based 3D microtissue array
device for the application of toxicity screening of different types and concentrations of
multi-walled carbon nanotubes (MWCNT). The objective of the project is to study the
fibrogenic potential of different types and concentrations of MWCNT by characting
fibrosis related biomarker expression at both RNA and protein level using qPCR and
immunofluorescent staining method.
Chapter 4 describes the development and optimization of a novel microclot array
elastometry (clotMAT) system for integrated measurement of thrombus formation and
clot biomechanics under fluid shear. This system recapitulates the dynamic process of
platelet adhesion and clot formation under various flow conditions and reports changes
in clot mechanical properties in real-time.
Chapter 5 demonstrates a brand new fabrication technique for the application of
complex 3D tissue engineering that can substantially improve the fabrication speed,
2

accessibility and anatomical fidelity. The objective of this project is to develop a
technique that enable us to pattern different cell types, biomaterials and molecular
factors with accurate spatial control, and achieve controllable biochemical and
biophysical properties that highly mimic native tissue.
Chapter 6 presents a brief discussion and some future directions. Overall, we believe
the advancement of biofabrication techniques would benefit the 3D in vitro tissue or
organ modeling for the study of biomechanics and mechanobiology.
In the future, we will continue the development and validation of possibility of
microtissue array device for the toxicity characterization of carbon-based nanomaterials,
and compare it with animal data. For blood clot flow system, we will evaluate the
diagnosis efficacy of clotMAT device for more patient samples, and characterize the
potential of fabricating an in vitro diagnosis device (IVD) by optimizing the device
sensitivity and integrating an optical system for pillar-displacement measurement to
detect the blood clotting disability. We will also optimized the clotMAT device to
achieve highly sensitive, fast and cost-effective detection of blood clotting disability.
As for the compressive buckling fabrication platform, we will try to figure out more
potential application of it for tissue engineering and regenerative medicine.
1.3 Contribution to the Research
My contributions to the projects including design and carrying out the experiments,
analyzing the data, drawing figures and writing most part of the manuscript.

3

Chapter 2: Literature Review
2.1 Acknowledgements
This part is a reformatted version of the submitted review paper entitled with
“Engineered tissue development in biofabricated 3D geometrical confinement – a
review” to ACS Biomaterials Science & Engineering under the supervision of
Dr.Ruogang Zhao. My contributions to the manuscript included drawing figures and
writing most part of the manuscript.
2.2 From 2D surface patterning to 3D tissue engineering
The traditional cell culture method by plating cells on 2D plastic substrate in a flask
help us grow and maintain cells for several decades. After the finding that cell fate (life
and death) could be controlled by geometric design in 19971, people started to analyze
the influence of substrate geometry and mechanical properties to cells behavior. Later
research found that proper geometry control, chemical and mechanical guidance could
determine cell growth, proliferation, differentiation and alignment2-5. These findings
help us gain the basic idea of how cells react to surrounding environment. However,
living tissue is a complex, heterogeneous structure where spatially-organized ECMs
present embedded cells with a variety of biochemical and mechanical signals. These
signals are important to the formation of tissue structures and maintaining tissue
homeostasis and physiological function. While planar 2D cell culture models have
proven to be a powerful tool for cell biology in the past century, they were not able to
model the proper microenvironment that are critical to the complex process of tissue
morphogenesis and associated biological functions. Cells in 3D in vitro tissue model
4

could better mimic native 3D in vivo cells that interact with complex ECM architectures
with different biochemical and biomechanical properties.
2.2.1 Surface geometrical design strategies
Topographical features at the cell-ECM interface is highly diverse. Focal adhesion
proteins of cells (such as integrin) in vivo adhere to fibronectin or collagen fibers, sense
and respond to sounding ECM topography to guide cell behavior. Proper surface
geometrical design that can engineer biomaterial surface with specific topological
features ranging from a few nanometers to hundreds of nanometers, which can function
as biophysical signals that guide cell proliferation, migration and differentiation.
Electrospinning is a well-used method to form micro/nanoscale fibers on biomaterial
substrate

6-8

. Continuous fiber filaments with controlled diameter (by controlling the

voltage) ranging from 10 nm to 5 μm could be produced on the collecting substrate by
a designed machine that induce high voltage on charged polymer precursor solution
that react with the electrostatic field. With a well control over the production process
of the fibers, researches successfully engineered fibrous surface with different filament
size, structure, density and alignment. Different architectural of the engineered fibrous
surface was used to study the cell-ECM interaction for different cell types and
conditions. Poly (ε-caprolactone) (PCL) nanofibrous surface with random and aligned
fibers could be produced by using electrospinning method 9. This kind of pattern mimic
the in vivo cell-ECM interaction of native fibrous proteins, and can be applied for the
study of cell phenotypical response and directed stem cell differentiation to different
fibrous substrate

10-11

. Figure 2-1A showed that human bone marrow mesenchymal
5

stem cells (hBMSCs) would have different response between random and aligned
fibrous surface

11

. HBMSCs would form aligned cell morphology and start the

osteogenic differentiation, which was characterized by measuring osteogenic related
biomarker gene expression level.

Figure 2-1. Surface geometrical design strategies. (A) SEM images of human bone
marrow mesenchymal stem cells (hBMSCs) grow on substrates form by
electrospinning method with random and aligned fiber alignment 11. Reproduced
with permission from ref 11. (B) SEM images of human embryonic stem cells grow
on 1nm and 20 μm roughness surface formed by reactive ion etching method 19.
Reproduced with permission from ref 19. (C) SEM images of fibroblast cells (after
24 h culture) grow on smooth and 350 nm nanogroove surface formed by
photolithography method 24. Reproduced with permission from ref 24. (D) SEM
images of human mesenchymal stem cells (hMSCs) grow on smooth Ti surface and
100 nm diameter TiO2 nanotube surface formed by a novel anodization process 25.
Reproduced with permission from ref 25.
It has been proved that surface roughness would greatly influence cell adhesion

12-14

.

The biomaterials’ surface roughness that can mimic the nano-structured ECM of native
tissue would better benefit cell behavior. In vitro studies use native or synthetic
polymers to possess a range of surface features by treating them with different
formulations that have surface chemistry effects, for example NaOH. Nano roughness
6

surface was produced by removing the extra chemicals, and the features surface could
be preserved by replica molding method

14-16

. Mechanical treatments were applied to

hard surface, like mental and glass, to produce nano roughness that can promote cell
adhesion and proliferation. Mechanically polished titanium alloy surface was used to
characterize osteoblastic cells grow

17

. Sand-blasting process was used to engineer

gradient surface roughness for the study of stem cell differentiation

18

. Reactive ion

etching (RIE) method was used to engineered controlled surface roughness by changing
the reaction energy and time (Figure 2-1B). This kind of surface was used for the study
of stem cell adhesion, spreading and self-renewal 19, capturing circulating tumor cells
20

, and stem cell differentiation 21.

Large surface pattern design in the range of hundreds of nanometer to several
micrometers can be achieved through photolithography and softlithography method.
Soft lithography method was first developed by Whitesides group in late 1990s that
used for nano/micro scale pattern transfer 22. Micro-electromechanical systems (MEMS)
based microfabrication method, such as photolithography, deposition and etching, was
used to first generate a master mold on silicon wafers, and then the topographical
features was transferred from the mold to polymer surface, such as PDMS

23

.

Techniques such as replica molding, solvent-assisted micro molding and heat
embossing have been developed for the achievement of more complex and purposespecific pattern transfer process 22-23. Ass you can see in Figure 2-1C, fibroblasts grow
on nanogroove surface, fabricated by photolithography method, can form better cell
alignment than smooth surface 24. Others use novel anodization process to form TiO2
7

nanotubes with diameters ranging from 30 nm to 100nm 25. They found that this kind
of specific nanostructure surface feature could induce cell cytoskeletal stress and stem
cell differentiation into osteoblast-like cells (Figure 2-1D). Overall, this kind of regular
patterns micro/nanoscale topographies with specific repeating unites formed by
lithography based biofabrication strategies can provide well-defined geometries for the
study of the mechanistic that influence cell-microenvironment interactions.
2.2.2 Surface biochemical and biomechanical properties design
Biomaterials’ surface should match not only the tissue's topography, but also its
biochemical and biomechanical properties, so that they can integrate with surrounding
cells/tissue and promote cell growth. Figure 2-2A shows the proteins involved in cell
adhesion 26. As you can see, integrin and cadherin are two major proteins that associate
with the cell-substrate adhesion and cell-cell interaction process. Myosin and actin, as
inter-cellular proteins, help maintain the cellular force balance and work together with
cell adhesion receptors in chemical and mechanical signal transduction process. A full
understanding of cell adhesion to substrate with different biochemical and
biomechanical properties would help the advancement of biointerfaces design that
match the native tissue to promote cell growth, mobility, proliferation and
differentiation.
Surface biochemical properties, for example hydrophobicity, have huge effect on cell
adhesion, which is critical in cellular physiological functions. Previous study on the
influence of surface chemistry on cell adhesion were done by Baier et al. in 1984

27

.

They found that materials with different surface energy would have different adhesion
8

Figure 2-2. Surface biochemical and biomechanical properties design. (A)
Schematic diagram of proteins that associate with cell–substrate adhesion and cellcell interaction 26. Reproduced with permission from ref 26. (B) Schematic
illustration of protein surface coating theory 27. Reproduced with permission from
ref 27. (C) Schematic of the microcontact printing process. (D) Fibroblasts grow on
soft and stiff matrix surface 36. Reproduced with permission from ref 36. (E) hMSCs
plated on PDMS microposts, scale bar 10 μm 40. Reproduced with permission from
ref 40.
respond to native tissue after implanted into New Zealand rabbits. This result shows
that we need to consider the integration of implanted biomedical devices to cells and
9

tissues for in vivo study. In vitro study also found that human skin fibroblasts would
have different amount of cell spreading on substrates with different surface energy 28.
Figure 2-2B shows the basic theory of surface chemistry modification 26, and it’s been
proved that cells respond to the coated protein layer first rather than the submerged
substrate 29. Surface chemistry methods, including microcontact printing, dip coating
and chemical vapor deposition, could coat material substrate with specific chemicals
that can promote cell growth. As collagen is the most abundant cell adhesion protein in
human body, 90% in bone tissue for example, researches always coat substrate surface
with collagen type I to achieve better cell adhesion and growth rate. Dip coating of
collagen solution on the materials surface can form a uniform collagen layer on top,
while microcontact printing method can achieve patterned surface coating with
collagen only on contacted area Figure 2-2C. Other native and synthetic proteins, such
as fibronectin 30, matrigel 31 and RGD peptide32, are also normal used surface coating
proteins. Recent in vivo and in vitro studies confirmed that synthetic RGD peptide is a
promising molecular that effective in promoting cell attachment 33.
Another important surface property is stiffness 34. Most of native cells grow in a relative
soft hydrogel based microenvironment rather than stiff glass, plastic or hard polymer.
Engineering surface that highly mimic the biomechanical properties of native tissue can
also help us understand how cell respond to surrounding environment. Surface stiffness
can be manipulated by varying hydrogel concentration, or through specific surface
design. The first in depth study of substrate stiffness influence on cell morphology was
done by Janmey group and Discher group in 2005
10

35-36

. They designed a series of

substrate with stiffness ranging from 180 Pa to 16000 Pa by changing the concentration
of crosslinker, and studied the morphological difference of fibroblast cells grow on
those substrate (Figure 2-2D). Later research found that substrate stiffness is also
associated with stem cell differentiation

37-39

. Varying surface stiffness could also be

achieved by surface topological design, for example, PDMS absed micropost arrays 40.
As you can see in Figure 2-2E, stem cells grow on elastomeric micropost arrays would
sense the substrate and bend the microposts. They found that modulated substrate
rigidity by changing the length of the micropost would have influence in cell
morphology, focal adhesion and stem cell differentiation.
2.2.3 Review of 3D tissue patterning
To address the limitation of 2D culture models, significant efforts have been made in
the past decades to develop 3D culture models that mimic the dynamic tissue
environment. Independent approaches based on different culturing techniques have
been developed to model specific tissue types. For example, early development of the
3D culture models utilized simple techniques such as layered hydrogels and hangingdrops to capture the formation of mammary acini and embryoid bodies

41-44

. Together

with recent advances in stem cells biology and induced pluripotent stem cell (iPSC)
technology, these simple approaches have yielded remarkable self-organizing organoid
models that recapitulate the development of brain cortex
villus of the intestine

47

45

, optical cup

, as reviewed in a previous work

48

46

and crypt–

. Although engineering

approaches have been adopted to control the microenvironment of organoid models
through varying the matrix stiffness and the gradient of the biochemical factors 49, it is
11

still difficult to achieve consistency in these models in terms of the size, shape and
internal structures. Furthermore, these models mostly capture epithelial development
events, which has limited utility in other tissue types.
More recently, the advancement in microfabrication and polymeric materials has
resulted in the development of organ-on-chip models that, to some extent, mimic the
structure and composition of human tissues and allow to test drug responses under in
vivo-like conditions

50

. For example, in a lung-on-chip device an alveolar epithelial

cell-lined air chamber and a capillary endothelial cell-lined fluidic chamber is separated
by a porous silicone membrane to mimic the alveolar-capillary interface 51. This system
is able to model inflammatory responses and pulmonary edema and has been used to
identify potential therapeutics for edema 52. Cardiac cells seeded on patterned 2D elastic
membrane have been used to model the beating function of cardiac muscle and drive
the motion of soft robotics 53-55. Multiple compartments of liver, heart and kidney cells
have been integrated using microfluidic channels to mimic the systematic effect of
multiple organs under drug treatment

50, 56-61

. Together, these organ-on-chip models

have substantially improve the physiological relevancy of the in vitro culture models,
however, since cells are seeded on 2D elastic membranes, extracellular matrix (ECM)
components are lacking in these systems, which significantly limit their capacity to
model tissue morphogenesis and remodeling.
Recent advancement in biofabrication technologies such as lithography-based
microfabrication and bioprinting has allowed the creation of 3D geometrical patterns
that can guide the dynamic interaction between cells and ECM, leading to the formation
12

of morphologically-controlled engineered tissues that recapitulate the structure and
function of native tissues. The driving force of such morphogenesis is the isotropic
contractile force generated by the cell population. When the propagation of such
collective contractile force is restricted by the geometrical boundary conditions,
anisotropic tissue pattern emerges as a result of the balance between tissue contractile
force and boundary condition. The working principle of contractile force-driven
assembly of engineered tissues has been detailed in a prior review

62

. In the current

review, we will expand the scope of the prior work by first introducing advanced biofabrication methods that have been used to create varies geometrical constraints at
different length scales and then detailing the morphological and functional
characteristics of these spatially-patterned 3D tissues (Table 2-1).
2.3 Lithography-based approaches for 3D tissue engineering
Photolithography is a process where light is patterned through a photomask to achieve
spatially controlled curing in a light-sensitive material. After photo-curing, unwanted
material is removed and remaining material forms a 3D structure with certain depth or
height in desired areas

63

. Historically used for producing electronic chips such as

integrated circuits, this method offers high spatial resolution down to several
micrometers, which is not only smaller than single cells but also close to the size of
single focal adhesions. Therefore, this method has been used widely to control the
topology of focal contacts between cells and substrates in mechanobiology studies
65

64-

. However, since the implementation of this technology requires a modern cleanroom

facility where the environmental factors such as airborne particles, temperature and
13

humidity are strictly controlled and special training on photolithographic process, the
initial setup of this technology can be a lengthy and costly process unless cleanroom
facility and training are easily accessible.
A major improvement made by Whitesides group to photolithography is to transfer 3D
patterns formed in rigid, non-biocompatible materials to soft, biocompatible polymeric
materials, a process known as soft-lithography.

This process is facilitated by the use

of polydimethylsiloxane (PDMS) that can replicate nanometer fine features in the
master structure through replica molding. The good moldability, biocompatibility and
optical transparency of the PDMS enables the wide spread of lithography-based
microfabrication technology in a number of bioengineering fields including
mechanobiology, microfluidics and tissue engineering

65-67

. However, due to its

property to absorb small molecule compounds and its poor degradability, PDMS
devices have limited utility in drug screening and implantation 68-69.
Hydrogels consist of networks of water-absorbing polymer chains whose chemistry can
be modified to allow cell adhesion and degradation. Cell-encapsulated hydrogels are
the most common format of engineered tissues. To improve the spatial control of cell
distribution, 3D patterns have been created in hydrogels through either demolding from
a micro-patterned PDMS mold or directly photo-crosslinking of photo-sensitive
hydrogel prepolymers

70-71

. Due to its inherent low mechanical strength and rigidity,

commonly used hydrogel materials such as poly(ethylene glycol) diacrylate (PEGDA),
gelatin methacrylate (GelMA), hyaluronic acid methacrylate (HAMA) do not support
the creation of 3D structures with very high spatial resolution. However, such
14

Table 2-1
Biofabrication

Type

of

method

confinement
Microgroove,
microrib

Representative case of tissue
development

Advantage

Limitation

Endothelial cells align in fibrin gel
to form vascular cord 81, 89, 90.
Skeletal and cardiac muscle cells
align to form myofibers 92-98.
Concave

corner

geometry

stimulates fibrous tissue growth
and differentiation 106-108.
Confined

cell

nuclear

Lithography-

Microwell

based:

Expensiv

volume

affects

morphology

e

and

differentiation of stem cells

110-114.

and

complicat
High spatial

ed setup,
long

photolithograp

Branching morphogenesis occurs

resolution,

hy

at the end of mammary epithelial

well-

softlithography

tubules 116-120.

established

to create 3D

Transmural

patterns

in

hydrogel

PDMS

or

angiogenic sprouting 122, 123.

n of thick

Membranous lung microtissues

tissue

and

hydrogel
through replica

flow

in

opening

narrow

method

fabricatio
n
duration,
difficulty in

stimulates

fabricatio

formed through anisotropic gel

molding

compaction
micropillars
Micropillar

Skeletal

around

multiple

142.

and

bundles

cardiac

formed

muscle
through

anisotropic gel compaction around
two micropillars 144-152.
Skeletal muscle cells align along

Relativel

microfibers 161.
3D

printing-

based:
Extrusion

Microfiber

seeding
of

cardiomyocytes

in

microfiber lattice 162, 202.

polymer
microfiber

A cardiac patch formed through

Endothelialization
Sacrificial

channels

microfiber

dissolving

in

formed
carbohydrate

fibers 165-168.
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y

Simple
setup,

low

cost,

fast

prototyping
open
through
glass

low

spatial
resolution
,

limited

choice of
bioinks

intermediate resolution in the range of one hundred to several hundred micrometers is
often sufficient for tissue engineering applications. In 2D cell patterning, a variety of
geometrical constraints including stripes, squares, and circles have been created on
planar substrates using lithography-based microfabrication techniques such as
microcontact printing

72

. In the following sections, we will review the evolution of

geometrical constraints from 2D to 3D and their effects in regulating 3D tissue
formation and remodeling (Table 2-1).
2.3.1 Microgrooves and microribs
Alignment is a common morphology found in ECMs (e.g. collagen fibers in tendon and
ligaments) and cells (e.g. striated muscles) in native tissues, and it plays an important
role in tissue pattern formation and the generation and transmission of mechanical
forces. Cellular alignment has been created using 2D substrates patterned with
micro/nano-grooves and protein-coated microstripes. A variety of microfabrication
techniques such as deep reactive ion etching 73, electron beam lithography (EBL) 74 and
photolithography

75

have been used to create these patterns. The characteristic

dimension (e.g. width of the grooves and stripes) of these patterns is normally less than
10 µm, which is comparable to that of the cellular focal contacts. The process of cells
aligning along the direction of microgrooves and microstripes through establishing
focal contacts over topological features is known as contact guidance, which has been
observed in many cell types including fibroblasts, ECs, epithelial cells, and
macrophages

12, 76-78

. Contact guidance has been shown as a process of cellular

contraction-mediated morphogenesis under boundary constraints provided by
16

topological cues.

In an early work, nano-grooves (gratings) have been created using

nanoimprinting in PMMA film and transferred to PDMS substrates through
micromolding. Significantly enhanced alignment and elongation of bovine pulmonary
artery smooth muscle cells were found on the gratings as compared to cells seeded on
conventional 2D surface. Gratings also increased nuclei elongation and alignment, but
decreased cell proliferation 79. Similar microgrooved grating was also used to control
the alignment and orientation of corneal fibroblasts and smooth muscle cells 80.
Microgrooves and microribs with larger width and depth than those on 2D substrates
have been created to enable the formation of aligned 3D tissues. The increased
dimensions of these geometrical confinements serve to accommodate 3D tissue volume.
While increasing the width (i.e. dimension in X-Y plane) of the microgroove is
straightforward, increasing its depth (i.e. dimension in z axis) using photolithography
is challenging, since commonly used photoresists such as SU8 are intended for creating
patterns with thickness less than 100 µm. If thicker patterns are desired, multilayer
photolithography is needed, which adds additional risk of failure to the fabrication
process. As a result, most of the 3D geometrical confinements created using
lithography-based methods have a thickness less than 100 µm. 3D microgrooves and
microribs are often created directly in PDMS or hydrogels through micromolding using
prefabricated templates (micromolds), which are often made of PDMS.

