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a b s t r a c t
Cellular microenvironments present cells with multiple stimuli, including not only soluble biochemical
and insoluble matrix cues but also mechanical factors. Biomaterial array platforms have been used to
combinatorially and efficiently probe and define two-dimensional (2D) and 3D microenvironmental cues
to guide cell functions for tissue engineering applications. However, there are few examples of array
platforms that include dynamic mechanical forces, particularly to enable stretching of 3D cell-seeded biomaterials, which is relevant to engineering connective and cardiovascular tissues. Here we present a
deformable membrane platform that enables 3D dynamic mechanical stretch of arrayed biomaterial constructs. Cell-seeded polyethylene glycol norbornene (PEG-NB) hydrogels were bound to miniaturized
deformable membranes via a thiol-ene reaction with off-stoichiometry thiol-ene based polydimethylsiloxane (OSTE-PDMS) as the membrane material. Bonding to OSTE-PDMS enabled the 3D hydrogel
microconstructs to be cyclically deformed and stretched by the membrane. As a first demonstration,
human mesenchymal stromal cells (MSCs) embedded in PEG-NB were stretched for several days. They
were found to be viable, spread in the 3D hydrogels, and exhibited a contractile myofibroblast phenotype
when exposed to dynamic 3D mechanical deformation. This platform, which is readily scalable to larger
arrays, enables systematic interrogation of the relationships between combinations of 3D mechanobiological cues and cellular responses, and thus has the potential to identify strategies to predictably control
the construction of functional engineered tissues.
Statement of significance
Current high-throughput biomaterial screening approaches fail to consider the effects of dynamic
mechanical stimulation, despite its importance in a wide variety of regenerative medicine applications.
To meet this need, we developed a deformable membrane platform that enables 3D dynamic stretch
of arrayed biomaterial constructs. Our approach combines microtechnologies fabricated with offstoichiometry thiol-ene based polydimethylsiloxane membranes that can covalently bond cell-seeded
polyethylene glycol norbornene 3D hydrogels, a model biomaterial with tunable adhesive, elastic and
degradation characteristics. As a first demonstration, we show that human mesenchymal stromal cells
embedded in hydrogels and subjected to dynamic mechanical stimulation undergo myofibroblast differentiation. This system is readily scaled up to larger arrays, and will enable systematic and efficient
screening of combinations of 3D mechanobiological and biomaterial cues on cell fate and function.
Ó 2015 Acta Materialia Inc. Published by Elsevier Ltd. All rights reserved.

1. Introduction
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Many cells are constantly exposed to mechanical stimuli in vivo.
Examples include mechanical compression of chondrocytes in cartilage, shear stress on endothelial cells in blood vessels and osteocytes in bone, and cyclic stretching of cardiomyocytes and valvular
interstitial cells in the heart. Cells are exquisitely mechanosensitive [1–4], with physical cues playing a vital role in homeostasis
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and development at both cellular and tissue levels in vivo [2,5,6].
Cell mechanosensitivity is also exploited in regenerative medicine
and tissue engineering to induce tissue growth and maturation,
often in vitro using bioreactors [7,8].
While biomechanical stimuli are potent regulators of cell fate
and function, cell responses represent the integration of multiple
microenvironmental stimuli, including not only mechanical factors, but also biochemical stimuli, substrate cues, and cell–cell
interactions [9,10]. Indeed, cell responses to one type of stimulus
can be modulated by other microenvironmental cues, resulting in
context-specific responses. For example, the ability for transforming growth factor (TGF)-b1 to induce myofibroblast differentiation
of aortic valve interstitial cells is matrix stiffness-dependent [11]
and the mitogenic response of vascular smooth muscle cells to
mechanical strain depends on the matrix protein to which the cells
are adhered [12].
The complexity of the interactions between multiple microenvironmental cues, and the desire to engineer systems that
predictably guide cell function, has led to the development of biomaterial array platforms in which many components of the cellular
microenvironment can be prescribed and probed combinatorially
to systematically define cue–response relationships [13,14].
Array-based platforms to systematically probe cell responses have
mostly used two-dimensional (2D) substrates with defined
mechanical, biochemical and topographical properties [15–17].
More recently, arrays of hydrogels with embedded cells have been
used to probe responses in 3D [18,19], which is relevant to many
physiological scenarios and tissue engineering applications.
Synthetic hydrogels with tunable adhesive, biochemical, and
mechanical properties are often used in these systems, as they
can enable systematic screening of 3D microenvironment factors.
While biomaterial array systems provide new insights into the
complexities of microenvironmental regulation, there are few
examples of platforms that include mechanical stimuli, despite
their emergence as critical regulators of cell and tissue function.
To address this need, we and others have developed microfabricated platforms that apply 2D dynamic mechanical stretch to cells
adhered to arrays of deformable elastomeric membranes [20–23].
In our platforms, the membranes are actuated by air pressure that
is delivered through an underlying channel network [20,24]. The
magnitude, frequency, and duty cycle of membrane deflection
can be controlled over wide ranges by varying the driving pressure
waveform and device dimensions (e.g., membrane size or thickness). Using arrays of deformable membranes, we have probed
the mechanobiological responses of cells to combinations of 2D
dynamic mechanical stretch, matrix proteins and growth factors
with greater throughput than is practical with standard cell
stretching systems [20]. Performing similar systematic, combinatorial experiments in 3D environments is also of broad interest.
We have adapted our deformable membrane arrays to enable simple hydrogel compression [24,25]. However, for tissues such as
heart muscle, heart valves, blood vessels, bladder, and others, more
complex 3D loading that includes in-plane tension is likely
required for tissue growth in vitro [26–30]. There exist several platforms for 3D mechanical stretching of cells (e.g., [27,28,31,32]), but
they have low throughput and/or limited capacity to investigate
the combined effects of multiple microenvironmental cues on cell
functions.
To address this need, we report here a deformable membrane
platform that enables dynamic 3D mechanical stretching of arrays
of cell-seeded hydrogels. We used polyethylene glycol norbornene
(PEG-NB) as a model biomaterial because its adhesion peptide
identities and densities, elasticity, and degradability can be tuned
precisely and independently, and PEG-NB has been used
successfully in biomaterial arrays [19,33]. To address the challenge
of applying stretching forces to soft hydrogels [34,35], we used