Once cells

and matrix are seeded in the microgrooves, the elongated geometry of the confinements
assist the formation of longitudinal alignment of cells and ECM fibers, mimicking the
morphology of endothelial cells of the vascular tissue 81 and fused myotubes of striated
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muscles 82 (Figure 2-3A). This process is potentially governed by the same mechanism
as that of contact guidance in 2D; however, the exact mechanism of geometry-guided
cell alignment in 3D engineered tissue is not well understood.
In addition to micromolding, microgrooves have been created directly through photopatterning in biocompatible, photo-sensitive polymers. For example, microgrooves that
were created directly in poly (ethylene glycol)-dimethacrylate (PEG-DMA) through
patterned UV curing have been used to house mesenchymal stem cell (MSC)-laden
thermal

responsive

copolymer

chitosang-poly(N-isopropylacrylamide)

(CS-g-

PNIPAAm) and direct the chondrogenic differentiation and alignment of MSCs. The
chondrogenic differentiation efficiency of the MSCs was found to be higher in patterned
scaffold than conventional culture, as demonstrated by elevated collagen and
glycosaminoglycans (GAGs) secretion

83

. Similar UV patterning technique has been

used on gelatin methacrylate (GelMA) to create microgrooves that support the
alignment of fibroblast, skeletal muscle and cardiac muscle tissues. The good
biocompatibility and photo-curing property allows cell-laden GelMA prepolymer to be
directly patterned, eliminating the micromolding step. A detailed review of GelMA
synthesis, patterning and applications has been presented previously 84. Hyaluronic acid
methacrylic (HAMA) is another example of nature polymer derived photo-sensitive
scaffolding material that can be directly patterned using light exposure. Microgrooves
created directly in HAMA hydrogel have been used to regulate the endothelial cord
formation by co-culturing of HUVECs with fibroblasts

85

. The fabrication and

application of HAMA hydrogels have been summarized in a previous review 86-87.
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Figure 2-3. Remodeling of engineered tissues in microgrooves and microwells. (A)
High aspect ratio microgrooves result in longitudinal cellular alignment. (B, C)
Representative schematic and merged phase and fluorescence images of endothelial
cord formation at 10 hours in PDMS microchannels that are 150 μm wide 90.
Reproduced with permission from ref 90. Copyright 2013 National Academy of
Sciences. (D) Low aspect ratio microwells result in reduced level of cellular
alignment during tissue remodeling. (E) Anisotropy of actin filaments decreased
(less aligned) with decreasing aspect ratio of fibroblast-seeded microwells (close to
a square) 106. Scale bar = 200 µm. Reproduced with permission from ref 106.
Copyright 2016 John Wiley and Sons. (F) High curvature at the microwell corner
stimulates localized cellular alignment. (G) Corner geometry stimulated fibroblast
alignment and fibrous tissue growth and differentiation 108. Scale bar = 50 µm.
Reproduced with permission from ref 108. Copyright 2018 The American
Association for the Advancement of Science. (H) Staining of actin stress fibers in a
new tissue formed in 3D triangular matrix channel 109. Reproduced with permission
from ref 109. Copyright 2008 The Royal Society. (I) Confined cell volume affects
nuclear morphology and differentiation of stem cells. (J) Representative images of
nuclear morphology in confined cells with different geometries but same volume
114
. Scale bar = 20 µm. Reproduced with permission from ref 114. Copyright 2017
Nature Publishing Group.
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The elongated geometrical confinement has also been created as relief patterns such as
microribs and microfibers. For example, planar lattice structure containing crisscrossed ~ 50 µm diameter microribs was demolded from silicon molds patterned using
photolithography and etching

88

. The elasticity of the poly(glycerol sebacate) (PGS),

which is used to construct the lattice, helped the demolding process. Through layer-bylayer stacking of the planar lattice, a 3D polymeric scaffold was achieved with
controlled pore size. Such a 3D structure was found to guide the alignment of mouse
myoblasts (C2C12) and neonatal rat heart cells into multicellular bundles approaching
macroscale dimensions. A novel method to generate core-shell composite microfibers
that mimic skeletal muscle fiber has been developed by electrospinning nanofiber yarn
as the core and casting a photocurable hydrogel material as the shell. C2C12 myoblasts
seeded onto this scaffold showed enhanced cellular alignment, elongation and
differentiation 82. Together, microfabricated relief patterns appear to govern the tissue
alignment in a manner similar to that of microgrooves.
Cellular alignment is often found in vascular tissues and striated muscles. In blood
vessels, circumferential alignment of smooth muscle cells (SMCs) allows the
generation of contractile forces that control vessel diameter and blood pressure.
Endothelial cells (ECs) line the lumen of the blood vessels and serve as a barrier
between blood flow and vessel wall. ECs align along the longitudinal direction of the
vessel in response to the hemodynamic shear flow. Since perfusable, viable vasculature
is important to the nutrient delivery in engineered tissues, various alignment approaches
have been employed to improve the morphology and function of vascular cells in
20

engineered tissues. In an early work, Chen group formed diameter-controlled capillary
vessel by seeding endothelial cell-laden collagen gel into micromolded PDMS grooves.
Vascular branching was achieved using this platform, allowing the generation of
complex capillary structures

81

. PDMS microgroove was also used to create vascular

cord in fibrin gel, which was later seeded with hepatic cell aggregates to form a
humanized liver tissue. Upon implantation in a mouse model, liver tissue developed
perusable vascular network, produced human liver proteins and expanded more than
50-fold in vivo

89

. Similar fibrin gel containing micromolded vascular cords also

showed enhanced host integration and blood vessel formation as early as three days
after implantation in animal model (Figure 2-3B, C)

90

. Through laser-assisted

photopolymerization of micro-stripe patterns on poly(ethylene glycol) (PEG) hydrogel
surface, West group studied the effects of micro-stripe geometry on endothelial
tubulogenesis and angiogenic responses 91.
Striated muscles, including skeletal muscle and cardiac muscle, generate contractile
forces to drive heart beating and body movement. The contractile function of the muscle
requires aligned muscle cells whose contractility can be coordinated. Alignment
facilitates the fusion of muscle cells into multinucleated myotubes that are further
assembled into myofibers in cardiac and skeletal muscles

92-93

; therefore, in order to

engineer a functional cardiac tissue, aligned cell morphology needs to be achieved. To
this end, geometrical patterns that can guide self-assembly and alignment of
cardiomyocytes have been used for cardiac tissue engineering

94

. Aligned polymeric

microfibers formed through electrospinning has been shown to guide cardiomyocyte
21

alignment and this property is affected by the physio-chemical characteristics of the
microfibers such as their size, density and surface coating

95-98

. Co-cultured

cardiomyocytes and cardiac fibroblasts casted in rectangular GelMA microwells of 1:4
aspect ratio exhibited enhanced cytoskeletal alignment, cardiac specific protein
expression and synchronous contraction 99. NIH3T3 fibroblast-laden, UV cured GelMA
microribs have been subjected to compression to study the effect of compressive strain
on cell alignment

100

. Ring-type tissue models have been developed through molding

technique and integrated with a tensile apparatus for mechanical conditioning under
either static or dynamic loads. Skeletal muscle cells and cardiomyocytes have been
incorporated in these models and tensile loading was shown to induce cellular
alignment, myotube formation, myogenic gene expression and contractile force
generation 101.
2.3.2 Microwells
While longitudinally aligned cell morphology is important to the development and
maturation of certain tissue types such as skeletal muscle, cardiac muscle and blood
vessels, it is not the dominant morphology for many other tissue types. For example,
branching morphogenesis during the development of epithelial tissue was shown to be
sensitive to localized mechanical environment such as stress and strain concentrations.
In 2D culture, local geometrical confinement such as curvature and corners have been
created through patterning simple geometries including squares, triangles and circles
using photolithography and micro-contact printing. The stress and strain concentrations
induced by these planar geometrical constraints have been shown to regulate the growth
22

pattern of epithelial cells

102

and the differentiation of mesenchymal stem cells and

pluripotent stem cells 103-105. Similar to the approaches used for microgroove fabrication,
microwells of simple geometries have been created using lithography-based methods
to model localized mechanical confinement to 3D tissues (Figure 2-3D, Table-1). In
fact, the main difference between microgrooves and microwells is the aspect ratio.
When the aspect ratio is large enough (e.g. larger than 8:1), microwells are likely to
induce global anisotropy (alignment over long distance) in cell morphology, ECM fiber
arrangement and cytoskeleton organization in engineered tissues, similar to the effects
of microgrooves. However, when the aspect ratio is small (e.g. less than 4:1), local
anisotropy induced by the curvature and corner of the microwell is likely to dominate
(Figure 2-3E) 106.
Residential fibroblasts play important role in maintaining tissue hemostasis and wound
repair. During wound repair, fibroblasts differentiate to myofibroblasts that generate
high contractile force and deposit large amount of ECM to facilitate wound closure.
However, when this process is out of control, excessive ECM deposition and overly
contracted tissue structure lead to scar formation. Similar process occurred in many
organs is known as organ fibrosis, which currently has no cure 107. To facilitate the study
of fibroblast-mediated tissue remodeling, a variety of geometrical confinements have
been developed. Rectangular PDMS microwells with different aspect ratios have been
created to study the effect of geometrical cue on fibroblast patterning and matrix
anisotropy. The orientation of fibroblast stress fibers, microtubules and fibronectin
fibrils were examined using confocal imaging. Microwells of the same size but different
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aspect ratios ranging from 1:4 to 1:8 were found to induce high level of cellular
anisotropic alignment and such alignment can be disrupted by cytoskeleton inhibiting
drugs (Figure 2-3E) 106. In contrast, cardiac microtissues with fixed aspect ratio of 1:4
but different sizes and cellular compositions have been developed to study the effect of
these factors on cardiac tissue maturation. Enhanced cytoskeletal organization, cardiacspecific protein expression and synchronous contraction were achieved in co-cultured
system with cardiomyocytes to cardiac fibroblasts ratio of 2:1, as compared to the
monoculture regardless of the tissue geometry. Decreasing the construct size adversely
affected the synchronous contraction of the cells
microwells

have

been

fabricated

in

PDMS

99

. Millimeter-size rectangular

substrate

using

microscope

photolithography and their corners were used to create tensile stress patterns that
regulate microtissue growth (Figure 2-3F). During tissue growth, fibroblasts assembled
their own ECM as they were gradually closing concave scaffold clefts at the corners. It
was shown that fibronectin expression, cell proliferation and tissue growth during the
transition of fibroblasts into myofibroblasts were all regulated by cellular tensile forces
at the growth front (Figure 2-3G) 108. Curvature-driven effects on tissue growth have
been studied by creating tissues in three-dimensional matrix channels of different
shapes (e.g., triangular, square, hexagonal and round). Results imply that cells within
the tissue surface are able to sense and react to radii of curvature much larger than the
size of the cells themselves (Figure 2-3H) 109.
The nucleus is one of the most important cellular organelles that contains genetic
information, yet little is known about the biophysical cues that regulating its
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morphology and function. Recent studies of nucleus structure and mechanical
properties have shown that the nucleus changes its morphology and internal structure
for important cellular processes

110-111

; however, the mechanisms by which physical

cues impact cell and nucleus function are not entirely clear due to the difficulty to
recapitulate the complex 3D microenvironment of tissue where cells reside.
Geometrical confinement has recently been used as an approach for interrogating the
effect of biophysical cue on nucleus function (Figure 2-3I). Micropatterns of two
different areas (900 and 2500 µm2) and various geometries (e.g., square, rectangle and
parallelogram) were created using copolymers of Oligo(ethylene glycol) methacrylate
(OEGMA) and methacrylic acid (MA) in tissue culture dishes. It was shown that at low
cell aspect ratios the orientation of the nucleus was regulated by actin filaments while
cells with high aspect ratios can maintain nuclear shape and orientation even when actin
polymerization was blocked, suggesting that cell shape and cytoskeletons are both
important to the regulation of nucleus shape 112. Single human osteosarcoma has been
confined in rolled-up silicon oxide microtubes of different diameters (4-16 µm). It was
shown that cell elongation caused by microtube confinement induced nucleus
elongation, but this change in nuclear morphology did not cause major damage to
nuclear DNA integrity. Smallest diameter microtubes inhibited cell division (mitosis)
but this was not observed in larger diameter microtubes

113

. In a recent study, HAMA

microwells of different shapes (e.g., cylinder, triangular prism, cubic, and cuboid) were
used to apply 3D geometrical microniche to human mesenchymal stem cells (hMSCs).
It was found that both the size and geometry of the microniche affect actin filaments,
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focal adhesions, nuclear shape, YAP/TAZ localization, cell contractility, nuclear
accumulation of histone deacetylase 3 and lineage selection of the hMSCs (Figure 23J) 114. In addition to the above studies, microwells for single cell trapping and analysis
have been reviewed in a previous work 115.
During embryonic development, epithelial cell sheets create a variety of tissue
structures such as grooves, tubes, and capsules through exerting contractile forces,
proliferation and directed movement

116-117

. The underlying mechanobiological

mechanism involved in embryo development is not clear. To study the development and
morphogenesis of epithelial tissues, a number of microwell-based geometrical
confinements have been created in hydrogels (Figure 2-4A). In an early work by
Nelson et al., authors used lithography and micromolding to control the initial threedimensional structure of mouse mammary epithelial tubules casted in collagen gels.
The influence of geometry on mammary branching morphogenesis was studied by
varying the shape of the epithelial tubules. Branching was found to initiate at sites with
a local minimum in the concentration of autocrine inhibitory morphogens, such as
transforming growth factor–β (Figure 2-4B, C)

118

. Later, this group utilized similar

approach to engineer geometry-controlled epithelial ducts that contain a single tumor
cell. It was found that proliferation and invasion of tumor cells were enhanced at the
ends of duct where endogenous mechanical stress is high. When the tumor cell was
located elsewhere in the duct, the invasion and proliferation were blocked. The
contractility of the host epithelium was also shown to affect the invasiveness of the
tumor cells 119 . Hydrogel protrusion structures with high aspect ratio that mimic human
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Figure 2-4. Epithelial and endothelial morphogenesis under 3D geometrical
confinements. (A) Localized microenvironmental cues stimulate epithelial
branching morphogenesis in hydrogel microwells. (B) Mammary epithelial
branching frequency map 24 hours after induction of branching in bifurcated tubules
118
. Scale bar = 50 μm. Reproduced with permission from ref 118. Copyright 2006
The American Association for the Advancement of Science. (C)
Immunofluorescence staining of actin (red) and nuclei (green) of fractal trees that
undergo branching morphogenesis. Inset shows calculated concentration profiles of
diffusible inhibitors for fractal trees. Scale bar = 50 μm. Reproduced with
permission from ref 77. Copyright 2006 The American Association for the
Advancement of Science. (D) Transmural flow in narrow hydrogel opening
stimulates angiogenic sprouting. (E) Representative image of flow-induced
angiogenic sprouting at the end of opening 123. Scale bar = 200 μm. Reproduced
with permission from ref 123. Copyright 2014 National Academy of Sciences.
intestinal villi were fabricated using a sacrificial molding method. Colon epithelial cells
were able to grow and cover these finger-like structures after long-term culture 120.
Endothelial cells maintain alignment in established blood vessels in response to the
shear flow, but they sprout and invade into surrounding tissues during angiogenesis.
Angiogenesis is regulated by mechanobiological factors s uch as substrate stiffness and
geometrical confinements

121-122

. To regulate angiogenesis in vascular tissues,
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geometrical confinements created in hydrogels have been used.

For example,

endothelial cell-seeded, close-end openings created in collagen gel were used to
examine the effect of geometrical confinement on angiogenic sprouting (Figure 2-4D).
It was found that continuous flow was needed to sustain sprouting and prevent
retraction after the initiation of sprouting, and increased shear rate in local narrowing
area promoted sprouting (Figure 2-4E) 123. In another study, vascular microtissues of
different shapes were formed in agarose microwells and were allowed to contract
autonomously to form regions of large deformations. It was shown that long-range
gradient of vascular endothelial growth factor (VEGF), the local overexpression of the
corresponding VEGF receptor 2 and local differences in endothelial cell proliferation
spatially correlated with the region of large deformation, leading to the formation of
patterned vascular structures in these regions 124.
2.3.3 Micropillar-based
While microgrooves and microwells have been shown to be powerful tools to apply
geometrical constraints to 3D tissues, they are not very effective in regulating the
morphogenesis of self-assembled tissues and lack the capacity to assess the mechanical
forces associated with tissue remodeling. In early works by Chen group, flexible PDMS
micropost array was developed that reports cell contractile force based on micropost
deflection. These microposts are less than 5 µm in diameter; therefore, they can be
easily deflected by the contractile force of single cells. Cells are seeded on top of the
microposts, forming a planar culture of single cells or cell sheet. Micropost array has
been used to study the effects of geometrical confinements on single cell force
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generation 102, 125-126 and the effect of substrate stiffness on stem cell differentiation 127128

. However, due to the small number of cells under study, this system does not

consider the inherent biological variability of cell population. To address this limitation,
Chen group developed groups of micropillars that are much larger in size as compared
to the microposts 129. In this system, a group of flexible micropillars is fabricated in a
microwell and a mixture of cells and ECM proteins such as collagen and fibrin is placed
into the microwell. Once seeded, cell population starts to exert contractile force on the
matrix gel, causing it to compact; however, due to the existence of micropillars in the
gel, which serve as boundary conditions, the compaction process is restricted, leading
to the formation of geometrically-controlled, submillimeter 3D microtissues that anchor
on top of multiple micropillars (Figure 2-5A, B). The driving force of such
morphogenesis is the isotropic contractile force generated by the cell population. When
the propagation of such collective contractile force is restricted by the geometrical
boundary conditions, anisotropic tissue pattern emerges as a result of the balance
between tissue contractile force and boundary condition. The working principle of
contractile force-driven assembly of engineered tissues has been detailed in a prior
review 62. In addition to act as boundary conditions, the micropillars also serve as force
sensors that can report in-situ tissue force generated by the cell population. By virtue
of their small dimensions, the microtissues offer orders of magnitude scale-up
advantages over conventional bulk hydrogel models and open up the possibility to
integrate with other microfabricated platform such as microfluidics.
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Figure 2-5. Engineered tissue development under micropillar-based geometrical
confinement. (A) Anisotropic compaction of cell-laden matrix around a pair of
micropillars leads to the formation of a dog-bone shaped microtissue containing
highly aligned cells. (B) Multiple-micropillars guide the formation of microtissues
with biomimetic, complex morphology. (C) Side view of a fibroblast-populated
collagen microtissue hanging between two micropillars. A magnetic bead was
mounted on the right pillar for active tissue stretching 139. Scale bar = 100 µm.
Reproduced with permission from ref 139. Copyright 2014 Elsevier. (D) Staining of
the actin filaments showed cellular alignment along the longitudinal axis of the
microtissue 140. Scale bar = 200 µm. Reproduced with permission from ref 140.
Copyright 2016 Springer Nature. (E) Representative 2D-projected fluorescent
confocal images of a four-leaflet lung microtissue stained for F-actin. Note highly
aligned F-actin stress fibers running along the diagonal axis of the microtissue 142.
Scale bar, 500 µm. Reproduced with permission from ref 142. Copyright 2018
Springer Nature. (F) A SEM image of a four leaflet human lung fibroblast-populated
microtissue shows its biomimetic, membranous morphology 142. Reproduced with
permission from ref 142. Copyright 2018 Springer Nature. (G) Mesoscale PDMS
post arrays guide local alignment of skeletal myocytes through geometrically
patterning the mechanical tension. Cell-mediated hydrogel compaction around the
posts was clearly visible 149. Scale bar = 2 mm. Reproduced with permission from
ref 149. Copyright 2009 Springer Nature. (H) Muscle cell alignment map in a tissue
construct. Inset, the same image of F-actin (green) without the overlaid map. Scale
bar = 200 µm. Reproduced with permission from ref 149. Copyright 2009 Springer
Nature.
In an early work, Legant et al. used two-micropillar setup to study the effects of
boundary stiffness and ECM concentration on microtissue remodeling and force
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generation. They found that increased micropillar stiffness and ECM concentration
caused increases in microtissue force generation and protein deposition

129

. However,

the change in the tissue stiffness was not examined in this study. Since tissue stiffness
has been shown as one of the most important biomechanical factors regulating cellular
functions such as stem cell differentiation 39, 130-131, cancer invasion 132-134 and fibrosis
progression 135-136, our group has utilized a similar two-micropillar system to perform
in-depth studies to understand the origin and development of tissue stiffness during
tissue remodeling. For example, using a magnetically actuated two-micropillar system,
we studied individual contributions of cellular component and ECM component to
tissue contractile force and stiffness. It was shown that encapsulated cells mainly
contribute to tissue contraction and ECM component predominantly determines the
tissue stiffness

137-138

. In a follow up study, we further unveiled that stiffening of the

fibrous tissue is mainly contributed by increased anisotropic compaction of the collagen
matrix, as a result of elevated cell contraction force (Figure 2-5C) 139. Using a similar
system, we also examined the effects of various types of carbon nanotubes on tissue
contractile force generation (Figure 2-5D) 140. By varying the number and arrangement
of micropillars, Foolen et. al. created tendon-like microtissues with different degree of
anisotropy and showed that cells residing in an ‘unscarred’ anisotropic tissue (i.e. a dogbone shaped microtissue supported by two micropillars) have superior remodeling
capacity, when compared to their ‘scarred’ isotropic counterparts (i.e. a square
microtissue supported by eight micropillars). This indicated that increased tissue
anisotropy enhances the cellular potential for functional remodeling of the matrix 141.
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Recently, our group has developed a multiple-micropillar system (i.e. eight micropillars
or more) and designed micropillar array patterns to allow the creation of
morphologically-controlled lung microtissues (Figure 2-5E, F)

142

. We showed that

cells compact ECM freely along the micropillar height but such compaction in the
horizontal plane is restricted by micropillar-defined boundary condition, leading to the
formation of thin, membranous microtissues (Table 2-1). This unique membranous
morphology, which is characterized by the large surface area and small thickness,
mimics that of the lung alveolar sac walls and is important to the modeling of key
biomechanical events occurred during lung fibrogenesis. Using this system, we
recapitulated the pathological transition of this originally compliant, membranous lung
interstitial microtissue to fibrotic stiff tissue, caused by TGF-β1 induced myofibroblast
activation. Through micropillar-assisted patterning of stress distribution in the
microtissue, we also modeled other pathological features of the fibrotic lung, such as
traction force-induced bronchial dilation. In proof of principle tests, we documented the
utility of this system for multi-parameter, phenotypic analysis of the therapeutic
efficacy of two FDA approved anti-fibrosis drugs. Both anti-fibrosis drugs reduced the
contractility and restored the compliance of fibrotic microtissues 142. Using a two-pillar
microtissue setup, we also studied the fibrotic potential of carbon nanotubes in lung
microtissues 140. In another study, Chen group utilized four-micropillar setup to create
thick, fibrous microtissues that mimics the stromal tissue layer of the skin. Using this
system, they studied fibroblast migration during the closure of an artificial wound 143.
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In addition to fibrous tissues, micropillar system was also used as boundary constraints
to regulate the formation and maturation of muscle tissues. For example, Chen group
utilized a two-micropillar setup and the self-assembly property of murine
cardiomyocytes and fibroblasts to form 3D cardiac microtissues (Table 2-1). The dogbone shaped, elongated morphology of the microtissue facilitated the alignment of
cardiomyocytes. They revealed that the maturation and function of cardiac tissue, such
as the dynamic force and static tension generated by cardiac cells, are regulated by the
boundary stiffness and ECM concentration

144

. Stem cell derived cardiomyocytes is a

promising cell source for generating engineered cardiac tissues 145. In a follow up work,
human pluripotent stem cell (hiPSC)-derived cardiomyocytes were shown to selfassemble to shape-defined cardiac microtissues according to micropillar-defined
boundary conditions 146. Boundary condition induced uniaxial stress state was found to
promote sarcomere alignment. Along with electromechanical stimuli and optimized
cardiomyocyte to non-myocyte ratio, boundary-condition induced cardiac tissue
alignment enhanced cardiac maturation and electrical signal propagation. Large-format
engineered cardiac tissue (15 x 15 mm and 30 x 30 mm) formed using hiPSC-derived
cardiomyocytes, endothelial, and vascular cells under micropost defined boundary
conditions were shown to achieve maturation in 14 days. After implantation, this
cardiac tissue was shown to integrate with host vasculature and result in recovery in
myocardial function in infarct area 147.
Micropillar system was also used to regulate the morphology and function of skeletal
microtissues. Sarkar et al. used genetically modified skeletal muscle myocytes that
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respond to light activation to form muscle microtissues on a two-micropillar setup and
studied the effects of micropillar stiffness, pillar distance and pillar width on muscle
structure and contractile function

148

. Bursac group developed mesoscale PDMS post

arrays that guide local alignment of skeletal myocytes by governing the spatial pattern
of mechanical tension in the muscle tissue. Using this approach, they fabricated several
square centimeter large, few hundred micron-thick bioartificial muscle tissues
composed of viable, dense, uniformly aligned and highly differentiated cardiac or
skeletal muscle fibers (Figure 2-5G, H)

149-151

. Similar mesoscale skeletal muscle

tissues have been formed between two anchors by the same group and were used to
repair muscle defect in animal models. Boundary constraints helped the formation of
aligned muscle fibers. Implanted engineered muscle exhibited a steady ingrowth of
blood-perfused microvasculature along with an increase in amplitude of calcium
transients and force of contraction

152

. A two-micropillar based bio-bot was created

using stereolithographic 3D printing and skeletal muscle band self-assembled around
the micropillars was shown to stimulate cell alignment and muscle maturation, which
is critical to the contractile function of the bio-bots under electrical stimulation 153. As
smooth muscle cells (SMCs) differentiated from MSCs always lose their contractile
function, an embryonic transcription factor, NANOG, has been expressed in senescent
MSCs to restore their contractile function and myogenic differentiation potential.
Micropillar-based boundary condition was used to assist MSC microtissue formation
and the measurement of contractile force and actin polymerization in the microtissues
154

.
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2.4 3D bioprinting and other novel advanced approaches
2.4.1 3D bioprinting-based approaches

Figure 2-6. 3D bioprinting approach for 3D tissue engineering. (A) 3D printed cellladen hydrogel fibers assist muscle cell alignment 159. (B) 3D printed sacrificial
carbohydrate glass ink for patterned perfusable vascular channels formation 165.
3D bioprinting is an emerging technology capable of depositing cells-laden matrix in a
layer by layer fashion to attain complex tissue structures. Since recent development of
this technology has been summarized in a number of reviews

155-157

, we will focus on

the work that utilized 3D bioprinting to create geometrical constraints that can guide
the self-assembly of engineered tissues. Similar to lithography-based methods, 3D
bioprinting has been used to create longitudinal fiber structure to assist muscle
alignment, hollow tubing structure to mimic blood vessels and lattice structure to mimic
bulk tissues. For example, a PCL bundle was created by extrusion printing of PCL/PVA
polymer mixture and later leaching of the fibrillated PVA. The aligned PCL fibril
bundles help the alignment of C2C12 muscle cells

158

. Similar approach was used to

pattern pluronic/alginate cell-laden hydrogel fibers that was shown to assist muscle cell
alignment

159

(Figure 2-6A). Coiled spring-shaped alginate hydrogel fibers were also

printed and used to control the alignment and orientation of smooth muscle-like cells
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differentiated from dedifferentiated fat cells

160

. Extruded fibers composed of

decellularized skeletal muscle extracellular matrix-based bioink were shown to
facilitate the alignment of skeletal muscle cells and support high viability and
contractility as well as myotube formation, differentiation, and maturation 161.
Fiber extrusion method has also been used to create lattice structure that allow the
fabrication of tissue patches for wound repair. Interwoven fibers composed of stem cellladen decellularized extracellular matrix bioinks have been fabricated for cardiac repair.
It was shown that spatial patterning of dual stem cells promoted strong vascularization
and tissue matrix formation, enhanced cardiac functions and reduced cardiac
hypertrophy and fibrosis

162

. Ma group developed a weaving technique to construct a

meshwork of nanofiber yarn/hydrogel shell composite microfibers that mimic cardiac
muscle fiber. The geometrical guidance from the composite fibers was shown to control
cellular alignment and orientation and enhance cardiomyocytes maturation

98

. A 3D

mesh structure was fabricated through electro-hydrodynamic jet of biodegradable
PLGA fibers. The proliferation and alignment of fibroblasts were then examined on
printed 3D meshwork 163. Extrusion printing of hydrogel fibers containing a mixture of
alginate, collagen and gelatin was used to construct a lattice structure with controlled
degradation property under effect of sodium citrate. Human corneal epithelial cells
seeded in this construct were shown to have higher cell proliferation rate and greater
cytokeratin protein expression

164

. Through extrusion-based bioprinting of sacrificial

materials such as fugitive inks and carbohydrate glass and subsequent post-printing
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processing to remove the sacrificial vascular pattern, perfusable vascular channels have
been fabricated in hydrogel tissue constructs 165-168 (Figure 2-6B).
2.4.2 Microfluidic-Based 3D models

Figure 2-7. Microfluidic-Based 3D models. (A) Microfluidic 3D tumor models for
drug screening 170. (B) 3D microfluidic model that can recreate the interaction of
cancer cells and dendritic cells in 3D tumor organoids 172. (C) 3D microfluidic
angiogenesis screening for anti-angiogenic therapeutic drugs 177. (D) A U-shaped
microfluidic chip to capture flowing cells into arrays of pockets 179.
Microfluidic-based techniques have shown considerable promise in a different area of
biomedical research, and able to significantly optimize modern biology research
method

169

. The obvious advantages of microfluidic-based technologies, such as low

sample volume requirement, fast processing time and accurate fluidic control, make
them attractive in advancing experimental setups and process 67. Recent advancement
in combining the principles of 3D tissue engineering models and microfluidics, by
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optimizing fluidic design and biomaterials choice, have been used to study 3D tumor
models for drug screening

170-171

(Figure 2-7A). Recently, a novel 3D microfluidic

model that can recreate the interaction of cancer cells and dendritic cells in 3D tumor
organoids was developed for evaluating immunotherapy efficacy by tracking dendritic
cell migration

172

(Figure 2-7B). Taking the advantages of precise flow control and

small sample requirement, microfluidic 3D cell culture platforms were developed to
study the idea tissue culture process condition in controlled microenvironments 173-174,
and also for drug screening of regenerative medicine 175. Long term 3D ECM perfusion
culture of human mammary epithelial cells within biomimetic microchambers was
fabricated, and used to study anti-cancer drug efficiency 176. Kamm group developed a
new three dimensional (3D) cell culture-based microfluidic system to investigate the
function of different anti-angiogenesis drugs for in vitro high throughput screening
purpose. Their platform can provide consistent 3D tissue culture conditions for
quantitative measurement of different concentrations of vascular endothelial growth
factor (VEGF) influences on human umbilical vein endothelial cells (HUVECs)

177

(Figure 2-7C). Droplet-based microfluidics is also a useful platform for generating
various cell aggregates with different cell types under precisely controlled geometrical
condition 43. A Y-shaped microfluidic device with two inlets for two different culture
media was developed to guide the embryonic stem (ES) cells differentiation

178

. A U-

shaped microfluidic chip formed by photo polymerizing poly(ethylene glycol)
diacrylate hydrogel was fabricated to generate 3D multicellular spheroids by selfassembly of different types of single cells. The specific geometry design enabled the
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chip to capture flowing cells into arrays of pockets, and facilitate the formation of
spheroids with specific cell types 179 (Figure 2-7D).
2.4.3 Biorobot
Traditional artificial machines use mechanical, electrical and chemical activation
method to accomplish the desired function of moving around. Newly developed smarter
robotic paradigms can sense and react to the surrounding environment through a highly
integrated system180-182. Those precisely controllable machines developed so fast and
helped us on almost all different fields, including biomedical application 183-185. For
living animals, they can also do complex motions fundamentally through proteins like
molecular motors in living cells and tissue186. Over the recent years, scientists
developed different biohybrid actuation system by seeding contractile cells on
predesigned artificial structures to modulate of deformation, and we call this system
biorobotic system187-189. The most obvious advantage of biorobotic system is that they
do not need to be powered by batteries. However, cell generated force got very limited
knowledge on how to precisely control it, which makes it a challenging issue need to
be solved190.

Data shown that, starting from 2012, journal papers published on

biorobotics topic get tremendous growth190. Here we would like to overview some
representative scientific literature ranging from different size, cell type and structure
design.
Biorobotics could apply on both microscale191 and macroscale192 to provide mobility.
As you can see in Figure A, Veronika et al. developed a microscale biorobot composed
of a motile sperm cell and a magnetic microtube191. The tube structure of the magnet
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part can trap the single sperm cells through it and guide the cells motion using external
magnet. This method could be an alternative for in vivo fertilization process to guide
the sperm cells to the egg cells by incorporating a cell release mechanism. These
microrobotics can be guided to a target position by controlled stimuli, like chemical
gradients, light signals, magnetic and electrical field. The relative small in size makes
them applicable for on-site drug delivery microrobotics193-195. As for larger macroscale
biorobotic system, we need to use soft biomatrrials so that cells could be able to bend
it. To this point, we also call it soft robotics. Figure B showed a tissue engineered
artificial jellyfish with a well-defined swimming ability generated by properly aligned
cardiomyocytes. Cardiomyocytes can form well controlled alignment area on the
surface of soft biomaterial to different directions through computer-aid design
approaches, which makes it possible to manipulate the moving direction of the jellyfish.
However, better local muscle contraction control still challenging to achieve, to make
the artificial biorobot capable of sensing and response to the environmental stimuli192.
2.4.4 Other novel methods
A novel cell sheet wrapping up strategy was used to engineer vascularized biomimetic
bone graft that highly mimic cellular components and spatial configuration of native
tissue 196. Basically, they use a cylindrical biodegradable macroporous beta-tricalcium
phosphate (β-TCP) scaffold to wrap up 2D cell sheet, either single layer of mineralized
human mesenchymal stem (hMSC) cell sheet or double layer of vascularized human
umbilical vascular endothelial (HUVEC)/hMSC cell sheet (mimic periosteum layer),
to form a vascularized bone graft with enhanced angiogenesis and functional
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anastomosis. The engineered bone graft showed more bone matrix compared with plain
β-TCP measured by MicroCT analysis and osteocalcin staining. Programmable selffolding method was used to develope a multilayer (alginate, silk fibroin and parylene)
self-folding polymer film that can fold to 3D tubular configuration by proper original
2D geometry design 197. This method was applied to fabricate complex 3D fibre-shaped
cellular construct for cell encapsulation and the study of contractile motion of the
primary myocytes of neural cells. This method is also applicable for fibre-shaped
functional tissues, like muscle fibres, blood vessels and nerve networks for
reconstruction and assembly of functional tissues. Layer by layer assembly method is
also an interesting method. The layer-by-layer (LbL) technique was discovered in 1991
by Decher and co-workers for the fabrication of polymer multilayers constructed
mainly through electrostatic interaction, including the development of threedimensional cellular multilayers as a tissue model

198

. Endothelial cells between

parallel-oriented fibroblast sheets in a sandwich structure was patterned to construct a
continuous pre-vascular construct

199

. In the tissue, endothelial cells maintained the

shape of their original pattern. Radisic group reported a mechanically tunable scaffold
with three-dimensional microchannel network fabricated by layer-by-layer method 200.
The nanopores and micro-holes formed inside of the scaffold could enhance the cell
permeability and permits intercellular crosstalk, which could promote the assembly of
parenchymal cells with better vascularization efficiency. The combination of 3D
printing and layer by layer assembly method was used for the fabrication of centimeterscaled tissue engineering constructs with tailored architecture that can promote hMSC
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viability and differentiation

201

. Geometry, microstructure and mechanical properties

were characterized for the 3D plotted constructs using bioinks with optimized
alginate/methylcellulose blend.
2.5 Conclusion
While geometrical confinement has been shown as an important biomechanical cue for
regulating cellular behaviors, other biomechanical factors such as cyclic stretching and
fluid shear have also been shown to substantially affect the physiology and
pathogenesis of tissues. To enable physiologically-relevant modeling of the tissue
microenvironment, it would be ideal to combine multiple biomechanical factors that
are relevant to specific tissue types. For example, endothelial cell alignment created
using microgrooves and endothelial sprouting created under microwell confinement
can be combined with fluid shear to study their synergistic effect on angiogenesis

123

.

Since microfabrication techniques used to create geometrical confinements are also
used

to

fabricate

microfluidic

devices,

integrating

geometrically-controlled

microtissues with microfluidics should be straightforward. Aligned cardiac muscle and
skeletal muscle formed in microgrooves and membranous lung tissues formed on
micropillar array can be stretched cyclically to mimic the effects of heart beating and
respiratory motion on these tissues. In our recent study, micropillar-supported lung
microtissues have been combined with a simple stretching device for tissue stiffness
measurement, demonstrating the potential of integrating these biomechanical cues 142.
Although microtissues created using lithography-based molding approaches provide a
true 3D microenvironment to embedded cells, these microtissues are mostly placed on
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a planar substrate as a result of the lithography fabrication process. Since native tissues
have substantial thickness and volume at the macroscopic level such as the spiral
ventricular muscle band and the tortuous vessels in tumor and retinal diseases, further
development of the biofabrication technologies is needed to translate micropatterns
created in 2D substrates into volumetric engineered tissues. To this end, multiscale
fabrication approaches, which utilize lithography-based method to achieve highresolution and bulk fabrication methods such as stacking to achieve large thickness 200,
will provide a potential tool for the construction of clinically-relevant engineered
tissues.
3D bioprinting is becoming a useful tool for cell and tissue patterning; however, its
utility in tissue engineering is still limited by a number of factors such as the printing
resolution and limited choice of bioink that can rapidly and safely deliver cells into a
biomimetic microenvironment 202. With fast development of 3D printing, it is expected
that this technology will eventually allow multiscale tissue fabrication in which
microscale tissue structures and macroscale tissue volume and shape can be created at
the same time. Recently, the emergence of 4D printing where 3D printed responsive
materials can change shape under external stimuli has provided a new opportunity to
control tissue shape and morphogenesis. In this method, programmable/responsive
hydrogels have been formulated as bioinks that can be 3D printed into structures that
subsequently change shape upon external stimuli
magnetic field
responsive

204

, temperature

polymer

205, 206

or hydration

203

. The external stimulus can be

207, 208

poly(N-isopropy-lacrylamide)
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. For example, temperature

(PNIPAAm)

and

poly(e-

caprolactone) (PCL) were used to print a bilayer construct that can fold and unfold
under different temperature for the application of cell encapsulation 209. This structure
has potential utility in tissue engineering and cell therapy.
Since microfabrication technologies used to create geometrical confinements are also
used to fabricate microfluidic devices, there exists huge potential to integrate
geometrically-guided, morphology-controlled microtissues with microfluidics. Shear
flow is important to regulating the hemostasis of the endothelial cells and the interaction
between endothelium and red/white blood cells and platelets; therefore, an integrated
microfluidics-microtissue model will become a powerful tool for the study of the
physiology and pathogenesis of the above system. Although tissues created using
lithography-based molding approaches provide embedded cells with true 3D
microenvironments, the morphology of these tissues is mostly planar due to the inherent
property of the fabrication method. Since the macroscopic morphology of many tissue
types is truly three dimensional, such as the spiral pattern of the ventricular muscle band
and the tortuous vessels in tumor and retinal diseases, further development of the
advanced biofabrication technologies is needed. Although 3D biopriting is becoming a
useful tool that is capable of controlled material deposition in 3D, its utility in tissue
engineering is still limited by a number of factors such as the printing speed and printing
resolution. To utilize the inherent high resolution of the lithography-based method, an
integration of this method with macroscale fabrication methods such as origami based
approaches is needed. The development of such multiscale fabrication method will
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provide powerful tools that can help to increase the physiological-relevancy of
engineered tissues.
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Chapter 3: Lung Microtissue Array to Screen the Fibrogenic Potential
of Carbon Nanotubes
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3.2 Abstract
Due to their excellent physical and chemical characteristics, multi-wall carbon
nanotubes (MWCNT) have the potential to be used in structural composites, conductive
materials, sensors, drug delivery and medical imaging. However, because of their
small-size and light-weight, the applications of MWCNT also raise health concerns. In
vivo animal studies have shown that MWCNT cause biomechanical and genetic
alterations in the lung tissue which lead to lung fibrosis. To screen the fibrogenic risk
factor of specific types of MWCNT, we developed a human lung microtissue array
device that allows realtime and in-situ readout of the biomechanical properties of the
engineered lung microtissue upon MWCNT insult. We showed that the higher the
MWCNT concentration, the more severe cytotoxicity was observed. More importantly,
short type MWCNT at low concentration of 50 ng/ml stimulated microtissue formation
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and contraction force generation, and caused substantial increase in the fibrogenic
marker miR-21 expression, indicating the high fibrogenic potential of this specific
carbon nanotube type and concentration. The presented microtissue array system
provides a powerful tool for high-throughput examination of the therapeutic and
toxicological effects of target compounds in realistic tissue environment.
3.3 Introduction
Due to their excellent physical and chemical characteristics, MWCNT have the
potential to be used in structural composites, conductive materials, sensors, drug
delivery and medical imaging

2-5

. However, due to their small size and light weight,

MWCNT are exposed to the working environment as particular matter (PM) of
respirable size, and are considered an occupational inhalation exposure risk 6. The fiber
shape of MWCNT which is similar to asbestos has reminded people of the potential of
MWCNT to induce pulmonary disease, and, in particular, idiopathic pulmonary fibrosis
(IPF) 7-9. In vivo animal studies have shown that MWCNTs with different lengths10,
diameters11, contaminants12, and surface modifications13 could cause cellular apoptosis
and inflammation in the lungs, which leads to thickening and stiffening of the lung
tissue

6, 7, 14-19

. Such elevation of the mechanical properties of the tissue is a known

hallmark of tissue fibrosis. Therefore, identifying the impacts of specific types of
MWCNT on the physiological conditions of lung tissue including mechanical
properties is important in understanding the health safety of carbon nanotubes
physiological conditions of the lung tissue after MWCNT exposure is greatly needed.
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Recently emerged bio-microelectromechanical systems (bio-MEMS) have been shown
as a viable solution to provide low-cost and high throughput readout of the biochemical
and biomechanical conditions of the cells and tissues. Micropost arrays made of
polydimethylsiloxane (PDMS) have been used to measure the cellular contraction force
and to regulate stem cell differentiation

20, 21

. Microfluidic channel systems were also

developed to study the impact of fluidic shear flow on the physiology of endothelium22,
23

and cancer cell invasion into surrounding tissue 24. We have previously developed a

microtissue force gauge to measure the collective contraction force of several hundred
cells as they self-assemble into a microtissue of less than 1mm in size

25

. Due to the

small size of each microtissue and the array format of the device, this system is well
suited for low cost and rapid study of the physiological conditions of engineered tissues.
Based on the microtissue force gauge, we report in this study the development of a 3D
engineered human lung microtissue array system for the real-time, in situ monitoring
of the biomechanical impacts of MWCNT on lung cells and tissues. The inherent 3D
morphogenic nature of the system allowed us to model the structure of human lung
epithelial tissue. Taking advantage of the large array format and the in-situ force
measurement capacity of our microtissue device, we performed rapid, real-time
measurement of the changes in the mechanical properties of BEAS-2B (B2B) normal
lung epithelial cell-populated miceotissues. B2B cells were challenged with two types
of MWCNT. One is pristine long type MWCNT 10-50 µm in length with no surface
modification, and the other is short type MWCNT 0.5-2 µm in length with carboxylatemodified surface (S-MWCNT-C). We showed that high concentration carbon nanotube
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treatment caused severe cytotoxicity but short type carbon nanotube at low
concentration of 50ng/ml stimulated microtissue formation and contraction force
generation and caused substantial increase in the fibrogenic marker miR-21 expression,
indicating the high fibrogenic potential of this specific carbon nanotube type and
concentration. These data demonstrated the screening capability of the microtissue
array system. This 3D microtissue array device represents a powerful tool to allow rapid
examination of the pharmacological impact of target compounds in physiologicallyrelevant 3D tissue environment. Insights gained from this study may assist in
understanding the development of pulmonary diseases induced by MWCNT
3.4 Materials and Methods
3.4.1 Materials
MWCNT were purchased from Cheap Tubes Inc. BEAS-2B (B2B) normal lung
epithelial cells were obtained from the American Type Culture Collection (ATCC)
(Manassas, VA). 1, 2–dipalmitoyl–sn -glycero-3- phosphocholine (DPPC, 850355) was
purchased from Avanti Polar Lipids. Bovine serum albumin (BSA, BP9705-100) and
D-glucose (D16-500) were purchased from Fisher Scientific. Fetal bovine serum (FBS,
26140-195), penicillin streptomycin (15240-062), trypan blue (15250061), CellROX®
Green Reagent (C10444), Trizol reagent (15596-018), a mirVana™ miRNA isolation
kit (AM1560), RNase A (EN0531), live/dead kit and propidium iodide (P3566) were
purchased from Thermo Fisher Scientific (Carlsbad, CA). Pluronic F127 was purchased
from BASF. Polydimethylsiloxane (PDMS) Sylgard 184 and rat tail collagen type I
were purchased from Dow-Corning. Primary antibodies against tight junctions was
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purchased from Thermo Fisher (40–2300), against E-cadherin and tubulin were from
Abcam. Hoechst was purchased from Invitrogen (33342).
3.4.2 Microtissue array device fabrication
We used a multilayer microlithography technique to fabricate the SU-8 master of the
microtissue array device, as previously described

26

. Briefly, a first layer of SU-8 for

the leg section of the micropillar was placed on the silicon wafer and exposed. The layer
for the head section was then placed on top of the leg layer and the enlarged head pattern
was aligned with the leg pattern and exposed. A blocking photoresist layer in between
the leg and head layers was used to prevent over-exposure of the leg section during
head section exposure. Micropillar array pattern was then transfered to
polydimethylsiloxane (PDMS, Dow-Corning, Sylgard 184) stamp via replica molding.
The final device was casted in a P35 petri-dish using PDMS stamps for the ease of
handling (Figures. 1A, B).
3.4.3 MWCNT preparation and treatment
MWCNT and S-MWCNT-C were purchased from Cheap Tubes Inc. The diameters of
both tubes were 8-15nm. The length of MWCNT was 10-50 µm, and the length of SMWCNT-C was 0.5-2 µm. Both carbon nanotubes were at least 95% purity. The carbon
nanotubes were suspended in the dispersion medium (DM) which contained
0.01mg/mL of 1,2-dipalmitoyl-sn-glycero-3-phosphocholine (DPPC), 0.6mg/mL
bovine serum albumin (BSA) and 5.5mM D-glucose 27. Before treatment, both carbon
nanotubes were sonicated for 5-10 mins until there were no visible aggregates.
150,000/well B2B cells were seeded into 6-well plates and grew overnight. To assess
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the cytotoxicity of the carbon nanotubes, 2D culture of B2B cells were exposed to
various MWCNT treatments for 48h. Non-floating cells were then collected and cell
number was counted. MWCNT and S-MWCNT-C concentrations of 50 ng/mL and 5
µg/mL were selected for the entire study. 50 ng/mL was determined by converting the
MWCNT dosage in mice (4 mg/kg) to in vitro concentration (50 ng/mL) based on the
ratio of cell number in the animal lung to the cell number in 6-well-plate 28, 29. 5 µg/mL
was determined based on IC50 measurement of cell viability in vitro.
3.4.4 Zeta Potential Measurement
The size and surface charges of carbon nanotubes were measured by dynamic light
scattering (DLS) and zeta potential measurement (NanoBrook, Brookhaven
Instruments Corp) following the manufacturer’s recommended procedure. MWCNT
were suspended in dispersion medium and fully sonicated until there were no visible
aggregates. For the effective diameter, samples were diluted in cell culture medium and
measured at a fixed scattering angle of 90° at 25°C. For zeta potential, samples were
diluted in deionized water, and measured by Electrophoretic Light Scattering (ELS) at
25°C.
3.4.5 Brunauer–Emmett–Teller (BET) Measurement and X-ray Diffraction
Measurement
The Brunauer–Emmett–Teller (BET) specific surface areas analysis was performed
with Micromeritics TriStarII 3020. All samples were degassed in ultrahigh purity
nitrogen for 10 min at room temperature, then 20 min at 90°C, and then for 150 min at
200°C. The specific surface areas were determined by an 11-point BET measurement
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with liquid nitrogen as adsorptive. The relative pressures (P/P0) range was from 0.050.25. The X-ray Diffraction measurement was performed with Rigaku Ultima IV, using
the Kα emission of a Cu X-ray source (λ = 1.5418 Å) at room temperature. In order to
attain an improved signal/background ratio, a thick aluminum foil was used instead of
a glass slide. The 2θ ranged from 10° to 90°, where θ is the diffraction angle.
3.4.6 Transmission Electron Microscopy
Transmission electron microscopy was performed using a JEOL-2010 TEM. MWCNT
were suspended in 200 proof ethanol at a concentration of 0.01mg/mL. MWCNTs were
sonicated for 20 min (10s-on, 10s-off, 20 min effective sonication). Then, a droplet of
MWCNT suspension was placed on the copper wire mesh of TEM, dried in air, and
loaded for TEM imaging.
3.4.7 Sedimentation Test
A sedimentation test was performed following the methods described previously.

30

Briefly, MWCNTs were prepared at a series of concentrations in PBS and centrifuged
at different times. After centrifugation, the absorbance of supernatant was measured at
525nm.
3.4.8 BEAS-2B Cell Culture
BEAS-2B normal human bronchial epithelial cells were purchased from American
Type Culture Collection (ATCC, Manassas, VA). BEAS-2B cells were cultured in
RPMI medium supplemented with 10% FBS and 1x penicillin streptomycin.
3.4.9 Cell Viability
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BEAS-2B cells were seeded in 6-well plates at 1.5×105 cells per well and allowed to
grow overnight. To assess the cytotoxicity of the carbon nanotubes, 2D cultures of
BEAS-2B cells were exposed to various MWCNT treatments for 48 h. Non-floating
cells were then collected and cell numbers were counted. MWCNT and S-MWCNT-C
concentrations of 50 ng/mL and 5 µg/mL were selected for the entire study. Fifty ng/mL
was determined by converting the MWCNT dosage in mice (4mg/kg) to in vitro
concentration (50 ng/mL) based on the ratio of cell numbers in the animal lung to the
cell numbers in the 6-well-plate

31-33

. The concentration of 5 µg/mL was determined

based on the IC50 measurement of cell viability in vitro. Each sample had three
replicates and the mean ± standard deviation was reported.
3.4.10 Microtissue Seeding and Cell Proliferation
After 24 h exposure of MWCNT and S-MWCNT-C, BEAS-2B cells were detached by
trypsin treatment and seeded into the microtissue array device. Briefly, the micropillar
devices were sterilized in 70% ethanol for 15 min before cell seeding and then treated
with 0.2% Pluronic F127 (BASF) to reduce the surface adhesiveness of the PDMS.
Unpolymerized rat tail collagen type I (Corning) was neutralized with NaOH, mixed
with treated or non-treated BEAS-2B cells and then seeded into the device at a constant
cell number of 400,000 cells per device. Microtissue culture was maintained for 3 or 5
days. The microtissue formation was monitored daily by counting the number of formed
microtissues. Cell proliferation in the microtissue was measured by counting cell
numbers on day 1, 2 and 3. Hoechst solution (1:500 dilution in PBS) was used to label
the nuclei of live cells in the microtissue for counting cell numbers.
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3.4.11 Microtissue Contraction Force Measurement
The dog-bone structure of the microtissue formed by day 1 for all groups except for the
5 μg/mL MWCNT group. The images of both the bottom and top positions of the
micropillars were taken for consistent microtissue samples for three continuous days.
Micropillar deflection was determined by comparing the deflected position of the pillar
top with its base

34

. The contraction force was calculated according to cantilever

bending theory as F = kδ, where δ is the averaged deflection δ = (δ1+δ2)/2 of the two
micropillars and k = 0.9µN/µm is the spring constant of the micropillar (Figure 1C).
The distance between the two micropillars was 500 μm. The Young’s modulus of the
PDMS was 1.6 MPa. To monitor the microtissue formation and measure the contraction
force, an Olympus 1X81 motorized microscope with a 10X objective was used to image
individual microtissue. Confocal images of the microtissue were taken on a ZEISS 710
laser scanning microscope. Each sample had 5 replicates and the mean ± SD was
reported.
3.4.12 Expression of miR-21 by qRT-PCR
After 3 days culture in microtissue array device, the microtissues were collected for
RNA isolation using mirVana™ miRNA Isolation Kit. To determine the expression of
miR-21 in microtissues, the total RNA was first reverse transcribed into cDNA using
the TaqMan MicroRNA reverse transcription kit. The qRT-PCR amplification of
cDNA was then performed using the TaqMan MicroRNA assay. The miR-21
expression was determined by the ΔΔCt method and normalized to RNU48 (Applied
Biosystems; assay ID 001006), which was the endogenous control in the corresponding
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samples, and relative to the untreated control cells. Each sample had three replicates
and the mean ±SD was reported.
3.4.13 ROS Measurement after Cabon Nanotube Treatment
ROS measurement was performed both in 2D culture and in 3D microtissue culture.
For 2D ROS measurement, BEAS-2B cells were treated with MWCNT and SMWCNT-C for 48 h, cells were then washed with PBS twice and fresh cell culture
medium containing ROS reagent was added. Cells were then incubated at 37°C for
30min. After treatment with ROS reagent, cells were collected and fixed with 4%
paraformaldehyde. The fluorescence intensity was measured by flow cytometery (BD
LSRFortessa, BD Biosciences, San Jose, CA). Carbon nanotube treated cell samples
without ROS reagent were used as interference control. Each sample had three
replicates and the mean ± SD was reported.
For ROS measurement in 3D microtissues, BEAS-2B cells were first treated with
carbon nanotubes for 24h in 2D culture, and then collected and seeded into the
microtissue device. At 48h post exposure, microtissues were washed with PBS twice,
and a fresh cell culture medium containing ROS reagent (5μM, CellROX® Reagent,
Life technology) was added and incubated for 30min at 37ºC. After incubation, the
microtissues were washed off and collected by centrifugation (5000rpm, 5min).
Microtissues were resuspended with 150 µL PBS, and the fluorescence intensity
(485/535) was measured by a plate reader (Tecan Group Ltd). Fluorescence intensity
was normalized by microtissue number. Hydrogen peroxide (100μM, treated for 2h)
was used as the positive control.
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3.4.14 Confocal Microscopy
Microtissues were fixed with 4% paraformaldehyde in PBS, permeabilized with Triton
X-100, incubated with primary antibodies against ZO-1/TJP1 tight junctions (40–2300,
Thermo Fisher), E-cadherin (Abcam), or tubulin (Abcam), labeled with fluorophoreconjugated anti-IgG antibodies (AlexaFluor, Invitrogen) and counterstained with
Hoechst 33342 (Invitrogen). F-actin was detected using Alexa Fluor 488 Phalloidin.
Confocal images of the microtissue were taken either on a ZEISS 710 laser scanning
microscope or an Andor Technology DSD2 confocal unit coupled to an Olympus IX81 motorized inverted microscope. Plan-Apochromat 10X or 20X air objectives were
used and an image stack was taken in 2 μm optical slices for all channels. The stack of
images was then processed using the 3D Viewer tool in ImageJ (NIH) to obtain the
projected 2D views.
3.4.15 Scanning Electron Microscopy
After treatment with S-MWCNT-C for five days, tissues were washed with PBS twice,
and then fixed with 2% glutaraldehyde for 1.5 h at 4℃. After fixation, they were rinsed
twice in PBS for 10 mins, and then dehydrated with a series percentage of EtOH for 15
mins at each step. Finally, this was changed to 100% EtOH twice for 15 mins each.
After

EtOH

dehydration,

tissues

were

incubated

with

100%

HMDS

(Hexamethyldisilazane). They were then dried in a hood overnight, and images were
taken using a Field Emission Scanning Electron Microscope (Hitachi SU70).
3.4.16 Statistics Analysis
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All data were presented as mean ± standard deviation of the mean. The significance
was determined by p value calculated by t-test. The p values of < 0.05 were considered
statistically significant.
3.5 Results and Discussion
3.5.1 Characterization of Microtissue Array Devices
We fabricated the microtissue array device by PDMS replica molding from masters
made using a multilayer microlithography technique as previously described 26. Each
device consists of arrays of PDMS microwells (10 x 13) with each microwell containing
a self-assembled microtissue hanging between a pair of micropillars (Figures 3-1A to
3-1D). The micropillar pair in each of the microwell not only provides mechanical
support to the microtissues but also serves as an in-situ force gauge to measure the
tissue contraction forces. Since it is well established that fibrotic tissues in vivo, such
as those at the edges of a closing wound, generate elevated contraction force, the
contraction force can be used as a phonotypical indicator for fibrotic tissue. Utilizing
this property, we screened the fibrogenic potential of the MWCNT by comparing the
differences in microtissue force generation upon various MWCNT treatments. We
treated B2B normal lung bronchial epithelial cells before microtissue seeding with
MWCNT and S-MWCNT-C at concentration of 50ng/mL, which was calculated based
on the dosages used in animal studies to mimic in vivo situation

31-33

. In addition, we

challenged B2B cells with S-MWCNT-C at much higher concentration, 5µg/mL, which
was based on IC50 measurement on in vitro cell viability and represents the acute
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Figure 3-1. Overview of the 3D lung array device. (A) A P35 petri-dish contains
a microtissue array fabricated in a PDMS substrate. (B) A portion of the
microtissue array (2 × 2). (C) Schematic sideview of a microtissue hanging
between two micropillars. Microtissue contraction force was determined by the
deflection of the micropillars. (D) Actual sideview of a microtissue. (E) DIC
image and Z-projected confocal images of actin and nuclei of the microtissue.
The cells were treated with 5 μg/mL S-MWCNT-C before encapsulated in this
microtissue. Agglomerates of carbon nanotube trapped inside the microtissue
were visible (Arrows). (F) Cell proliferation inside the microtissue over a 3 days
period.
exposure of carbon nanotubes. Treated B2B cells and unpolymerized type-I collagen
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were introduced to the microwells through centrifugation. No carbon nanotubes were
added after cell seeding. Several hours after seeding, the collective contraction of the
cells started to compact the collagen matrix in individual microwells. We observed the
formation of dog-bone shaped, aligned microtissues hanging between the heads of a
pair of micropillars 12-24 hours after seeding (Figure 3-1D). Large agglomerates of
carbon nanotubes inside the microtissue were only visible for the highest concentration
treatment (5µg/mL) under light microscopy (Figure 3-1E). Cells embedded in the
collagen matrix of the microtissue showed an elongated morphology with F-actin stress
fibers running along the longitudinal axis of the microtissues (Figure 3-1E). Such wellorganized cytoskeletal morphology is consistent with the generation of axial contractile
forces by the cell population observed at the whole microtissue level. Embedded cells
also expressed tight junctions (ZO-1/TJP1) that are known to predominantly express in
epithelial cells (Figure 3-2A). Confocal microscopy analysis showed that embedded
cells almost formed a monolayer inside the microtissue (Figure 3-2B). The deflection
of the micropillars was detected using optical microscopy and was used to calculate the
spontaneous microtissue contraction force according to cantilever bending theory

Figure 3-2. (a) ZO-1/TJP1 tight junction staining of a BEAS-2B cell populated
microtissue at day 3. Tight junction in red and nuclei in blue; (b) E-cadherin staining
of a BEAS-2B cell populated microtissue at day 3. Cross-sectional views 1-1 and 22 show cells forming nearly a monolayer in the microtissue.
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(Figures 3-1C, D). The microtissues were stable over a period of one week without
detaching from the micropillar heads. Cell proliferation in the 3D microtissue was not
significant (Figure 3-1F), consistent with previous findings for embedded cells in
collagen matrix.
In the current study, we used normal human bronchial epithelial cells B2B to construct
engineered lung microtissues. B2B cells are widely used as an in vitro model to
investigate the relationship between engineered nanomaterials and lung diseases
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mainly due to their easiness of handling. Even though alveolar epithelial cells are the
most relevant model for lung fibrosis due to the fact that the majority of the fibrosis
occurs in lung parenchyma, there are currently no commercially available healthy
human alveolar epithelial cell lines. Cancerous alveolar epithelial cell lines, such as
A549 cells, were not a good choice for the current study due to their diseased state. In
fact, we tested the microtissue formation using A549 cells and we found loose and nonstable tissue formed by A549 cells (Figure 3), displaying a significant difference
compared to the healthy B2B cell line. In future studies, it would be ideal to include

Day1

Day2

A549

BEAS-2B

Figure 3-3. Microtissue structures for BEAS-2B cell (healthy) and A549 cell
(cancerous) at day 1 and day 2. A549 cell populated microtissue represented a loose
and non-stable morphology.
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other supporting cell types such as macrophages and pericytes in the microtissue model
since these cells have been found to contribute to the initiation and progression of lung
fibrosis.
3.5.2 Characterization of MWCNT
We analyzed the physical characters of the carbon nanotubes using various methods
including zeta potential measurement, dynamic light scattering (DLS), x-ray diffraction
(XRD), BET surface analysis (BET) and the transmission electron microscopy (TEM).
As shown in Figure 4A, MWCNT showed less negative surface charge and larger
effective diameter than S-MWCNT-C. Transmission electron microscope images
showed tubular shape for both types of carbon nanotubes and the lengths was around
1.5 – 2 µm and 10 – 50 µm for S-MWCNT-C and MWCNT, respectively (Figure 4B).
In XRD measurement, the full width at half maximum (FWHM) of MWCNT was
similar to that of S-MWCNT-C, indicating similar crystallinity. XRD spectrum also
showed similar structure between two types of carbon nanotubes with little
contaminants (Figure 3-4C). In XRD profiles, a sharp and strong diffraction peak at
around 2θ = 25.8 degree and a broad and much shorter peak centered at 2θ = 43.0 degree
was observed, corresponding to the (002) and (100) Bragg reflection of hexagonal
graphite structure. These X-ray diffraction patterns indicated that all carbon nanotube
samples possess a main feature similarity to that of graphite crystal (Figure 3-4C). For
cellular uptake, B2B cells started to uptake S-MWCNT-C at 5h and MWCNT at 10h.
At 24h, S-MWCNT-C was uptaken by about 30%, significantly higher than the 17.5%
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Figure 3-4. MWCNT characterization. (A) Zeta potential, diameter, FWHM, BET,
and endotoxin measurement of MWCNT. (B) TEM images of MWCNT. (C) XRD
measurement of MWCNT shows two types of MWCNT have similar structure and
there was little contaminant. (D) BEAS-2B cellular uptake of MWCNT. SMWCNT-C showed higher uptake percentage than long type MWCNT. (E)
Sedimentation measurement for MWCNT.
for MWCNT. At 48h post exposure, S-MWCNT-C was uptaken by 37% while there
was no change in uptake for MWCNT (Figure 3-4D). The sedimentation test for both
type carbon nanotubes showed similar sedimentation rates (Figure 3-4E). We also
performed endotoxin test on all materials used in this study, including two types of
carbon tubes, cell culture medium, collagen and buffer solutions. All materials showed
very low endotoxin level (0.02 Eu/ml), which is much lower than the FDA limit of 0.25
Eu/ml.
3.5.3 Characterization of microtissue formation
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We then investigated the effects of MWCNT exposure on the microtissue formation
process. As shown in Figure 3-5, the treatment of S-MWCNT-C at low concentration
of 50ng/mL caused substantially increased number of microtissue formation in the
device through a 3 days period as compared to the control (untreated). However, the
treatment of S-MWCNT-C at high concentration of 5µg/mL substantially delayed the
formation of microtissues during the same period of time. Since the microtissue
formation is driven by the spontaneous contraction of the embedded cell population,
the above data suggested that low concentration S-MWCNT-C treatment at 50ng/mL

Figure 3-5. The impact of carbon nanotube treatments on microtissue formation
process. (A) The spontaneous contraction force of the embedded cells caused the
compaction of the collagen gel and the formation of 3D microtissues over a 3 days
period. (B) Low concentration S-MWCNT-C treatment stimulated microtissue
formation whereas high concentration of the same type carbon nanotube
substantially inhibited microtissue formation over a 3 days period as compared to
control.
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enhanced cell contraction force but high concentration S-MWCNT-C treatment at
5µg/mL inhibited cell contraction force.
3.5.4 Characterization of different concentration of MWCNT treatment

Figure 3-6. The impact of different carbon nanotube treatments on microtissue
contraction force generation. (A) The evolving morphology of microtissues under
different treatments during a 3 days period. Red dashed lines showed the position of
the inner edge of the micropillar head on day 1. Micropillar heads moved towards
the center as a result of increased contraction force at day 2 and 3. (B) Contraction
force measurement. S-MWCNT-C at 50ng/ml caused substantial increases in
contraction force generation. (C) Microtissue width measurement at day 3.
To further understand the impact of MWCNT treatment on microtissue force
generation, we monitored the contraction forces of well-formed microtissues under
various treatments over a 3 days period. The contraction forces continued to increase for
all groups over a 3-day culture period with the S-MWCNT-C 50ng/ml group
producing the highest contraction force. As shown in Figures 3-6A, B, the
contraction force increased from 15.5 µN to 21.7 µN between day 1 and day 2 in SMWCNT-C 50ng/ml treated group, and continued to increase another 6.5 µN by day 3.
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In addition, the microtissues in this group were shorter along the longitudinal axis, as a
result of high contraction force generation, but larger in the lateral width, due to the
squeezing of the microtissue in the longitudinal directon that caused the expansion in
the cross-section (Figures 3-6A and C). The averaged microtissue width increased from
163.6 µm for untreated control group to 172.9 µm for S-MWCNT-C 50ng/ml treated
group (Figure 6C). The MWCNT 50ng/ml treated group had almost the same contraction
force as the untreated control group, indicating little influence of MWCNT to the
biomechnical properties of the microtissues. This is probably the result of very limited
uptake of this type of carbon nanotube by the cells due to their large dimension (Figure
3-4D). Indeed, the length of the MWCNT used in the current study is about 10-50 µm,
which is comparable to a single cell dimension and is approximately 25 times longer
than S-MWCNT-C. For S-MWCNT-C 5µg/ml treated group, although the contraction
force and tissue width were significant lower than other groups due to possible
cytotoxicity induced by the much higher dosage, the increase rate of contraction force
was 12.8 folds higher than S-MWCNT-C 50ng/ml group between day 1 and day 2, and
1.7 folds higher than S-MWCNT-C 50ng/ml group between day 2 and day 3.
The elevation of the tissue contraction force by S-MWCNT-C treatment at 50ng/mL is
interesting and can be caused by several factors. Previous studies have shown that
cellular exposure to the carbon nanotubes can influence the activity of the microtubules,
such as damaging the mitotic spindle during cell division 38, 39. As the tubular shape and
diameter (8 - 15 nm) of the carbon nanotubes is inherently similar to that of the
microtubule, it is possible that the S-MWCNT-C uptaken by the cells replaced part of
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the tubulin units and interfered with the microtubule polymerization during dynamic
organization of the cytoskeletal network 40. Microtubules are a well-known cytoskeletal
component that affects cellular mechanics, for example, preventing microtubule
polymerization with Nocodazole caused the increase in cellular contraction force 41, 42
and disrupting microtubules into fragmented pieces by drug would induce larger cell
contraction force

43, 44

. In our study, S-MWCNT-C treatment at 50ng/mL caused

significant morphological change in BEAS-2B cells cultured in 2D. Cells formed long
filopodia-like microtubule protrusions similar to the morphology of migrating cells
(Figure 3-7). Therefore, the interference with the microtubule dynamics by SMWCNT- C is a possible reason for the changes of tissue contraction forces.
3.5.5 Molecule Analysis of Microtissue Exposed to MWCNT

Untreated

MWCNT
50ng/mL

S-MWCNT-C
50ng/mL

S-MWCNT-C
5μg/mL

2D

3D
Figure 3-7. Microtubule morphology of BEAS-2B cells and microtissues under
different carbon nanotube treatments. S-MWCNT-C treatments caused significant
morphological change in BEAS-2B cells cultured in 2D. Cells formed long
filopodia-like microtubule protrusions similar to the morphology of migrating cells
(indicated by arrows). BEAS-2B cells and microtissues were stained with tubulin
antibody (Abcam).
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To understand the mechanism of contraction force regulation by MWCNT, we studied
cytotoxicity of MWCNT both in 2D culture and in 3D microtissues. In 2D culture, B2B
cells were treated with MWCNT and S-MWCNT-C at low concentration of 50ng/mL
and with S-MWCNT-C at high concentration of 5µg/mL respectively. At 48h post
exposure, significant decrease in cell viability was observed in all tube treated groups
as compared to untreated control, especially the group treated with S-MWCNT-C at

Figure 3-8. The impact of carbon nanotube treatments on cell viability, reactive
oxygen species (ROS) and miR-21 expression.(A) Schematic procedure of carbon
nanotube treatments for 3D microtissue experiments. (B) Cell viability test in 2D
culture after treatment with different carbon nanotube groups. S-MWCNT-C at
5µg/ml caused severe cell death. The treatment of MWCNT and S-MWCNT-S at
50ng/mL showed mild cytotoxicity. (C) Cell viability test in 3D microtissues after
treatment with carbon nanotubes. (D) ROS measurement in 2D culture; (E) ROS
measurement in 3D microtissue; (F) miR-21 expression after carbon nanotube
exposure. The treatment of MWCNT and S-MWCNT-S at 50ng/mL caused
substantial increase in miR-21 expression level.
high concentration (Figure 3-8B). The treatment with S-MWCNT-C at high
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concentration of 5µg/mL caused more cell death than both types of MWCNT at low
concentration (5ng/mL) (Figure 3-8C), which agreed with previous reports

45, 46

.

Meanwhile, significant increases in reactive oxygen species (ROS) was observed in
both types of MWCNT treated samples (Figure 3-8D), indicating ROS might be
responsible for the substantial cell death. However, we did not observe higher ROS
level in high concentration S-MWCNT-C treated condition, which is likely due to the
substantial loss of cells caused by the acute toxicity.
We also evaluated the cytotoxicity in 3D microtissues. We first exposed cells to carbon
nanotubes for 24 hours in 2D culture, and then seeded the B2B cells in 3D microtissues
(Figure 3-8A). Cell viability in the 3D micrrotissues was measured 24 hours after
microtissue seeding. We found high cell viability for all carbon nanotube treated
conditions (>90%) in the microtissues, likely because only cells survived in 2D carbon
nanotube treatments remained attached and were trypsinzed and introduced into the 3D
microtissues (Figure 3-8C and Figure 3-9). The ROS levels for MWCNT at low
concentration (50ng/mL) and S-MWCNT-C at high concentration (5µg/mL) are
comparable to that of the untreated control (Figure 3-8E). The relatively low oxidative
stress level in these microtissues would permit the survival of the cells. However, the
ROS level for S-MWCNT-C at 50ng/mL is significantly higher than that of the
untreated controls (Figure 8E). Interestingly, such high level oxidative stress did not
cause significant cell death. Instead it correlated well with the high contractile force
generation in this treatment condition (Figure 3-6B), which suggested that oxidative
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stress may trigger downstream pathways that are responsible for contractile force
generation. In the future, we will further investigate this phenomenon.

Live
Dead

Untreated

MWCNT
50ng/mL

S-MWCNT-C
50ng/mL

S-MWCNT-C
5μg/mL

Figure 3-9. Live/dead staining of BEAS-2B cells in 3D microtissue after various
carbon nanotube treatments. Only 2D cells that survived the carbon nanotube
treatments and remained attached were trypsinzed and introduced into the 3D
microtissues. Most of the cells were alive 1 day after seeding in the microtissue.
We also used qRT-PCR to measure fibrosis-related biomarkers in the microtissues after
MWCNT treatments. MicroRNAs (miR), a family of short endogenous noncoding
RNAs, harbor critical functions in the initiation and progression of cancer and many
other diseases 47, 48. MicroRNAs have been found to be involved in the development of
pulmonary diseases such as lung fibrosis and lung cancer

48, 49

. Recently extensive

research has been done to decipher the roles of microRNAs in the initiation and
progression of many lung diseases. Increased miR-21 expression was observed in the
lungs of patients with idiopathic pulmonary fibrosis. Up-regulation of miR-21 has been
shown to be associated with the EMT both in vitro and in vivo through the TGF-β/Smad
signaling pathway.50-53
In this study, we measured the expressions of miR-21 at day 3 after carbon nanotube
treatment in order to identify potential pathogenic pathways of lung fibrosis. To perform
the qRT-PCR measurement, microtissues were first collected manually from the wells
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Figure 3-10. TGF-beta mRNA expression of microtissues under different carbon
nanotube treatments. No significant difference was observed among treated groups
and untreated control.
through repeated washing steps, and RNA was then extracted from the microtissues for
miR-21 expression quantification. Results of qRT-PCR showed significant upregulation of miR-21 in S-MWCNT-C 50ng/ml groups (Figure 3-8F). This is consistent
with the high contraction force generation observed in the S-MWCNT-C 50ng/ml group,
which is another pathophysiological character of the fibrotic tissues (Figures 4A and
4B) 54. When B2B cells were exposed to S-MWCNT-C at high concentration (5µg/ml),
acute cytotoxicity was shown by the loss of large number of cells and the slow
formation of microtissues. As expected, we observed significant down-regulation of
miR-21 in this group. Based on the results we have here, S-MWCNT-C treatment
caused synchronized up-regulation of miR-21 and microtissue contraction force, which
suggest that carbon nanotubes may induce the EMT and early fibrotic differentiation of
the lung microtissues through microRNA regulation. However, we did not observe
significant difference in TGF-β mRNA expression level between different treatment
groups (Figure 3-10), indicating miR-21 may take effect through signaling pathways
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other than TGF-β/Smad, such as pathways related with oxidative stress because we did
observe good correlation between the miR-21 expression and ROS levels.
3.6 Conclusion
In summary, we have developed two novel 3D microtissue array devices that allow the
real time characterization of the biomechanical and biochemical impacts of CNTs on
lung microtissues. We found that a higher concentration of CNTs caused severe
cytotoxicity in 2D culture cells but much less toxicity in 3D microtissue. A high
concentration of CNT exposure will also cause delayed 3D microtissue formation, but
a low concentration of 50ng/mL stimulated microtissue formation and contraction force
generation. Lower concentrations of S-MWCNT-C cause substantially increased ROS
levels and fibrogenic marker miR-21 expression during tissue formation which
indicates the high fibrogenic potential of S-MWCNT-C. In addition, S-MWCNT-C
exposed microtissues displayed increased ROS levels. These results demonstrate that
S-MWCNT-C can induce cytotoxicity at tissue level though it is much lower than the
exposure on the 2D cultured cell.
These data demonstrated either the screening capability of the microtissue array system
or the microtissue platform for toxicity evaluation. Both 3D microtissue array devices
represent powerful tools for the rapid examination of the pharmacological impact of
target compounds in 3D tissue environments and can be used to model several
mechanosensitive tissue types including skeletal and cardiac muscles, skin, and tendons
and ligaments. It is expected that utilization of this system will lead to more robust and
higher throughput identification and screening of the disease mechanisms or treatments,
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as well as mimicking in vivo situation for drugs/materials evaluations. The current
system has a limited capacity to handle multiple biochemical conditions simultaneously,
and future improvements such as integrating the device with multi-walls or multi-layer
plates could enhance the biochemical experimental throughput of the system. In
addition, other cell types, such as alveolar epithelial cells, fibroblast, muscle cells, and
endothelial cells, could be used in these platforms for toxicity evaluation of other types
of nanomaterials, such as graphene oxide and iron nanoparticles.
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Chapter 4: Microclot array elastometry for integrated measurement of
thrombus formation and clot biomechanics under fluid shear
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4.2 Abstract
Blood clotting at the vascular injury site is a complex biomechanical process mediated by
platelet contraction, clot stiffening and hemodynamic forces. An integrated understanding
of the interplay of these mechanical factors is missing, mainly due to the lack of combined
capacity to follow clot formation and mechanical properties in the presence of
hemodynamic shear in existing models. Here we present a novel microfluidic-integrated
microclot-array-elastometry system that recapitulates dynamic changes in clot mechanics
under physiological shear flow. Through procoagulant and antagonist treatments, we
further simulate clotting disorders and treatments and examine associated changes in clot
mechanics. Proof of principle data are presented to demonstrate the utility of this system
for analyzing common bleeding disorders, like von Willebrand disease. Results from
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different clotting assays show a strong correlation between clot stiffness, clot contractile
force and the level of clot retraction, suggesting that clot stiffens through platelet
contraction-mediated tissue compaction. Overall, this work describes a physiologicallyrelevant microfluidic system and modeling framework for the study of normal and
abnormal clot biomechanics that may have future research and diagnostic potential for
various bleeding disorders.
4.3 Introduction
Blood clotting at the vascular injury site is a complex biomechanical process mediated by
several key factors including platelet deposition and contraction, clot stiffening and
hemodynamic forces 1, 2. In hemostasis, the interplay of these mechanical factors leads to
strong clots that stem bleeding, but in clotting disorders such as von Willebrand disease
(VWD), disrupted biomechanical interaction leads to weak clot and bleeding 3-5. Although
different aspects of the clotting problem such as shear flow-mediated platelet adhesion and
single platelet mechanics have been studied in the past 6, 7, an integrated understanding of
the interplay between clot mechanics and hemodynamic shear is still missing. This is
mainly due to the lack of combined capacity to model and measure clotting mechanics in
the presence of shear flow in the existing research models.
Recent technological advancement has resulted in the evolvement of independent
approaches that focus on different parts of the clotting problem. For example, microfluidics
systems create well-controlled blood flow in matrix protein coated microchannels, and thus
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they have become the most widely used vascular injury model for the study of platelet
adhesion, aggregation and thrombus formation at the vascular injury site8. These systems
are powerful tools to study the effects of various flow conditions, surface chemistries and
coagulation factors on platelet adhesion and aggregation9-13; however, they are not
equipped with the ability to measure clot mechanics. Furthermore, matrix proteins are
coated on glass or relatively rigid PDMS surface in these systems, which does not model
physiological stiffness of exposed matrix at vascular injury site. In the study of platelet
mechanics, atomic force microscopy and flexible micropost arrays have been used to
measure single platelet-generated contractile forces under static conditions 2, 14, and matrix
protein microdot arrays have been used to study the effects of substrate stiffness and
mechanosensitive signaling pathways on platelet-generated contractile force15, 16. Single
platelet-mediated fibrin fiber remodeling has been studied using confocal microscopy17.
While these studies provide important information on platelet mechanics, they do not
include the effect of hemodynamic forces and offer limited insight into the clot mechanics
at the tissue level.

In the clinic, cup and cone type of rheometers, also known as

thromboelastography (TEG) or rotation thromboelastometry (ROTEM), have been
developed to measure clot stiffness at different stages of the coagulation process18, 19.
Although these systems provide useful information that can assist the diagnosis of
coagulation disorders, they do not sufficiently model the blood flow and the interaction
between platelets and matrix proteins. As a result, their diagnostic power is limited and
they are seldom applied for disorders of primary hemostasis, like VWD18, 19. Together, the
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lack of an integrated system that can follow clot formation and mechanical properties in
the presence of shear flow has hindered an integrated understanding of the biomechanical
events occurred during blood clotting.
With recent advent of microfabrication technology, we and others have created microtissue
array-based mechanical sensing platforms that allow simultaneous control of tissue
formation and measurement of tissue mechanics

20-22

. In this system, cell contraction

mediated self-assembly of matrix proteins such as collagen and fibrin leads to the formation
of submillimeter microtissues that anchor on top of multiple flexible poly(dimethylsiloxane)
(PDMS) micropillars. These micropillars serve as mechanical sensors that can report insitu tissue mechanical properties. The composition and stiffness of these microtissues,
contributed both by pre-seeded and cell-secreted matrix proteins, mimic those of native
vascular tissue. By virtue of their small dimensions, the microtissues offer orders of
magnitude scale-up advantages over conventional bulk hydrogel models and open up the
possibility to integrate with microfluidics. This system has been used to study the
mechanics of cardiac and skeletal muscles, fibrotic tissues and wound healing

21, 23-27

;

however, it has not been previously integrated with flow.
In the current study, we develop a novel microfluidic-integrated microclot array
elastometry (clotMAT) system by integrating a collagen microtissue array-based
mechanical sensing platform with platelet flow. This system recapitulates the dynamic
process of platelet adhesion and clot formation under various flow conditions and reports
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changes in clot mechanical properties in real-time. Through platelet agonist (ADP and
thrombin) treatments, we dissected the contributions of hemodynamic and tissue/cell
forces to clot stiffening. Treatments with platelet antagonist (glycoprotein receptor
antibodies and blebbistatin) further enabled the examination of the effects of platelet
adhesion and cytoskeletal tension on clot mechanics. The utility of the clotMAT system in
bleeding disorders was demonstrated through the study of clotting mechanics of vWFdeficient diseases. Results from different clotting conditions show a strong correlation
between clot stiffness, clot contractile force and the level of clot retraction (volume
shrinkage), suggesting that clot stiffening is contributed by tissue compaction that is
mediated by shear flow-activated platelet contraction. This work describes a
physiologically-relevant microfluidic system and modeling framework for the study of
normal and abnormal clot biomechanics, that may have future research and diagnostic
potential for various bleeding disorders.
4.4 Materials and Methods
4.4.1 Materials
Prostaglandin E1 (PGE1) was purchased from Cayman Chemicals. Glutaraldehyde
(233280250) was purchased from ACROS organics. Hexamethyldisilazane (HMDS), 4-(2hydroxyethyl)-1-piperazineethanesulfonic acid, NaCl, KCl, MgCl2, Glucose, blessistatin
were purchased from Sigma. Paraformaldehyde (PFA) was purchased from EMS. Bovine
serum albumin (BSA, BP9705-100), fetal bovine serum (FBS, 26140-195), penicillin
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streptomycin

(15240-062),

BCECF

(2',7'-Bis-(2-Carboxyethyl)-5-(and-6)-

Carboxyfluorescein, Acetoxymethyl Ester) were purchased from Thermo Fisher Scientific.
Abciximab was purchased from Eli Lilly. Anti-CD42b antibody (H1P1 clone) and collagen
type I antibody (AB755P) were purchased from Millipore-Sigma. Alexa Fluor™ secondary
antibody was purchased from Life Technologies. Hoechst 33342 was purchased from
Invitrogen. Silicon wafers were purchased from University Wafer. Photo mask was printed
by CAD/Art Services Inc. Polydimethylsiloxane (PDMS, Sylgard 184) was purchased
from DowCorning (Midland, MI, USA). Human Umbilical Vein Endothelial Cells
(HUVEC) were obtained from Lonza. Endothelial Cell Growth Medium (CC-4147) was
purchased from PromoCells (Heidelberg, Germany). Rat tail collagen type I was purchased
from Corning and equine collagen type I was purchased from Chronolog (Havertown, PA,
USA). Stretchable silicone membrane was purchased from SMI (Saginaw, MI, USA).
VWD type 2A patient plasma was obtained from CoaChrom Diagnostica GmbH (Austria).
4.4.2 Healthy Donor Plasma Sample Preparation
Human blood was obtained by venipuncture from healthy adult volunteers, following
protocols approved by the UB Health Science Institutional Review Board (Buffalo, NY).
Volunteers of either sex were used and studies performed within 3h of blood draw. Blood
donors self-reported absence of coagulation defects and use of medication. 1:9 sodium
citrate was used as anti-coagulant in all studies, with 2μM Prostaglandin E1 (PGE1,
Cayman Chemicals) being added when washed platelets were prepared. Platelet-rich
plasma (PRP) was obtained by centrifuging blood at 240g for 15min28. To obtain healthy
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plasma or platelet poor plasma (PPP), this PRP was again spun at 1200g for 12min and the
plasma supernatant was collected. Washed platelets were similarly obtained by further
centrifuging PRP containing PGE1, at 1200g for 12min. In this case, the pellet was washed
once using HEPES buffer (30 mM 4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid,
110 mM NaCl, 10 mM KCl, 1 mM MgCl2, 10 mM Glucose, pH7.4) containing 2μM PGE1
before re-suspension in HEPES buffer lacking PGE129. 1 µM BCECF (2',7'-Bis-(2Carboxyethyl)-5-(and-6)-Carboxyfluorescein, Acetoxymethyl Ester) (Thermo Fisher
Scientific) was added to PRP/washed platelets for 30 min at room temperature to stain
platelets with green fluorescence.
4.4.3 von Willebrand Disease Type 2A Patient Plasma Sample Preparation
VWD type 2A patient plasma was obtained from

CoaChrom Diagnostica GmbH

(Austria). 0.7% agarose gel electrophoresis compared VWF multimer distribution of
patient and healthy plasma

28

. ADAMTS13 activity was measured using the XS-VWF

FRET assay as described previously30. A flow cytometer-bead sandwich assay determined
VWF concentration

31

. These studies confirm that VWD plasma has comparable

ADAMTS13 activity, but lower VWF concentrations and smaller multimers compared to
healthy donors (Supplementary Fig. 13A-C). Washed platelets, isolated from healthy donor
blood, were mixed with VWD plasma at 300,000 platelets/µL to reconstitute patient
samples.
4.4.4 Microtissue Array Device Fabrication
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The microtissue array device was made by multilayer microlithography and
softlithography techniques previously described20,

21

. Briefly, multiple layers of SU-8

(bottom layer for the leg section and top layer for the head section) were successively
deposited on the silicon wafer (University Wafer), exposed to UV light through
transparency masks printed by laser plotting (CAD/Art Services Inc.), and baked and
developed according to manufacturer’s protocols.

Softlithography was then used to

transfer the micro-patterns to polydimethylsiloxane (PDMS, Sylgard 184, DowCorning,)
molds made with 10:1 ratio of dimer to curing agent. The micropillar geometry was
optimized through increasing micropillar height and reducing micropillar cross-sectional
area, to increase its force sensing sensitivity. The optimized micropillar dimension are:
width (W) = 42μm, length (T) = 81μm and height (L) = 291μm. According to cantilever
bending theory, 𝐹 = 𝑘δ =

3EI
𝐿3

δ,

where E is the Young’s modulus of PDMS, I is the

moment of inertia, L is the height of micropillar and δ is the deflection at the micropillar
head, the spring constant (k) of the micropillar is 120 nN/μm. The micropillar head was
designed to stick out of the microwell so that when microtissue forms on the heads, it can
directly face and interact with the platelet flow in the microchannel to increase the platelet
adhesion efficiency.
4.4.5 Microtissue Seeding and Preparation of Bare Collagen Microtissue Array
Human Umbilical Vein Endothelial Cells (HUVEC) were obtained from Lonza (Basel,
Switzerland) and cultured in Endothelial Cell Growth Medium (CC-4147). Microtissue
seeding was performed following previously established protocols
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21, 22, 27

. Briefly,

unpolymerized rat tail collagen type I (Corning) and equine collagen type I (Chronolog)
were neutralized and diluted to final concentrations of 3mg/mL (rat tail collagen) and
20µg/mL (equine collagen) and mixed with HUVECs (300,000 cells per device). This
mixture was seeded into sterilized micropillar device through centrifugation, polymerized
and maintained under standard culture condition for 2 days. By day 2, dog-bone shaped
microtissues formed in the microwells. The microtissue were then treated with 0.25%
trypsin for 20 minutes to allow most of the HUVECs to detach from the collagen matrix,
resulting in a nearly bare collagen microtissue hang between the two micropillars.
4.4.6 Fabrication and Integration of the Microfluidic Channel
The PDMS microchannels measuring 1200 µm in width and 500 µm in height were
fabricated using standard photolithography and softlithography methods. The
microchannels were aligned with individual rows of trypsinized microtissues under
stereomicroscope, and the PDMS slab containing microchannels was bond with the PDMS
substrate containing microtissue array through custom clamps. The platelet flow was
created through syringe pump (NE-1000, New Era Pump System) withdraw at the outlet
of the microfluidic channel, and the inlet of the microfluidic channel was connected to a
platelet-containing reservoir (~300,000 platelets/µL, 8 mL total). Both the inlet and outlet
of the microchannel were connected to the flow system through 18G needles. Shear rate
was set between 0.01 to 1.5 mL/min and the corresponding shear rate was 3 ~ 500 /s. In
the study of the effect of shear rate on microtissue formation, the experiments at each shear
rate were performed with at least three repetitions in independent microtissue devices.
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4.4.7 Microtissue Contractile Force Measurement
HUVEC-mediated microtissue formation involves the generation of contractile force that
partially remains after removal of the HUVECs by trypsinization. Such averaged residual
contractile force of 1.8 µN was recorded before platelet flow. During platelet flow, bright
field images of the micropillars were taken every 10 minutes to monitor platelet-generated
contractile forces in real time. Micropillar deflection was determined by the travel distance
of the micropillar head relative to the bottom of its leg and was used to calculate the
microtissue contractile force according to cantilever bending theory F = kδ, where δ is the
averaged deflection δ = (δ1+δ2)/2 of the two micropillars and k = 120 nN/µm is the spring
constant of the micropillar. A Nikon Eclipse Ti-U inverted microscope with 10X objective
was used to image individual microtissue.
4.4.8 Microtissue Stiffness Measurement
To enable mechanical stretching, microtissue array device was casted on a deformable
silicone substrate (silicone sheeting, 0.01-inch NRV G/G 40D, SMI, Saginaw, MI) that is
mounted on a custom-made uniaxial stretching frame. Silicone substrate was stretched to
150% strain along the longitudinal direction of the microtissues to apply uniaxial tension
to them across the entire microtissue array. Images of the microtissue and micropillars
before and after stretching were recorded and used to calculate the stress and strain.
Externally applied stretch caused microtissue elongation (d2 - d1), and the force needed to
develop such elongation was reported by micropillar deflection as F = k (δ1’ + δ2’). This
force was divided by the cross sectional area of microtissue to calculate the tensile stress.
98

The microtissue tensile strain was determined based on microtissue elongation as ε = (d2 d1)/ d1, by tracking the change in distance between two fiducial markers in the microtissue
before and after stretch. Subsequently, the stress was divided by the strain to calculate the
elastic modulus for the microtissue. The thickness (t) of the microtissue for cross-sectional
area calculation was determined by confocal microscopy imaging. Due to the small
thickness of the assembled clotMAT device (3 - 4 millimeters total), uniform stretching
across the whole device was achieved without delamination between the layers.
4.4.9 Agonist and Antagonist Treatments
Many studies were performed using PRP containing various agonists/antagonists. These
treatments include 10 μg/mL Abciximab (anti-GpIIb/IIIa, Reopro, Eli Lilly), 10 μM
blebbistatin (Sigma), and 20 μg/mL anti-CD42b antibody ( H1P1 clone, Millipore-Sigma).
Here, all mAbs were added to PRP for 15-30 min and blebbistatin for 5 min before flow.
ADP (10 μM) and thrombin (5 μM) were diluted into Dulbecco’s phosphate buffered saline
and infused at 500 /s shear rate for 10 min over the previously formed platelet clot. In the
case of the VWD study, this suspension consisted of normal human washed platelets
(300,000/µL) supplemented with either normal plasma or VWD Type-2A plasma.
4.4.10 Immunofluorescence Staining and Imaging
Microtissues were fixed by 4% (v/v) paraformaldehyde (PFA) (EMS, Hatfield, USA) for
10 min at room temperature, permeabilized by 0.1% (v/v) Triton X-100 for 5 minutes, and
blocked with 3% BSA (Sigma) for 30 minutes at 37 degree. Samples were incubated with
collagen type I antibody (AB755P, Millipore) overnight and labeled with Alexa Fluor™
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secondary antibody (Life Technologies). Hoechst 33342 (Invitrogen) was used to label cell
nuclei in the microtissue. Confocal images of the microtissue were taken using an Andor
Technology DSD2 confocal unit coupled to an Olympus IX-81 motorized inverted
microscope. Plan-Apochromat 10X objective was used to record the stack with 1 μm
optical slices for all channels. The stack of images was then processed using the Z stack
tool in ImageJ (NIH) to obtain the projected 2D views. To characterize the microclot
volume change after flow, top view area and thickness of the microtissue were analyzed
based on bright field top view images and confocal stacks in ImageJ. To compare the signal
intensity of platelet aggregation on microclots formed under various flow and coagulation
conditions, images were taken by a Nikon Eclipse Ti-U inverted microscope equipped with
10X air objective and Hamamatsu ORCA-Flash 4.0 LT CMOS camera under exact imaging
condition and processed in ImageJ. Video of platelet adhesion to the collagen microtissue
was taken with Nikon microscope and Flash 4.0 camera under fluorescence illumination at
1.25 fps frame rate for 4 minutes. A total of 300 images were recorded and processed in
imageJ.
4.4.11 Finite element modeling of microclot retraction
Finite element model of the microclot was constructed in FEBio

32

. Microclot geometry

was discretized by 3D quadratic tetrahedral elements capable of large deformation.
Microclot model is under active contraction and is restricted at the same time by two
micropillars at both ends.

The active contraction of the platelet population was

represented by the contractility of every single elements whose constitutive material consist
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of a neo-Hookean solid component and an isotropic contractile stress component 33. The
compressive neo-Hookean solid allows compaction of the microclot model under active
contraction. Simulated effective stress contour was plotted over undeformed and deformed
model geometry in the results. The change in microclot volume versus effective stress over
the entire retraction process was plotted.
4.4.12 Scanning Electron Microscopy
The microtissues were fixed using 2% glutaraldehyde (233280250, ACROS organics) for
1.5 hour, and dehydrated through a series of ethanol treatment at 15%, 30%, 50%, 70%,
90% and 100%. Finally, Hexamethyldisilazane (HMDS) was added to the sample to
prepare them for imaging on a HITACHI SU-70 SEM system.
4.4.13 Statistics
Data are presented as mean ± standard deviation. Significance difference between dual
comparison was verified by unpaired t test with Welch's correction method. Significance
difference for multiple groups was determined by One-way analysis of variance (ANOVA).
Correlation between groups was analyzed using Pearson correlation coefficients.
4.5 Results and Discussion
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4.5.1 clotMAT device characterization

Figure 4-1. clotMAT system setup and microclot array formation under platelet
flow. (A) clotMAT system contains a top microfluidic channel layer, a middle
PDMS substrate containing microtissue array and a bottom stretchable membrane.
An array of exposed collagen microtissues capture flowing platelets to form
individual microclots. (B) Schematic diagram shows microclot formation process
and the principles of mechanical property measurement. Microclot contractile force
is measured by micopillar deflection and stiffness is measured by substrate
stretching-enabled tensile testing.
The clotMAT device consists of three functional layers including a top PDMS layer
containing multiple microfluidic channels for platelet flow, a middle PDMS layer
containing arrays of collagen microtissues that capture flowing platelets and measure clot
retraction forces, and a bottom stretchable silicone membrane for clot stiffness
measurement (Figure 4-1A, B). The middle and bottom layers was bonded through the
formation of irreversible covalent bonds upon casting liquid PDMS on silicone membrane,
and the top layer and middle layer was bonded temporarily through sustained pressure
(Figure 4-2A). We fabricated the middle PDMS layer using a multilayer photolithography
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and soft-lithography technique as previously described

21, 34

. An array of submillimeter-

size microwells (13 columns by 6 rows) were cast in the middle PDMS layer, and each
microwell contains a pair of flexible PDMS micropillars that serve as force transducers to
report clot-generated contractile forces (Figure 4-2B, C). A single micropillar consists of
a slim “leg” section and an enlarged “head” section that provides mechanical constraint to
the suspended microtissue. The collagen microtissue array was fabricated by utilizing

Figure 4-2. Device characterication. (A) Flow diagram shows the process of clotMAT
device fabrication (steps 1-2), collagen microtissue preparation (steps 3-5). (B, C) Actual
geometries of the microwell and micropillar. The spring constant of the micropillar
calculated based on these geometries is k = 120 nN/μm.

endothelial cell-mediated collagen gel compaction. Additional steps were performed to
remove originally seeded endothelial cells after dog-bone shaped microtissue formation,
which recapitulates endothelial denudation during vascular injury. As you can see in Figure
4-2A, five steps are involved in the fabrication process, including replica molding method
for making PDMS devices; substrate stretchable membrane binding; microtissue seeding
using HUVECS mixed with collagen matrix; HUVECs compact collagen gel to form a
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dog-bone shaped micro-tissue; Trypsinization to remove HUVECs and form a bare
collagen microtissue. The resulting individual bare micro-collagen matrix hangs between
the heads of a pair of flexible micropillars, mimicking exposed subendothelial collagen at
vessel injury sites and avoiding the effect of rigid substrates used in existing microfluidic
devices. Figure 4-2B, C shows the detailed dimension of the microwells and micropillars.
And the spring constant of the micropillar calculated using these geometries based on cantilever
bending theory is k = 120 nN/μm, which means that 1 μm displacement of pillar hear equals to only
120 nN contraction force. This micropillar design is pretty sensitive, which enable us to measure
submicron Newton force change. Figure 4-3A shows the actual setup of the clotMAT device,
whith microfluidic channels on the top PDMS layer aligned with individual rows of

collagen microtissues in the middle layer. We did the alignment under a microscope to
guarantee that the microfluidic channel is aligned with the microtissues. As we mentioned
before, the final step for the bare collagen microtiuuse formation is the trypsinization of
HUVEC-populated microtissue to get rid of the majority of the cells. Cell count and
immunofluorescence staining images (Figure 4-3B, C) show that almost all HUVECs were
removed from the microtissue through trypsin treatment, leaving behind a bare collagen
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matrix. The cell count in average is around 27 after trypsin treatment compared with 245
for HUVEC-populated microtissue.
4.5.2 Fluid flow independently has no influence to microtissue morphology and
contraction force

Figure 4-4. Fluid flow independently has no influence to microtissue morphology.
(A) 30 minutes PBS flow, in the absence of platelets, had no effect on bare collagen
microtissue morphology proved by top view and side view of the microtissue for
pre_flow and post_flow. (B) No contractile force change for 30 minutes of PBS flow
at shear rate ranging from 3 /s to 500 /s.

Figure 4-3. Device characterication. (A) Actual setup of the clotMAT device. A region
of the microtissue array is shown. Themicrofluidic channels in the top PDMS layer was
aligned with individual rows of collagen microtissues in the middle layer. (B, C) The
formation of bare collagen microtissue through trypsinization of HUVEC-populated
microtissue. Cell count and immunofluorescence staining images show that almost all
HUVECs were removed from the microtissue through trypsin treatment, leaving behind a
bare collagen matrix.
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Before we run later platelet flow, we need to make sure that Fluid flow independently has
no influence to microtissue morphology. We run PBS flow at different flow rate ranging
from 3 /s to 500 /s for 30 minutes with contraction force measurement every 15 minutes.
Figure 4-4A showed the topview and sideview images for pre_flow and post_flow of PBS
in the absence of platelets, which proved that PBS flow itself had no effect on bare collagen
microtissue morphology. Also the contraction force measurement showed no significant
force change during 30 minutes’ flow period (Figure 4-4B). We further characterized the
clotMAT device to elucidate the influence of fluid flow itself. Four different floe shear rates

(3 /s, 33 /s, 167 /s and 500 /s) were used to run through the channel, and bright field images
for pre_flow and post_flow were taken to monitor the microtissue morphology. Figure 4A
showed no morphology change during the flow. We also measured the contractile force
during PBS flow process, result showed almost no force change during the 30 minutes flow.
These results proved that fluid flow independently has no influence to microtissue
morphology and contractile force.
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4.5.3 Recapitulation of clot contraction and stiffening in microclot array

Figure 4-5. Platelet bind to collagen arrays. A region of the microtissue array shown
by bright field image (A), and immunofluorescence staining of the collagen (B) and
adhered platelets (C) in the same region. Scale bar is 800 µm. Note that the platelet
flow ran through the middle row of the collagen microtissue array, resulting in
platelet adhesion only in this row. (D) SEM image of a microclot formed between
the heads of a pair of micropillars. Obvious micropillar deflection is noticeable.
Scale bar is 800 µm. (E) Zoom-in view of the microclot surface shows numerous
platelets trapped in a fibrin meshwork. Scale bar is 10 µm. Further zoom-in view of
the microclot surface shows single platelets. Scale bar is 2 µm.
When the microchannels were perfused with platelet rich plasma (PRP), flowing platelets
were arrested on physiologically-soft micro-collagen matrices and they aggregate to form
individual submillimeter-size microclots or thrombi (Figure 4-5A-C), recapitulating the
process of platelet adhesion and white clot formation. The collective contractile force
generated by aggregated platelets caused obvious micropillar deflection (Figure 4-5D). In
a microclot, the platelets were trapped in a thick fibrin meshwork (Figure 4-5E), and this
dynamically formed construct covers the core micro-collagen matrix, mimicking the
structure of a blood clot formed on exposed subendothelial collagen.
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Figure 4-6. Platelet binding characterization on single microtissue. (A, B)
Schematic diagram, phase contrast and fluorescence images (topview and sideview)
of a microtissue before and after platelet-mediated contraction. Micropillar
deflection (δ1 and δ2) can be easily detected after platelet adhesion and activation
(postflow), which was used to calculate microclot generated contraction force.
Comparison of microtissue contractile force (C) and fluorescence intensity (D)
before and after platelet flow.
Upon clot formation, activated platelets generate contractile forces that lead to clot
retraction

35

. To detect the minute change in microclot-generated contractile forces,

micropillars were engineered to sense force in nanoNewton range (spring constant k = 120
nN/μm, Figure 4-6A), and micropillar head displacements (δ1 and δ2) were used to
calculate contractile force according to cantilever bending theory (Figure 4-6B). We
showed that micropillars were sensitive enough to detect the increase in clot contractile
force upon platelet flow, as demonstrated by the obvious inward deflection of the
micropillars (Figure 4-6A, B). Such increase in contractile force is accompanied by
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significant increase in tissue-level fluorescence intensity, confirming that contractile force
is mainly generated by aggregated platelets.

Figure 4-7. Mechanical stretching system setup. (A) clotMAT device was mounted
on a motor driven loading frame that is situated on top of the microscope stage. (B)
Microtissue array before and after stretching through the bottom membrane.
During clot remodeling, progressive clot retraction is often accompanied by clot stiffening
2

. Here, the microclot stiffness was measured through performing a tensile testing, which

was enabled by stretching the bottom silicone membrane of the clotMAT system (Figure
4-7A, B). Figure 4-7A showed that clotMAT device was mounted on a motor driven
loading frame that is situated on top of the microscope stage. And we can see the membrane
associate with the micromissues was clearly stretched after applying force (Figure 4-7B).
Confocal imaging was used to measure the parameters, including microtissue width,
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Figure 8. Confocal imaging to determine microtissue geometrical parameters. (A)
Schematic shows microtissue dimensional parameters. (B) Fluorescent topview and
cross-sectional view (a-a) images of a microtissue acquired using confocal imaging.
Cross-sectional view was constructed from confocal stacks and was used to
determine the microtissue thickness t. Microtissue width (w) can be determined
through microtissue topview using conventional microscopy.
topview area and thickness that related to tissue stiffness measurement. Cross-sectional
view was constructed from confocal stacks and was used to determine the microtissue
thickness t (Figure 4-8A, B). Microtissue width (w) can be determined through microtissue
topview using conventional microscopy. The stress and strain relationship derived from

Figure 4-9. Calculation of stretching-induced tensile strain in the microtissue. The
distances between two fiducial markers before and after tensile test were determined
through image analysis and the tensile strain was calculated as ε = (d2 - d1)/d1.
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tensile testing results was used to calculate microclot stiffness (Figure 4-8). Figure 4-9
showed the Calculation of stretching-induced tensile strain in the microtissue. The
distances between two fiducial markers before (Figure 4-9A) and after (Figure 4-9B)
tensile test were determined through image analysis and the tensile strain was calculated
as ε = (d2 - d1)/d1. Only the belly region of the microtissue was used in strain analysis to
match with the region where cross-sectional area was measured.

Figure 4-10. Calculation of stretching-induced tensile strain in the microtissue. (A)
Schematic diagram of microtissues before and after externally applied stretching.
(B) Comparison of tissue elongation between a microclot and a bare collagen
microtissue under the same amount of substrate stretch. (C) Comparison of the
stiffness between microclots and bare collagen microtissues. *P < 0.001, n > 10,
each dot in box plot represents an independent experiment. Statistical significance
was determined by unpaired t test with Welch's correction method. Scale bar is 200
µm.
Fugure 4-10A showed the schematic diagram of microtissues before and after externally
applied stretching for the calculation of stretching-induced tensile strain in the microtissue.
Mechanical stretching caused microtissue elongation (d2 - d1), which was used to calculate
tensile strain; the force needed to develop such elongation was reported by micropillar
deflection F = k(δ1’ + δ2’) and was used to calculate the tensile stress. Microtissue stiffness
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was determined based on stress-strain relationship. Under the same amount of substrate
stretch, the forced elongation of the microclot (δ1’micro_clot + δ2’micro_clot) was less than that

Figure 4-11. Microclot mechanics under various shear flow conditions. (A)
Overview of the approach for evaluating shear flow-mediated microclot mechanics.
(B) Time-lapsed phase contrast and fluorescence images of a microclot formed
under 167 s-1 shear rate. The number of adhered platelets and microclot contraction
gradually increased over a 30 min, as demonstrated by gradually increased
microtissue fluorescence intensity and decreased micropillar distance. (C) Phase
contrast and fluorescence images of microclots formed after 30 min flow under
different shear rates. Increased shear rate lead to increased level of platelet adhesion
and microclot contraction, as demonstrated by increased microtissue fluorescence
intensity and decreased micropillar distance (L) from shear rate 3 s-1 to 500 s-1.
Scale bar is 200 µm.
of bare collagen microtissue (δ1 ’collagen + δ2 ’collagen) (Figure 4-10B), indicating higher
resistance to the stretch and thus higher stiffness of the microclots as compared to those of
the bare collagen microtissues. The stiffness of the bare collagen matrix (5.7 ± 0.8 kPa)
falls within the range that has been shown to be optimal for platelet adhesion and
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activation15, 16, and thus it allows modeling of platelet adhesion on physiologically-soft
subenthothelial matrix and is a substantial improvement over collagen coating on rigid
substrates in existing microfluidic devices (Figure 4-10C). The stiffness of microclots
(18.0 ± 2.8 kPa) is much higher than that of the bare collagen matrix and agrees well with
the stiffness of laboratory-created thromboembolic analog 36. Such difference in stiffness
measurement suggests that clotMAT device is sensitive enough to detect the stiffness
increase occurred during microclot formation and remodeling.
4.5.4 Microclot mechanics under various shear flow conditions

Figure 4-12. Measurement result of microclot mechanics under various shear flow
conditions. Measured microtissue width (A); topview area (B) contractile force
(C), fluorescence intensity (D) of microclots formed during 30 minutes under
different shear rates.
As a first demonstration of the integrated modeling and measurement capacity of the
clotMAT system, we studied clot mechanics under various shear flow-mediated clotting
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conditions. We tested flow shear rates ranging from 3 s-1 to 500 s-1 and monitored changes
in microtissue contractile force, fluorescence intensity, stiffness and tissue volume over a
30 minutes time period (Figure 4-11A). For all the shear rates tested, the number of
adhered platelets and microclot contraction gradually increased over a 30 min, as
demonstrated by gradually increased microtissue fluorescence intensity and decreased
micropillar distance L (Figure 4-11B). As for different flow condition over the 30 min time
period for 3 s-1, 33 s-1, 167 s-1 and 500 s-1 shear rates, we also observed increased tissue

Figure 4-13. Measurement result of microclot mechanics under various shear flow
conditions. Measured microtissue thickness (A); volume (B); contractile force (C)
and fluorescence intensity (D) of microclots formed after 30 minutes under different
shear rates. *P < 0.005, n > 10, each dot in box plot Statistical significance was
determined by One-way analysis of variance (ANOVA).
fluorescence intensity and microclot contractile force associate with the increased shear
rate (Figure 4-11C).
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We further measured the quantitative data for those parameters every 10 minutes. As you
can see in Figure 12, the measured contractile force (Figure 4-12C) and fluorescence
intensity (Figure 4-12D) of microclots formed during 30 minutes under different shear
rates continuously increased. While the microtissue width (Figure 4-12A) and topview
area (Figure 4-12B) continuously decreased during the same period. Figure 13 showed the
measured data for microtissue thickness (Figure 4-13A); volume (Figure 4-13B);
contractile force (Figure 4-13C) and fluorescence intensity Figure 4-13D of microclots

Figure 4-14. Microclot mechanics under simulated clotting disorders and
treatments. (A) Overview of the approaches. (B) Phase contrast and fluorescence
images of microclots after 10 μM ADP or 5 U/ml thrombin treatment under flow.
These microclots were first formed over 30 min of 500 s-1 platelet flow prior to
agonist introduction for an additional 10 min. (C) Phase contrast and fluorescence
images of microtissues formed after 30 min of 500 s-1 platelet flow treated with
abciximab (anti GPIIb/IIIa), blebbistatin or H1P1 (anti-GpIbα) antibody. Scale bar
is 200 µm.
formed after 30 minutes under different shear rates. topview area decreased as contractile
force, fluorescence intensity. The changing rate of these parameters (i.e. the slope of timedependent curves) increased with increased flow rate, indicating a shear rate dependent
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effect on microclot properties. Together, these results indicate that increased shear rate
promotes platelet adhesion, microclot contractile force generation, volume retraction and
stiffening.
4.5.5 Microclot mechanics under simulated clotting disorders and treatments
We further explored the utility of the clotMAT system by simulating clotting disorders and

Figure 4-15. Microclot mechanics under simulated clotting disorders and
treatments. Measured contractile force (A), stiffness (B) and volume (C) of
microclots after various procoagulation treatments. *P < 0.005, n > 10, each dot in
box plot represents an independent experiment. Statistical significance was
determined by One-way analysis of variance (ANOVA).
treatments through the use of agonist/procoagulation and antagonists and examining
associated changes in clot mechanics (Figure 4-14A). Here, we first modeled the formation
of overly stiff clots through ADP or thrombin treatments. To this end, we perfused
procoagulants, 10 μM ADP or 5 U/ml thrombin, over microclots that were previously
formed under standard flow condition (30 min flow at 500s-1). The number of recruited
platelets was thus comparable between this experiment and standard flow condition since
platelets were not present in the perfusion buffer. Neither ADP nor thrombin caused
significant change in the microclot fluorescence intensity (Figure 4-14B). Nevertheless,
both stimuli resulted in a significant increase in microclot contractile force and stiffness,
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and a decrease in microclot volume (Figure 4-15A-C), with the effects of ADP being
stronger compared to thrombin under the condition tested. The stiffness of ADP treated
microclots (28.4 ± 6.1 kPa) is 56% higher than that of untreated microclots and agrees well
with the stiffness of fresh red thrombi (26 ± 2.6 kPa) collected from carotid and cerebral
arteries in stroke patients 36. Since the platelet number does not contribute to the change in
the clot mechanical properties, these results suggested that individual platelet-generated
contractile force contributed to the changes in clot stiffness and volume.

Figure 4-16. Microclot mechanics under simulated clotting disorders and
treatments. Measured fluorescence intensity (A), contractile force (B), stiffness (C)
and volume (D) of microtissues formed under above anticoagulation treatments. **
P< 0.05, *P < 0.005, n > 10, each dot in box plot represents an independent
experiment. Statistical significance was determined by One-way analysis of
variance (ANOVA).
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To model clotting disorder and treatments, we used either a platelet glycoprotein receptor
GpIbα antagonist (H1P1 antibody) or a GpIIb-IIIa receptor antagonist (Abciximab). We
observed faint fluorescence in microtissues under these antagonist treatments, suggesting
significant inhibition of platelet binding to the collagen matrix (Figure 4-14C, 4-16A).
Significant reduction in microtissue contractile force and stiffness (Figure 4-16B, C) and
increase in microtissue volume (Figure 4-16D) were also observed under these treatments,
indicating lack of platelet activity and further confirming the blockage of platelet binding
by these antagonists. It is possible that the relative contributions of these antagonists will
vary with shear 8, 37.Together, these observations are consistent with the notion that initial
platelet recruitment is facilitated by GpIbα binding to VWF that is initially recruited onto
the collagen matrix

29

. This is likely followed by the engagement of GpIIb-IIIa, VLA-2,

GpVI and other proteins that bind both VWF and also extracellular matrix proteins 29. This
is likely followed by the engagement of GpIIb-IIIa and other proteins that engage platelets
onto the extracellular matrix 38, 39. In addition to platelet antagonists, we also used a myosin
IIA inhibitor Blebbistatin to simulate platelet myosin IIA impairment-induced clotting
disorder, such as those seen in May-Hegglin anomaly, Fechtner, Epstein, and Sebastian
syndromes

40

. This treatment resulted in faint fluorescence (Figure 4-14C, 4-16A), a

significant reduction in microtissue contractile force and stiffness (Figure 4-16B, C), and
an increase in microtissue volume (Figure 4-16D), which suggested that inhibition of
platelet actomyosin contractility abolished microclot stiffening. Overall, the data
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Figure 4-17. Microclots formed using VWD Type-2A patient sample exhibit reduced
contractility and stiffness. (A) Overview of the strategy for comparing microclot
mechanics between VWD patient and healthy donor samples. Normal washed human
platelets were added to different plasma samples prior to microclot assay. (B)
Comparison of western-blot result of VWF multimer distribution for patient plasma
(VWF Type 2A) vs. healthy normal control plasma. Patient plasma lacks high molecular
mass VWF multimers. (C) ADAMTS-13 activity measured using XS-VWF FRET
substrate. * P<0.05 with respect to negative control based on ANOVA and Tukey posttest. Patient plasma has comparable ADAMTS13 activity as compared to health donor
sample. (D) VWF concentration determined by a flow cytometer-bead sandwich assay.
Patient plasma has lower VWF concentration as compare to health donor sample, which
is expected for VWD Type 2A patients.
demonstrate that the clotMAT mimics molecular aspects previously reported in classical
flow chamber/microfluidics systems in collagen based substrate assays only now we can
also simultaneously measure platelet contractility and clot stiffness.
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3.5.6 Microclots formed using VWD patient sample exhibit reduced contractility and
stiffness
Next, we demonstrate the use of the clotMAT system for analyzing the clot mechanics

Figure 4-18. Microclots formed using VWD Type-2A patient sample exhibit
reduced contractility and stiffness. (A) Phase contrast and fluorescence images of
microclots formed using VWD patient sample and healthy donor sample. Measured
fluorescence intensity (B), contractile force (C), stiffness (D) and volume (E) of the
above two microclot groups. *P < 0.05, n > 10, each dot in box plot represents an
independent experiment. Statistical significance was determined by One-way
analysis of variance (ANOVA).
associated with VWD Type 2A clotting disorder. Due to ADAMTS13 mediated proteolysis,
plasma from these patients exhibits deficiency in high molecular mass VWF multimers,
and decreased platelet recruitment onto subendothelial matrix proteins (Figure 4-17B).
We performed normal clotting experiment (30 min flow at 500s-1) using plasma from
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VWD Type 2A patient mixed with healthy platelets (Figure 17A). ADAMTS-13 activity
was measured using XS-VWF FRET substrate, and presented for 30 min. Negative control:
no plasma; Positive control: 1U recombinant ADAMTS13/mL; Normal pool: pooled
plasma from 5 normal human volunteers; Patient: ADAMTS13 levels in VWF Type-2A
plasma (Figure 4-17C). VWF concentration was determined by a flow cytometer-bead
sandwich assay. Result showed that patient plasma has lower VWF concentration as
compare to health donor sample, which is expected for VWD Type 2A patients (Figure 417D). We observed faint fluorescence in microtissues, indicating significant reduction in
platelet binding to the collagen matrix (Figure 4-18A, B). Microtissue contractile force
and stiffness were much lower and microtissue volume was higher in patient sample as
compared to the control sample prepared from healthy PRP (Figure 4-18C-E). Together,
these results demonstrate that clotMAT device is sensitive enough to detect the change in
clot mechanics associated with clotting disorder.
3.5.7 Independent yet equally strong effects of biochemical treatment and shear flow
on clot stiffening
The ability of the clotMAT system to report major mechanical parameters involved in
clotting process enables us to perform integrated, quantitative analysis of these parameters.
Using data collected from different clotting experiments performed under various flow and
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coagulation conditions, we performed regression analyses of microclot stiffness against its

Figure 4-19. Independent yet equally strong effects of biochemical treatment and
shear flow on clot stiffening. Strong correlation between microclot stiffness and
microclot contractile force (A) and between microclot volume and microclot
contractile force (B) exists for various coagulation conditions under biochemical
treatments. (C, D) Comparison of linear regressions between biochemical treatment
condition and shear flow condition. Strong correlation between microclot
mechanical properties also exists under varied shear flow (solid, black line). No
significant difference was found for the regression slopes between biochemical
treatment condition and shear flow condition. The significant difference of slopes
and intercepts for two linear regressions was measured using a method equivalent
to Analysis of Covariance (ANCOVA). Correlation between groups was analyzed
using Pearson correlation coefficients.
contractile force and microclot volume against its contractile force. We then compare the
regression slopes between flow-mediated condition and biochemically-induced
coagulation conditions. Here microclot volume is used as a quantitative measurement of
the clot retraction level. For biochemically-induced coagulation conditions (procoagulation, antagonist, VWD patient sample) that were performed under standard flow
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condition (30 min flow at 500 s-1), we observed strong correlations between microclot
stiffness and its contractile force (R2 = 0.99, Figure 4-19A, 4-20A) and between microclot
volume and its contractile force (R2 = 0.99, Figure 4-19B, 4-20A). For varied flow
conditions, strong correlations between these mechanical parameters were also observed
(R2 = 0.97-0.99, Figure 4-19C, D and 4-20A).

Interestingly, no significant difference

Figure 4-20. The correlation between microclot mechanical properties and the level
of microclot retraction. Strong correlation between microclot stiffness and microclot
contractile force (Ryz2), between microclot contractile force and microclot volume
(Rxy2) and between microclot stiffness and microclot volume (Ryz2) is observed.
was found for the regression slopes between these two experimental groups, indicating
these two types of stimulants independently yet equally strongly affect clot remodeling and
stiffening.
To further dissect the biomechanical parameters involved in clot contraction and retraction,
we performed finite element (FE) analysis of the microclot retraction process by
representing the active contraction of platelet population with the contractility of every
single elements 27, 32. Due to the geometrical restriction by two micropillars at both ends,
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microclot contraction causes volume shrinkage and development of necking in the middle
section (Figure 4-21A), mimicking the microclot retraction process observed in the
experiment. Simulated decrease in microclot volume almost linearly correlates with

Figure 4-21. Finite element model of the microclot before and under platelet
generated contraction. Simulated effective stress contour is plotted over undeformed
and deformed model geometry. (A) Active contraction of platelet population is
represented by the contractility of every single element. Due to the geometrical
restriction by two micropillars at both ends, microclot contraction causes volume
shrinkage and the development of necking in the middle section, mimicking the
microclot retraction process observed in the experiment. (B) Simulated decrease in
microclot volume almost linearly correlates with increased contractile stress,
recapitulating the experimental correlation between these two measurements.
increased contractile stress across all force ranges (Figure 4-21B), recapitulating the
experimental correlation between these two measurements. These results suggest that clot
retraction is driven by the collective contractile force of platelet population, which may
have been recruited/activated differently by biochemical treatments and shear flows.
4.6 Discussion and conclusion
The mechanical properties of blood clots are critical to stem bleeding upon vessel injury.
Despite numerous studies on platelet mechanics 2, 14, 15, little is known about the origin of
tissue-level clot mechanical properties 1, 35. Commonly used tissue mechanics models such
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as cell-laden bulk hydrogel models do not recapitulate the dynamic flow environment that
is critical to clot formation and are low-throughout and time and resource intensive

41, 42

.

We described herein a novel high-throughput clotMAT system with integrated flow and
mechanical measurement capacity. Using a panel of agonist and antagonist used in classical
vascular injury models, we demonstrate the ability of this system to integrate the
biomolecular players and shear stresses that are known to be critical in vivo. The system
recapitulates the evolution of clot morphology and mechanical properties under normal and
abnormal clotting conditions. Through dissecting the contributions of platelet contraction
and shear flow to clot stiffening, the current work allowed the development of a basic
understanding of the biomechanical mechanism regulating clotting processes in normal
hemostasis and coagulation disorders. Since overly stiffened blood clots are responsible
for myocardial infarction and stroke, which are leading causes of death in developed
countries, and overly soft clots contribute to surgical bleeding complications, improved
understanding of the mechanism of clotting disorders will have a direct impact on the study
of these diseases and may help to identify therapeutic targets for disease treatment. Also,
since clot mechanical properties are widely used in the clinics as indicators for blood
coagulation functions, the knowledge gained in this study may help to improve the
diagnosis and treatment of coagulation disorders.
In clinical hematology, a major existing challenge is the diagnosis of patients whose
standard laboratory test results are borderline but still have bleeding symptoms. Currently,
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there is no good functional assay that can be used to diagnose these patients.
Thromboelastometry such as TEG and ROTEM are among the most commonly used pointof-care devices for diagnosing coagulation disorders, but it suffers from apparent
limitations in diagnosing VWD and disorders of primary hemostasis

18, 19

. In the current

study, we showed that clotMAT system is able to properly detect impaired clot formation
and stiffness of VWD patient samples. Such improvement over existing clinical tests
suggests that clotMAT system has the potential to be used to improve the diagnosis of
coagulation disorders, especially for patients whose clinical phenotype can not be
determined using existing clinical tests. To validate the clinical utility of the system, further
tests against different VWD populations and platelet functional disorders is needed.
Preliminary results in the current study show that clotMAT system is able to report timedependent increase in clot mechanical properties by smooth ascending curves, which is
qualitatively similar to the ascending curves representing clot stiffening in clinical
thromboelastometry 18, 19. Furthermore, the healthy blood samples used in this study were
collected from more than twenty healthy donors, yet donor variation did not affect the
production of smooth response curves. Together, these results provide preliminary
validation of the clinical utility of the clotMAT system. Finally, the development of the
clotMAT system was enabled by the advancement in microfabrication technology; due to
its low-cost, high-throughput and the potential for scale-up, there exists a high potential to
translate this technology into an improved point-of-care system for coagulation diagnosis
18

.
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The mechanics involved in tissue remodeling has often been studied using cell-laden bulk
hydrogels comprised of matrix proteins

17, 41, 42

. However, due to the difficulty to

incorporate flow condition and the inherent limitation in solute diffusion and experimental
throughput, bulk hydrogel models are not suited for the study of clot mechanics. Previous
studies using these models have shown that stiffening of the fibrin gels can be induced
through either externally applied mechanical strain or myosin-mediated cellular
contraction that aligns and bundles fibrin fiber and compacts matrix meshwork

43, 44

.

However, the applicability of this strain stiffening theory under shear flow condition has
not been examined. Here, through analyzing results from both biochemically-treated
coagulation condition and shear flow-mediated coagulation condition, we showed equally
strong correlation in the microclot mechanical properties between these two experimental
conditions (Figure 19A-D, 20A), indicating these two types of stimulants independently
yet equally strongly affect clot remodeling and stiffening. In Figure 7 to Figure 18, we have
shown that biochemical treatments and shear flows can independently affect the
recruitment and activation of platelets. However, once sufficient amount of platelets adhere
and activate, they generate contractile forces that can drive clot remodeling and stiffening,
as demonstrated by our FE simulation. This finding unveils the tissue remodeling/stiffening
mechanism in a previously unexplored shear flow regime, and thus it significantly expands
the boundary of previously established tissue remodeling theory that was based on bulk,
static hydrogel models. Such integrated, quantitative analysis of the tissue remodeling
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mechanism under flow condition is enabled by the combined tissue mechanics and shear
flow capacity of the clotMAT system 43, 45.
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Chapter 5: Building 3D functional tissue engineered by compressive
buckling method
5.1 Acknowledgements
This chapter is a revised and reformatted version of the unpublished manuscript entitled
“Building 3D functional tissue engineered by compressive buckling method” under the
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experiments, analysis, interpreting the data, and writing the manuscript.
5.2 Abstract
3D cultured cells response more like native cells in tissue compared with those cultured in
monolayers (2D). And the patterned cells in 3D hydrogels got more functionality, for
example cell alignment. As a result, research in the field of tissue engineering over the past
years has focused more on three dimension. To better mimicking the native extracellular
environment, hydrogels were used to promote cell growth, besides, well-defined
biofabricated 3D shape as a scaffold also plays an important role in defining the function
of tissues and organs. Several strategies exist to program materials to change from one
shape to another, even from 2D to 3D. Building 3D in vitro tissue or organ models for the
study of biomechanics and drug screening via creative biofabrication strategies is maturing
and gaining more and more attention. Generating 3D constructs with complex and
heterogenic spatial organization of biomaterials, living cells and bioactive molecules
combination can help us better mimic physiologically relevant tissues and organs for the
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study of regenerative medicine. Two major approaches for biofabrication is 3D printing
and bioassembly.
Here we introduced a brand new fabrication technique for the application of complex 3D
tissue engineering that can substantially improve the fabrication speed, accessibility and
anatomical fidelity. This technique enables us to pattern different cell types, biomaterials
and molecular factors with accurate spatial control, and achieve controllable biochemical
and biophysical properties that highly mimic native tissue. Besides, this new method can
provide more insights on the processes of building 3D tissue and may assist in the finding
of better way to make solid tissue with complex blood vessel inside to offer nutrition, which
the traditional methods are not able to. What’s more, the 3D structure can be both
temporally and permeately changed by controlling the forming condition. It is expected
that this novel approach will be broadly applicable to all tissue types and can significantly
increase the clinical relevancy and utility of the engineered tissue as tissue replacements
for repair and as research models for disease modeling and drug screening.
5.3 Introduction
For mimicking living tissue with complex 3D structures to better understand some disease
models, tissue engineering has become a hot topic recently1-3. By recreating a tissue with
heterogeneous and complex arrangements of cells to restore the structure and function of
tissues, people can analyze the proliferation, differentiation, function and fate of the tissue46

. Therefore, a method for building a 3D structure of cells is needed, and is something that

traditional lithographic method cannot achieve. Transferring standard 2D lithographic
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techniques used in MEMS (Microelectromechanical systems) fabrication to the
construction of complex 3D structures with cells imbed inside could be a possible way.
Polydimethylsiloxane (PDMS), the most common material used in MEMS fabrication,
could be patterned to simple 3D structures by replica molding7-9. Most recently, researches
used compressive buckling method to build extremely complex 3D micro-architectures1012

. Compressive buckling is a phenomenon often encountered in mechanical and structural

engineering, and is characterized by sideways bending of an originally straight bar when it
is subjected to loads at both ends (Fig. 1 A, B). This phenomenon has been recently utilized
to achieve rapid formation of 3D structures from originally flat 2D patterns, similar to the
process of opening a children’s “pop-up” book. However, silicon was the material they use
in their design, which is not biocompatible and biodegradable. In this paper, we developed
a method that enabled us to form complex 3D structures using biocompatible materials by
compressive buckling.
There are some other ways to form 3D structures. Some researchers synthesized and
patterned 2D polymer constructs with the ability to fold into 3D structures by self-folding
with the actuation mechanisms like thermos-responsive and PH-responsive13-15. These
structures formed by self-folding could bend and roll due to different swelling ratio in
solutions with different PH or temperature, and could result in forming 3D tubes or cubes
by defined 2D structures. The advantage of this method is rapid and simple patterning and
transferring process. But accurately controlling the folding degree of the bilayer film

133

materials is too challenging. Until now, most applications of these methods were focused
on drug delivery or non-biorelated field like electrical engineering14, 16, 17. Rare groups
taking advantage of the technology for tissue engineering application. Another most
popular way to form 3D structures is 3D printing. The ability of printing complex 3D
scaffolds with good accuracy and speed makes this method a promising strategy to build
functional tissue18. This method has already been used to form bone tissue4, Vasculature19,
20

, liver21, cartilage22 and so on. However, the technical limitations in these methods, such

as the slow fabrication speed, limited biomaterial choice and low utilization rate of cells,
have restricted their widespread applications. Furthermore, the highly specialized
equipment and techniques involved in these methods make them inaccessible to most
researchers and clinicians in the biomedical field. Together, these limitations have
significantly hindered the advancement of engineered tissue for therapy and research23.
Here we developed a novel 3D scaffold fabrication technique for engineered tissues that
can be easily translated to the clinics and non-specialist research labs. We conducted
comprehensive development of different biocompatible materials with proper mechanical
properties for the application of complex 3D tissue engineering, and investigated the
possibility of using modified tough sugar material with proper buckling ability and fast
degradability as 3D sacrificial mold for the purpose of building complex vascular structures.
Using this method, we can easily “pop-up” 2D flat designs into 3D complex constructs
based on the principle of compressive buckling. Through proper design of the 2D precursor
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pattern, various 3D structures can be fabricated, such as orthogonally intersecting bridges,
flowers and cubes. We demonstrated the feasibility of forming 3D cube structures using
PLCL [poly(lactide-co-caprolactone)] 30:70 and 3D fibrous structures using sugar
materials. This process represents a brand new approach to quickly deliver material of
interest from an originally 2D pattern into the 3D space. Pattern cell-laden hydrogel in
predesigned 2D microstructures and buckle up the cells into 3D space can achieve precise
3D spatial patterning of cells and biomaterials. By further incorporating the second cell
type and biomaterials after buckling process, for example HUVECs and TCP here for bone
tissue model, we can engineer a bone tissue with pre-fabricated vascular network and
excellent mechanical support. It’s could be a promising treatment for skeletal injuries using
this engineered bone tissue that can promote both osteogenic and vasculogenic formation,
and at the same time obtain enough mechanical strength. This method overcomes the slow
fabrication speed associated with the 3D printing and can work with any type of cell and
hydrogel material. Furthermore, the experimental setup does not require highly specialized
equipment and training, operator performs 2D cell seeding as he/she would normally do
and then a simple “pop-up” action would produce a cell-bearing 3D structure.
5.4 Materials and Methods
5.4.1 Materials
Medical grade PCL (poly caprolactone) (mPCL) pellets (Sigma Aldrich, St Louis, MO)
with density of 1.145g/cm3 (Mn = 80,000) were used as received. β- tricalcium phosphate
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( β-TCP) powder with specific surface area of 17 m2/g and particle size of mech 50 um was
obtained from AAA. PLCL (poly lactide-co-caprolactone) ( LA:CL = 30 : 70) ester endcap
with molecular weight of 85-100 Kda, PLCL ( LA:CL = 50 : 50) ester endcap with
molecular weight of 45-55 Kda and PLCL ( LA:CL = 1 : 99) ester endcap with molecular
weight of 35-45 Kda were obtained from PolySciTech (Akina, West Lafayette, IN, USA).
PGS

(poly glycerol sebacate) was purchased from Secant Medical (PA, USA). PR-1205

prime coat was purchased from DOW Corning (Midland, MI, USA); 1,4-Dioxane from
TCI AMERICA ( Portland, OR, USA). All other chemicals were used as received. Porcine
type A gelatin and methacrylic anhydride and Leukocyte Alkaline Phosphatase (ALP) Kit
(85L2-1KT)

were

Paraformaldehyde

purchased
(PFA)

from

was

SigmaAldrich

purchased

from

(St.Louis,
EMS

Missouri,
(Hatfield,

USA).
USA).

Hexamethyldisilazane (HMDS), 4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid were
purchased from Sigma. Paraformaldehyde (PFA) was purchased from EMS. Bovine serum
albumin (BSA, BP9705-100), fetal bovine serum (FBS, 26140-195), penicillin
streptomycin

(15240-062),

BCECF

(2',7'-Bis-(2-Carboxyethyl)-5-(and-6)-

Carboxyfluorescein, Acetoxymethyl Ester) were purchased from Thermo Fisher Scientific.
Collagen type I antibody (AB755P) was purchased from Millipore-Sigma. Alexa Fluor™
secondary antibody was purchased from Life Technologies. Hoechst 33342 was purchased
from Invitrogen. Silicon wafers were purchased from University Wafer. Photo mask was
printed by CAD/Art Services Inc. Polydimethylsiloxane (PDMS, Sylgard 184) and PR1205 prime were purchased from DowCorning. Human Umbilical Vein Endothelial Cells
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(HUVEC) were obtained from Lonza. Endothelial Cell Growth Medium (CC-4147) was
purchased from PromoCells. Stretchable silicone membrane was purchased from SMI
(Saginaw, MI, USA). Anti-RUNX2 antibody (ab23981) was obtained from abcam.
5.4.2 Mechanical tests for biomaterials of interest
The mechanical properties of the biomaterials of interest were measured using an Instron
5944 (Instron Corporation, Norwood, MA) uniaxial testing system fitted with a 15kN
loading cell. Five specimens were tested for each material. For PDMS and PGS specimens,
1*5 mm2 square cross-section and 10 mm in length were tested. For PLCL, PCL and sugar
specimens, 0.2*3 mm2 square cross-section and 10 mm in length were tested. All specimens
were mechanically tested at a speed of 0.1 mm/s for up to 200% strain unless broken. The
stress values were determined as the loading values divided by the initial cross-sectional
area of each test specimen. The strain values were determined as the deformation values
divided by the initial specimen length. For all the specimens, the elastic modulus was
calculated as the slope of the initial linear portion of the stress-strain curve, the toughness
was calculated as the area below the stress-strain curve.
5.4.3 Sacrificial sugar mold fabrication
1: 1 (w/ w) ratio of Light corn syrup (Karo, Walmart) and Pure cane sugar (Domino Sugar,
Walmart) was well mixed and microwave heated until the mixture turned to yellow liquid
state. Usually, 50g of Light corn syrup was mixed with 50g Pure cane sugar and microwave
heated for 2 minutes to make a liquid sugar. Liquid sugar was poured into PDMS molds
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(Fabricated through SU-8 master stamps using traditional photolithography and replica
molding method) which were pre-heated on a 130 °C hot plate for 5 minutes. Air baubles
trapped inside of the PDMS mold was degassed by a 15 PSI pump (VacuMaster) until no
baubles found. The final sugar mold was peeled off from PDMS mold after fully cooled
down to room temperature and stored in a vacuum chamber for later use.
5.4.4 PLCL buckling structure fabrication
PLCL polymer was dissolved in 1,4-Dioxane at the concentration of 20% (w/v), and poured
inside of the sugar mold. After air drying for 24 hours in room temperature, the extra
polymer was removed by a blade with 1,4-Dioxane as a solvent. After air drying for another
24 hours, the final PLCL pattern was released by dissolving the sugar mold in DI water.
5.4.5 PDMS oligomer micro_contact printing
A PDMS-Assisted interfacial bonding process was used for the bonding between PLCL
pattern and silicone at designed bonding sites based on published paper
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. Briefly, both

PLCL (flat surface with no pattern) and pre_stretched silicone membrane were treated with
Oxygen plasma (Plasma etch, NV, USA) at 60 W for 60 seconds (optimized condition to
achieve strong enough bonding force) to induce hydroxyl groups on both surface, follow
by micro contact printing of patterned PDMS stamp on PLCL bonding sites and flat PDMS
stamp on silicone membrane for 1 hour under pressure. A layer of PDMS oligomer would
form only on physical contacted sites. Next, both oligomer coated surface were treated with
the second oxygen plasma at 90 W for 30 seconds, and brought into contact under pressure
for another hour.
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5.4.6 Cell maintenance and differentiation
Human umbilical vein endothelial cells (HUVECs, Angio-proteomie) cells were cultured
in complete Endothelial Growth Medium-2 (EGM-2; Promocell). Human Mesenchymal
Stem (hMSCs, Lonza; Basel, Switzerland) cells were maintained in Dulbecco’s modified
Eagle medium (low glucose) supplemented with 10% MSC fetal bovine serum (FBS,
Hyclone, Logan, Utah, USA), and 1% penicillin-streptomycin. HMSCs were only used for
passage 3 to 6 with medium change every 3 days. The hMSCs differentiation medium was
made by adding 0.1uM dexamethasome (in 100% ethanol), 50 uM Vitamin C (in PBS) and
10mM (in PBS) at the final concentration to the cell culture medium. The media for the
coculture system of HUVECs and differentiated hMSCs is completed EGM-2
supplemented with 7% FBS.
5.4.7 Preparation of gelatin methacrylate (GelMA)
GelMA was synthesized following previous publications 25. Briefly, methacrylic anhydride
was added dropwise to a 10% solution of gelatin in PBS at the weight ratio of methacrylic
anhydride: gelatin = 3: 5 under constant stirring, and react at 50 °C for one hour. The
functionalized polymer was dialyzed against distilled water for 7 days at 40°C to remove
methacrylic acid and anhydride, and neutralized to pH 7.4. Final freeze-dried GelMA
product was gathered, dissolved in PBS at concentration of 25% (w/v) and stored in freezer
at -20 °C until use. Lithium phenyl-2,4,6-trimethylbenzoylphosphinate (LAP), a visible
light photo-initiator, was synthesized following published method
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26

. Final solution at

concentration of 6% GelMA (w/v) and 0.4% LAP (w/v) was made and heated up to 37 °C
before encapsulation of cells.
5.4.8 Cell viability assay
The cell viability of cells seeded in gelMA was characterized after 72 hours of culture using
Live/Dead Viability Kit (L-3224, ThermoFisher) according to the manufacturer's
instructions. Viability was calculated as (alive cells/total cells counted) 100%. Each group
of sample had three replicates and the mean ± standard deviation was reported.
5.4.9 Sample sterilization, cell seeding and differentiation
Samples were sterilized by 70% ethanol for 1 hour, washed by PBS twice for 30 minutes
each and left in the hood for at least 2 days to fully dry it. Pluronic (0.2%) were used to
treatment sample surface for 5 minutes to make the surface hydrophobic before cell seeding.
HMSCs were well mixed in 6% gelMA and 0.4% LPA in PBS at the concentration of
500,000 cells/mL, add on top of the sample and centrifuged at the speed of 750 rpm for 2
minutes to get the cells inside of the patterns. Extra cells in the solution were easily
aspirated away by a pipette. The whole device was exposed to a UV lamp with the energy
of 5.6 mJ/cm2 for 45 seconds to cure it. PLCL patterns were immediately buckled up to
form 3D structure after exposure, and cultured in hMSCs differentiation medium for 3
weeks with media change every 3 days.
5.4.10 Pattern detach from membrane
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Because of the certain memory property of PLCL polymer, they would maintain its 3D
structure after soaking in culture media for more than one week. The PLCL pattern can be
easily detached from the silicone membrane by gentle stretch using a surgery knife.
5.4.11 Fabrication of PCL-β-TCP scaffold
PCL-β-TCP scaffold was prepared by dispersing PCL pellets in 1,4-Dioxane with gentle
mechanical stirring for 6 hours, followed by gradual incorporation of β-TCP powder and
keep stirring overnight to ensure homogenous distribution of β-TCP particles in the PCL
slurry. A PCL:β-TCP: 1,4-dioxane weight ratio of 20:20:100 was used. A PDMS mold with
pre-designed structure was demolded from a conventional 3D printed resin mold. The
slurry was poured out evenly and cast into a the PDMS mold, and degassed by a vacuum
pump for 3 minutes to get rid of major bubbles inside. The extra material was removed by
a blade, and sample was put into a freezer overnight. The final PCL-β-TCP scaffold was
demold from PDMS mold after at least 10 hours freeze-drying. All scaffolds were treated
in 5 M NaOH for 24 h at room temperature to enhance their hydrophilicity. This treatment
could improve the interaction of cell-laden hydrogel with scaffold surfaces during
integration of GelMA with rigid PCL-β-TCP scaffolds.
5.4.12 Mechanical properties and geometrical features characterization of PCL-βTCP scaffold
The mechanical properties of the PCL-β-TCP scaffolds were measured using a Mark-10
motorized test stand equipped with a Mark-10 uniaxial testing system with a 5kN force
sensor. PCL-β-TCP scaffold (without cells) specimens with contacting area of 1*6 mm2
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and 2.5 mm in height were mechanically tested under compression between two platens at
a loading speed of 5.08 mm/min. Five specimens were tested. All samples were fixed using
4% paraformaldehyde and washed using phosphate buffered saline (PBS) solution before
tests. All tests were conducted immediately after taking out of PBS at room temperature.
Before each test, a preload of approximately 1Mn was applied. The time and corresponding
force were recorded (20 readings per second) in real time. The effective stress values were
determined as the loading force per the scaffold initial contacting area of each test specimen.
The strain values were calculated via dividing the deformation of the specimen with its
initial height. Five samples were tested for each group. The stress-strain curve was plotted
and the compression modulus was calculated as the slope of the linear portion (10% - 25%
strain) of the curve.
5.4.13 TCP/PLCL assembly and HUVEC cell seeding
TCP-PCL scaffold was sterilized by 70% ethanol for 6 hour, washed by PBS twice for 2
minutes each and left in the hood for at least 2 days to fully dry it. Buckled PLCL patterns
with differentiated hMSC cells were easily detached from silicone membrane and would
maintain its 3D structure as a mentioned before. Detached PLCL patterns were maintained
in hMSC culture media before use. And then HUVECs and hMSCs were gathered and
mixed at the ratio of 5: 1 (HUVECs: hMSCs) in prepared gelMA hydrogel (ready to use,
with photo initiator) at total final concentration of 1,000,000 cells/mL. PLCL pattern and
TCP-PCL scaffold could be easily assembled together using a tweezer. The assembly
process was handled without culture media, and usually only need 30 seconds to get it done.
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Cells in GelMA were immediately applied to the predesigned channel using a 10 µL pipette
and gelled using a UV lamp with the energy of 5.6 mJ/cm2 for 60 seconds. The whole
handling process should not exceed 3 minutes to avoid possible dehydration. Full EGM2
media supplemented with 7% more FBS was used for the coculture system of HUVECs
and hMSCs. The engineered 3D tissue was culture for 7 days with culture media change
every 2 days.
5.4.14 Immunofluorescence, microscopy, and image analysis
For osteogenic differentiation characterization, 3D buckled patterns were cultured in MSC
differentiation media for 3 weeks fixed by 4% (v/v) paraformaldehyde (PFA) for 10 min at
room temperature. Leukocyte Alkaline Phosphatase (ALP) kit was used to stain calcium
phosphate secreted by cells as blue following recommended protocol. Runt-related
transcription factor 2 (RUNX2) staining of nuclei was also used to characterize the
osteogenic differentiation efficiency. Fixed samples were permeabilized by 0.1% (v/v)
Triton X-100 for 10 minutes, and blocked with 3% BSA for 2 hours at 37 degree. AntiRUNX2 antibody (ab23981) was diluted in 3% BSA at 1: 200, applied and incubated with
samples for 24 hours. Samples were fully washed in PBS twice for 30 minutes each on
shaker. And then blocked by 10% goat serum for 1 hour and labeled with Alexa Fluor™
secondary antibody (Life Technologies) diluted in 10% goat serum at concentration 0f 1:
200 for 2 hours. Hoechst was used to label cell nuclei.
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For vasculization characterization, F-actin staining was performed to see the cell
alignment. Basically, the final engineered 3D tissues were fixed by 4% (v/v)
paraformaldehyde for 15 min at room temperature, permeabilized by 0.1% (v/v) Triton
X-100 for 5 minutes, and stained using Alexa Fluor 488 Phalloidin for 40 minutes at
room temperature.
Confocal images of the patterns were taken using an Andor Technology DSD2 confocal
unit coupled to an Olympus IX-81 motorized inverted microscope. Plan-Apochromat 10X
objective was used to record the stack with 1 μm optical slices for all channels. The stack
of images was then processed using the Z stack tool in ImageJ (NIH) to obtain the projected
2D views. A Nikon Eclipse Ti-U inverted microscope equipped with 10X air objective and
Hamamatsu ORCA-Flash 4.0 LT CMOS camera under exact imaging condition was used
to take fluorescent images and processed in ImageJ.
5.4.15 Scanning electron microscopy (SEM)
The cell/PLCL/PCL-β-TCP scaffold were fixed using 2.5% glutaraldehyde (ACROS
organics) in PBS for 1.5 hour in 4 °C. After being thoroughly washed with PBS twice for
15 minutes each, samples were dehydrated through series of ethanol treatment at 15%, 30%,
50%, 70%, 90% and 100% for 15 minutes each time. Finally, Hexamethyldisilazane
(HMDS, Alfa Aesar) was added to the samples to completely dry the samples for SEM.
After sputter-coating with gold, samples was examined with a Hitachi SU70 Field
Emission Scanning Electron Microscope (FESEM) at 3kV. PCL-β-TCP scaffolds were
directly gold-coated and SEM examined.
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5.4.16 Water uptake measurement
To investigate the porosity PCL-β-TCP scaffolds, their water uptake capability was tested.
The water uptake characteristic is also related to mechanical integration of collagen gel as
well as cell adhesion and proliferation to the porous scaffold. The dry weight of PCL-βTCP scaffolds were first measured by an electronic balance (W1). Then those scaffolds
were completely immersed in distilled water for 60s, and the accumulated outer surfaces
water on the samples was removed using wet filter paper. Then, the wet scaffolds were
weighed immediately as W2. The percentage of water uptake was determined as (W2W1)/W1.
5.4.17 Statistics Analysis
Data are presented as mean ± standard deviation. Significance difference between dual
comparison was verified by unpaired t test with Welch's correction method. Significance
difference for multiple groups was determined by One-way analysis of variance (ANOVA).
The p values of <0.05 were considered statistically significant.
5.5 Results and Discussion
5.5.1 Buckling platform design
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Compressive buckling is a phenomenon often encountered in mechanical and structural
engineering, and is characterized by sideways bending of an originally straight bar when it
is subjected to loads at both ends (Figure 5-1 A, B). We designed the fundamental buckling
strategy regarding a published paper 11. Basically the pattern contains three functional parts:
binding sites, weak sites and cell seeding sites (Figure 5-1C). Only binding sites would
bond to the substrate pre_tretched membrane, and weak sites would deform and buckle up
after releasing the membrane. Cell seeding sites were designed to house cells in hydrogel.
Figure 5-1D shows a six steps brief fabrication design. PDMS structures made by
traditional photolithography and softlithography method were transferred to a sacrificial

Figure 5-1. Buckling platform design. Mechanical compressive buckling process of
material structure (A) before compressive buckling and (B) after compressive
buckling. (C) Schematic drawing of buckling platform design of topview and Crosssection before buckling up. The design includes binding sites, weak sites and cell
seeding sites. Only binding sites would bond to pre_tretched membrane. Weak sites
would be thinner than the other parts, so that only those sites would deform. Cell
seeding sites were designed to house cells in hydrogel. (D) Six steps of the buckling
up process design.
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material to fabricate a sacrificial mold for better pattern release. Biocompatible material
(here we present PLCL as example) was filled inside of the patterns of sacrificial mold,
excess materials was fully removed by a blade. Material of interest was then bond to
stretched silicone membrane at binding sites and the sacrificial material was removed to
expose material of interest. The final 3D structure was achieved by releasing the membrane.
5.5.2 Identify biodegradable materials with have good buckling ability that can
deliver cells into 3D space

Figure 5-2. Mechanical properties characterization of biomaterials of interest (A)
Tensile Stress-strain curve for 5 materials. (B) Zoom-in view of the initial stressstrain curve showing modulus difference. (C) Toughness measurement (D) Young’s
modulus measurement.

Rather than SU-8 photoresist or silicon materials, we need to choose the suitable
biocompatible materials with good mechanical properties that can withstand compressive
buckling for tissue engineering application. Here we tested the stress-strain curve for some
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common polymers, including PGS [poly(glycerol sebacate)], PDMS, PLCL, PCL and
optimized sugar material, the result shown in Figure 5-2A. Figure 5-2B showed a zoomin view of the initial stress-strain curve, which reflects the materials’ young’s modulus. We
measured the toughness of those five materials by measuring the area below the stressstrain curve. The toughness of a material is directly related to its brittleness and buckling
property. The reason why we also tried PDMS, though it’s not a biodegradable material, is
that it’s a common used material with well-known mechanical properties, with young’s
modulus around 1.83 Mpa and measured toughness 0.45 Mpa, so as to have a basic feeling
of what is the toughness requirement for suitable buckling material. Actually, we tried using
PDMS (1:10 ratio) strips with aspect ratio (length to thickness) less than 10 as the buckling
material on a pre-stretched silicone membrane (Specialty Manufacturing, Saginaw, MI)
that is 125 μm in thickness. The result proved that PDMS is not tough enough to withstand
the compressing force. Result in Figure 5-2C, D showed that both PGS and PDMS get
pretty low toughness value and young’s modulus, which makes them not suitable for the
buckling platform. Based on these data, we tested some biodegradable polymers with
higher toughness, including PLGA [poly(lactic-co-glycolic acid)], PLCL, PCL and
optimized sugar based material. PLGA got fast biodegradability and good young’s modulus
(around 300Mpa), however, it’s too brittle to bend after compressing (data not shown).
PLCL, which is the copolymer of PLA and PCL, has different mechanical properties with
different ratio of PLA to PCL. Higher the ratio of PCL in the copolymer would induce
larger toughness and longer degradation time. Here we tried PLCL with the ratio of PLA:
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PCL = 1: 99, 30: 70, 40: 60 and 50: 50. We cut strips with the aspect of 1:20 for different
ratio PLCL with the thickness of 200 μm, and tested the buckling ability. The result shows
that 50:50 and 40:60 PLCL are too soft to buckle up and 1: 99 PLCL is too slow to degrade.
30: 70 PLCL with the molecular weight of 100,000-200,000 Da was choose for later tests.
The stress-strain curve of 30: 70 PLCL polymer as shown in Figure 2A, B proved that it
has higher young’s modulus and toughness than PDMS. The measured value in Figure 2C,
D showed that 30: 70 PLCL get 10 times larger young’s modulus (29.11 Mpa) and more
than 7 times toughness (3.30 Mpa) than PDMS. Actually, PLCL could be stretched to 300%
strain without breaking (data not shown here). We tried different 2D designs on PLCL
30:70 to form 3D structures, the highest aspect ratio it can reach is about 1: 30 without
falling down. (We also plan to measure the stress-strain curve of PLCL 30: 70 after soaking
it in culture media for 2 hours.) We also measured the properties of PCL and optimized
sugar. Both of them get pretty high young’s modulus (more than 200 Mpa), while PCL has
around 17 Mpa toughness, sugar material only get 1.58 Mpa. Based on all these data, we
think PLCL, PCL and sugar material all have enough strength working on this buckling
platform. We tried all of them for the whole fabrication and buckling process, they all able
to buckle up and form 3D structure. Compared with PCL and sugar material, PLCL is easier
to fabricate, better pattern transfer accuracy and higher success rate. So, PLCL was chosen
as the material for later experiments.

149

5.5.3 Develop a “pop-up” fabrication platform for rapid formation of 3D tissue
network. And using PLCL polymer as the buckling material to deliver cells to specific
3D space.
Figure 5-3 showed the detailed 12 steps fabrication process for the “pop-up” fabrication
platform. The first 4 steps were traditional photolithography and replica modeling method
regarding precious publication 27. The idea of using sugar as sacrificial material to release
the pattern is coming from Moraes 28 who used sugar mold to make supersoft PDMS. The
mixture of table sugar (15g) and corn syrup (15g) was well mixed and put into a microwave

Figure 5-3. 12 steps of the whole fabrication process for compressive buckling
based 3D scaffold engineering platform using PLCL as the buckling material.
oven baking for 80 seconds to get a brown sugar with suitable viscosity. Then the hot liquid
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sugar was poured into a preheated PDMS mold (150 degrees for 5 minutes) from step 4
until fully cover the whole patterns. Degassing was performed immediately to get rid of
the air bubbles trapped inside by a pump (pump serial). Second time degassing was needed
if major bobbles were still obvious (step 5). Sugar stamp with the comprehensive structure
as the PDMS mold could be easily peeled off from the PDMS mold after it cooled down to
room tempura ion. The fidelity of the sugar stamp for this transfer process was excellent
even for patterns down to 10 μm if with good handling (step 6). This sugar stamp
transferring process was applicable for all those polymers that can dissolve in organic
solvent, including IPA, ethanol, dioxane, hexane, butanol and acetone because sugar is not
soluble in organic solvent. To the end of this process, the sugar stamp could stay good to
use for a long time if stored in a vacuum chamber.
The next step is to transfer the pattern on sugar mold to PLCL polymer. PLCL polymer
dissolved in Dioxane (20% w/v) was pour on top of the sugar stamp and degassed to fill
the pattern. Excess polymer material was removed from stamp surface by a blade
scratching process. And the sugar stamp with PLCL polymer patterns on top was left in a
desiccator with desiccant for at least 2 days to let solvent evaporate (step 7). Sand paper
from 3M, Walmart was used to further remove the excess PLCL, and polish the sugar
surface. PDMS oligomer was applied on both of the predesigned binding sites on the PLCL
pattern and the pre-stretched silicone membrane through established transfer method
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and then put into contact for at least 1 hour (step 8 and 9). Instead of peeling off the stamp
that might damage the fragile polymer patterns, here shows the advantage of using sugar
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as a sacrificial material that can guarantee us to get intact 2D polymer structure only by
soaking it in water for half an hour (step 10). To this point, PLCL patterns were successfully
transferred and bonded to the desired silicone membrane. The last two steps are cell seeding
and pattern buckling up as shown in step 11 and 12.
5.5.4 Different pattern design fabrication

Figure 5-5. Stretch device outlook. 4 clips were used to stretch and fix the
membrane and mount to grooves in the stretch device at predesigned position.
Figure 5-4. Different pattern design fabrication. (A) Representative fabrication flow
chart for cube design. (B, C) Cube design with different surface geometry structure.
(D, E) Octopus design with different surface geometry structure. (F) Array design.
(G) Umbrella design.
For different pattern design, we need an accurate calculation for the stretching degree
needed to form the desired 3D structure. The 500% stretch ability of the silicone membrane
enabled us to fabricate 3D constructs with a wide range of buckling degree. The
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corresponding stretch device made in the machine shop, as shown in figure 5, showed that
clips was used to stretch and fix the membrane and mount to grooves in predesigned
position. Figure 5-4A showed the representative fabrication flow chart for cube design,
which need 300% stretch. Figure 5-4B, C showed the SEM images of cube design with
different surface geometry structure, which is circular and two-pillar design in the pictures.
Other fancy structures were proved also applicable for our platform as shown in Figure 54D-F.
4.5.5 3T3 fibroblast cell seeding.
After fully sterilization of PLCL material, human mesenchymal stem cells were seeded
only inside of the designed patterns. GelMA was used to encapsulate the cells as it’s a
versatile hydrogel that already proved to be suitable for engineering cartilage, vasculature
and bone tissue. Pluronic (0.2%) were used to treatment sample surface for 5 minutes to
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Figure 5-6. Fluorescent and SEM images showing tissue structure cell morphology.
(A), Fluorescent staining for actin and nuclei, showing cells are alive and spreading
well in the tissue. (B - D), SEM images for a representative tissue showing tissue in
the designed pattern (B), and zoomed in images show detailed cell morphology (C,
D). (E - H) and (I - L) showed different pattern design. Those different structure
design showed that our buckling platform is applicable for a vitality of 3D tissue
formation in different geometrical constrain.
make the surface hydrophobic before cell seeding. GelMA solution of 6% GelMA (w/v)
and 0.4% LAP (w/v) in PBS was made and heated up to 37 °C before encapsulation of
cells. 3T3 cells were well mixed in the solution at the concentration of 500,000 cells/mL,
add on top of the sample and centrifuged at the speed of 750 rpm for 2 minutes to get the
cells inside of the patterns. Extra cells in the solution were easily aspirated away by a
pipette. The whole device was exposed to a UV lamp with the energy of 5.6 mJ/cm2 for 45
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seconds to cure it. PLCL patterns were immediately buckled up to form 3D structure after
exposure, and cultured in DMEM medium for 3 days with media change on day 2. Figure
5-6 shows 3 different pattern designs we made, which showed different tissue structure and
well spread cell morphology. The fluorescent image in Figure 5-6A showed that tissue
only grow in designed space with well spread morphology. Also SEM images in Figure 56B-D proved that cells seeded inside of the pattern were alive and spreading well. Figure
5-6E-L showed cells can also be patterned inside of single well and two-pillar design.
Those results showed that our buckling platform is applicable for a vitality of 3D tissue
structures.
5.5.6 Bone tissue engineering with pre- vascularization.
Until now, we proved that different 3D tissue structures could be achieved through our
buckling platform. Here we tried to apply our platform for bone tissue engineering. The
major advantages of using this buckling platform include integration of multimaterials and
different cell types. As you can see in Figure 5-7A, it showed the schematic fabrication
process. The first three steps in the same as previously described, including 2D pattern
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fabrication, hMSC cell seeding and buckling up. After buckling up to form 3D structure,

Figure 5-7. Fluorescent and SEM images showing tissue structure cell morphology.
(A), Fluorescent staining for actin and nuclei, showing cells are alive and spreading
well in the tissue. (B - D), SEM images for a representative tissue showing tissue in
the designed pattern (B), and zoomed in images show detailed cell morphology (C,
D). (E - H) and (I - L) showed different pattern design. Those different structure
design showed that our buckling platform is applicable for a vitality of 3D tissue
formation in different geometrical constrain.
PLCL patterns were immediately cultured in hMSCs differentiation medium for 3 weeks
with media change every 3 days. Figure 5-7B showed the osteon units in human bone
anatomy, it contains osteoblast cells inside of the porous bone mineral materials with
capillaries around them. We simplified the unit structure as shown in Figure 5-7C, D. The
structure was further simplified to a schematic drawing of Figure 7G with 4 by 4 arrays of
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“door” design with hMSCs seeded inside of two connected circular structure. Figure 5-7E
showed bright field image of the 3D structure after buckling up.
After 3 weeks’ differentiation culture, 3D PLCL constructs were detached from the
membrane and fitted into TCP-PCL based 3D scaffold made by replica molding and freeze
drying, as shown in step 4 in Figure 5-7A and bright image in Figure 5-7F. The engineered
blood vessels within the predesigned concaved channel of the scaffold were prepared by
adding 50 μL of HUVECs (1 million cells per mL) and hMSCs (0.1 million cells per mL)
in 6% GelMA hydrogel, and then applying a slight vacuum to ensure removal of any
trapped air in the center of the scaffold. Immediately after UV gelling, the whole construct

Figure 5-8. Characterization of hMSC differentiation efficiency and TCP properties.
(A), ALP staining showed clear blue color only inside of designed pattern. (B)
RUNX-2 staining showed clear red nuclei inside of designed pattern. (C)
Compressing tests for the TCP/PCL constructs after cell culture. (D, E) SEM images
of the cross section view of TCP/PCL constructs made by freeze drying showing
porous structure.
was immersed in the coculture media, which contains 7% extra MSC FBS inside of normal
EGM-2 media. Figure 5-7H, I showed the construct cultured in a p-36 dish. Figure 57J157

L showed the fluorescent images of hMSC cells in green and HUVECs in red with well
controlled spatial distribution.
To characterize the differentiation efficiency, samples were fixed and stained for ALP
following recommended protocol after 3 weeks’ culture to characterize the differentiation
efficiency. The blue color only stained in the tissue grow space showed the production of
alkaline phosphatase by the cells, which proved the successful osteogenic differentiation
(Figure 5-8A). We also did Runt-related transcription factor 2 (RUNX2) staining, which
is a key transcription factor associated with osteoblast differentiation, for samples after 3
weeks’ culture, fluorescent image in Figure 5-8B showed red nuclei staining of RUNX-2
which further proved successful differentiation. After the integration of HUVECs and
cultured for one more week, we measured the mechanical strength of the whole construct.
The compressive modulus was measured to be 67±8 Mpa (data present here is the pure
TCP/PCL without cell culture process), which proved the function of this bone construct
as mechanical support (Figure 5-8C). And the SEM images in Figure 5-8D, E showed the
porous inner structure which highly mimic the porous bone. To this point, we showed that
our buckling platform could engineer 3D bone tissue with precise spatial control of cells
and biomaterials that highly mimic the biological and biomechanical properties of human
bone. What’s more, the final hydrogel-TCP composite got approximating the same
mineral-to-organic matrix ratio as human bone.
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4.5.7 Other applications.

Figure 5-9. Cardiac tissue and eye ball design. (A-E), Cardiac tissue design. (F-I),
Eye ball design.
Unfolding human heart, as shown in Figure 5-9A, we would get an almost flat rectangular
muscle tissue. Based on this fundamental structural knowledge, we designed our buckling
pattern with alignedt grooves that could guide cell alignment on the surface. Figure 5-9B,
C showed the 3D structure after pattern buckling up, which got a similar “cup” structure
as heart tissue. The engineering microgrooves (Figure 5-9D) successfully guided cell
alignment, as shown in Figure 5-9E. This engineered 3D heart tissue highly mimic the
structure of human heart, and also able to achieve the same cell alignment as cardiac muscle
cells for tissue contraction.
In 2012, Miller
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demonstrated the feasibility of using 3D printed sugar as a sacrificial

material to build patterned vascular networks for the application of tissue engineering.
Although normal carbohydrate based sugar material is hard and brittle, here we did some
modifications by adding additives to optimize its mechanical properties to make it a good
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buckling material. Gluten and starch were added into “Gummy Bear” to make the sugar
soft and bendable, also cellulose was used as additive to enhance material’s mechanical
properties. We tried both of them in sugar with different baking method, baking
temperature, baking time and additive weight ratio to find the best modification process. I
found that mixing table sugar and corn syrup by 15g: 15g, and bake on 180-degree hotplate
for 10 minutes could result in a clear, transparent and less viscous liquid, and become pretty
soft and elastic after cooling down. Adding gluten and starch or cellulose after 10 minutes
baking, and keep baking for another 8 minutes in 150 degrees could produce a deformable
material with excellent young’s modulus after cooling down to room temperature. As
shown in Figure 5-2A, the measured stretch-strain curve for this optimized sugar based
material showed excellent young’s modulus (more than 200Mpa) and decent toughness
(1.58Mpa). We can form well-shaped eye-ball blood vessel structures (Figure 9G) with
different fiber dianeters ranging from 100 µm to 300 µm. We further coated the sugar fiber
surface with PLCL polymer by dip coating method, and placed the part into 8% GelMA
solution with fibroblasts (3T3). After 90 seconds UV gelling process, sugar material was
gradually dissolved into the cell culture media we added, and form hollow channels inside
of the gel (Figure 5-9H). Fluorescent image in Figure 9I showed gel structure with
channels and cells inside.
5.6 Conclusion
In summary, we developed a brand new compressive buckling based fabrication technique
for the application of complex 3D tissue engineering that can substantially improve the
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fabrication speed, accessibility and anatomical fidelity. This engineered 3D tissue model
can highly mimic the spatial composition of human native tissues, and applied for advanced
tissue engineering applications. Besides, this new method can provide more insights on the
processes of building 3D tissue and may assist in the finding of better way to make solid
tissue with complex blood vessel inside to offer nutrition, which the traditional methods
are not able to. What’s more, the 3D structure can be both temporally and permeately
changed by controlling the forming condition. It is expected that this novel approach will
be broadly applicable to all tissue types and can significantly increase the clinical relevancy
and utility of the engineered tissue as tissue replacements for repair and as research models
for disease modeling and drug screening.
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Chapter 6: Conclusions and Future Directions
6.1 Conclusions
The advancement of fabrication techniques makes it possible to engineer novel 3D
structures that can house cells and biomaterials inside with the structure highly mimic the
in vivo native tissue. This kind of 3D in vitro tissue models can help us build functional
tissue types for the application of biomechanical and phenotypical study, disease modeling
and drug screening. I designed and fabricated two 3D microtissue array devices with
different micropillar dimension and sensitivity for the application of lung epithelial toxicity
tests and blood clot stiffening process characterization. In addition, I developed a novel
brand new compressive buckling-based 3D fabrication strategy that can easily transfer 2D
flat patterns into 3D scaffold by simply releasing a pre_stretched silicone membrane.
As for the 3D lung epithelial tissue platform, we tested the toxicity of carbon-based
nanomaterial, multiwall carbon nanotubes (MWCNTs), for different type, dosage and
treatment time on B2B cell based lung tissue growth, ROS generation, and fibrosis related
biomarkers expression, and compared the results with traditional 2D culturing method. As
for the 2D cell model, we identified the cellular uptake value and cytotoxicity of MWCNTs,
which proved its potential risk of prohibiting cell growth. The engineered lung 3D
microtissue array device enable us with both mechanical and molecular screening for the
fibrogenic potential of MWNCTs at a very low dosage. And specific concentration of
MWNCTs (50 ng/mL) would induce stiffer lung tissue and higher fibrogenic related
biomarker expression, which is consistent with the previous studies
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1, 2

. Based on those

result, we conclude that exposure to MWCNTs is a potential occupational inhalation
exposure risk for lung diseases.
As for the 3D blood vessel platform for the study of blood clot stiffening process, a novel
microfluidic-integrated microclot array elastometry (clotMAT) system was developed by
integrating a collagen microtissue array-based mechanical sensing platform with platelet
flow. The clotMAT device consists of three functional layers including a top PDMS layer
containing multiple microfluidic channels for platelet flow, a middle PDMS layer
containing arrays of collagen microtissues that capture flowing platelets and measure clot
retraction forces, and a bottom stretchable silicone membrane for clot stiffness
measurement. This system recapitulates the dynamic process of platelet adhesion and clot
formation under various flow conditions and reports changes in clot mechanical properties
in real-time. Through platelet agonist (ADP and thrombin) treatments, we dissected the
contributions of hemodynamic and tissue/cell forces to clot stiffening. Treatments with
platelet antagonist (glycoprotein receptor antibodies and blebbistatin) further enabled the
examination of the effects of platelet adhesion and cytoskeletal tension on clot mechanics.
The utility of the clotMAT system in bleeding disorders was demonstrated through the
study of clotting mechanics of vWF-deficient diseases. Results from different clotting
conditions show a strong correlation between clot stiffness, clot contractile force and the
level of clot retraction (volume shrinkage), suggesting that clot stiffening is contributed by
tissue compaction that is mediated by shear flow-activated platelet contraction. This work
describes a physiologically-relevant microfluidic system and modeling framework for the
165

study of normal and abnormal clot biomechanics, that may have future research and
diagnostic potential for various bleeding disorders.
The third project we introduced a brand new fabrication technique for the application of
complex 3D tissue engineering that can substantially improve the fabrication speed,
accessibility and anatomical fidelity. This technique enables us to pattern different cell
types, biomaterials and molecular factors with accurate spatial control, and achieve
controllable biochemical and biophysical properties that highly mimic native tissue.
Besides, this new method can provide more insights on the processes of building 3D tissue
and may assist in the finding of better way to make solid tissue with complex blood vessel
inside to offer nutrition, which the traditional methods are not able to. What’s more, the 3D
structure can be both temporally and permeately changed by controlling the forming
condition. It is expected that this novel approach will be broadly applicable to all tissue
types and can significantly increase the clinical relevancy and utility of the engineered
tissue as tissue replacements for repair and as research models for disease modeling and
drug screening.
6.2 Further Directions
As discussed in the previous three chapters, we these projects are possible to get further
optimization. The platform for lung microtissue array device for the toxicity tests of
MWCNTs might need longer microtissue culturing time on 3D, so that those nanotubes
would have more obvious genetic influence to the cells and microtissue. This way, the
difference between MWCNTs treated groups and nontreated group could get significant
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different fibrosis related biomarker expression. The platform for human blood clot
stiffening process study need further optimization of the device to minimize the amount of
blood sample needed for the 30 minutes’ test. What’s more, instead of taking advantage of
the HUVEC cells contraction force to form the dog-bone structured collagen gel arrays, it
might also be possible to skip cell seeding process and using the initial platelet binding
force to first form the dog-bone collagen gel that just started to bend the micorpillars. The
time is takes for platelet flow to form that collagen structure and start to contract
micropillars could also be used to characterize clotting speed. By doing so, the whole
device assembly process would be much faster, easier and cost effective, which could make
the platform potentially feasible to be designed to an in vitro diagnosis device. Definitaly,
we need more patient data before we could state the diagnosis capability of our system. As
for the compressive buckling based 3D tissue-engineering platform, we still need to find a
boarder application of this technique to have higher impact.
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