off-stoichiometry thiol-ene based polydimethylsiloxane (OSTEPDMS) [39] instead of standard PDMS (i.e., Sylgard 184) as the
membrane material, which enabled the PEG-NB hydrogels to be
covalently bound to the membrane via a thiol-ene reaction. We
demonstrate that membrane actuation causes hydrogel deformation and promotes myofibroblastic differentiation of embedded
human bone marrow-derived mesenchymal stromal cells (MSCs).
This system can be scaled up to include other microenvironmental
cues, and therefore should enable systematic interrogation of the
combinatorial effects of a broad range of mechanobiological factors
on cell responses and tissue formation in vitro.
2. Materials and methods
2.1. Off-stoichiometry thiol-ene based polydimethylsiloxane (OSTEPDMS)
The formulations of OSTE-PDMS used in this work were based
on commercially, readily available, and non-toxic polymers.
Dimethylsiloxane copolymer with 4–6% (mercaptopropyl)methylsi
loxane or
thiol-functionalized
PDMS (SMS-042),
4–5%
vinylmethylsiloxane or vinyl-functionalized PDMS (VDT-431),
and vinyl-terminated PDMS (DMS-V31, DMS-V35 and DMS-V41
with viscosities of 1000, 5000 and 10,000 cSt, respectively) were
obtained from Gelest, USA (Fig. 1A). To polymerize thick OSTEPDMS slabs, we used the photobleaching Irgacure TPO-L from BASF
as a photoinitiator. The prepolymer formulations were mixed in
predetermined composition ratios (reported as the ratio of thiolfunctionalized PDMS:vinyl-functionalized PDMS:vinyl-terminated
PDMS of 1000 cSt:vinyl-terminated PDMS of 5000 cSt:vinylterminated PDMS of 10,000 cSt in grams), and then degassed in a
desiccator and irradiated with a standard table-top UV-lamp
(equipped with a 365 nm band pass filter, Omnicure, Canada) for
2 min at an average dose of 6.3 mW/cm2. We mixed a series of
different composition ratios of the same polymer system to
demonstrate the mechanical tuning capability.
OSTE-PDMS is formed by crosslinking the siloxane chains of the
polymer components via a thiol-ene reaction (Fig. 1A) [36]. The
thiol-containing PDMS and vinyl-containing PDMS polymers are
of the same type as standard PDMS, with the only difference being
the functional groups. In contrast to standard PDMS, OSTE-PDMS
with excess unreacted thiol groups (thus off-stoichiometric) on
the surface and in the bulk material can bind PEG-NB hydrogels
with excess norbornene groups via the same thiol-ene chemistry
(Fig. 2B).
2.2. Compression and tensile testing of OSTE-PDMS
The compressive and tensile moduli of OSTE-PDMS samples
were characterized as a function of the varying composition ratios
using a commercial mechanical test machine (TestResources 840
series). The compressive moduli were determined from unconfined
compression tests. Cylindrical samples (approximately 6 mm in
diameter and 5 mm in height) were cut from OSTE-PDMS slabs
with three replicates per composition ratio. Each sample was cyclically compressed to 20% strain. Images of samples were taken and
analyzed using ImageJ (NIH) to measure the exact sample crosssection areas and initial heights. The compressive modulus was
calculated by fitting the corresponding stress–strain curve. For tensile testing, samples were cut into strips of approximately 10 by
30 mm from OSTE-PDMS slabs also with three replicates per composition ratio. Each sample was stretched until rupture. Images
before stretching were taken and analyzed using ImageJ to measure the thickness, width and initial length of the strips. The tensile
modulus was calculated by fitting the linear portion of the stress–
strain curve, which was used as the Young’s modulus in the finite
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Fig. 1. Off-stoichiometry thiol-ene based polydimethylsiloxane (OSTE-PDMS) components and characterization of compressive and tensile elastic moduli. (A) Three basic
PDMS polymers used to formulate the OSTE-PDMS via thiol-ene reaction (noted in red) with the composition ratio given as thiol-functionalized PDMS:vinyl-functionalized
PDMS:vinyl-terminated PDMS of 1000 cSt:vinyl-terminated PDMS of 5000 cSt:vinyl-terminated PDMS of 10,000 cSt in grams. (B) The compressive (top) and tensile (bottom)
elastic moduli of OSTE-PDMS characterized as a function of different composition ratios. The composition ratio of 2:0.3:1.5:1.5:1.5 (noted with hatched pattern) was selected
for demonstration. *p < 0.05 versus all other groups; n = 3 per group. (For interpretation of the references to color in this figure legend, the reader is referred to the web version
of this article.)

Fig. 2. Demonstration of PEG-NB hydrogel bonding to OSTE-PDMS. (A) 8-arm PEG molecules functionalized with norbornene and dithiolated PEG crosslinker, which is not cell
degradable (schematic symbols on the right). (B) Schematic showing polymerization of the PEG-NB hydrogel under UV light with PEG-DT crosslinker bridging PEG-NB
molecules into an ordered network, which is also bound to OSTE-PDMS via thiol-ene reaction between norbornene and excess thiol groups from OSTE-PDMS. (C and D)
Tensile loading of OSTE-PDMS slab without (C) and with (D) bonded PEG-NB gel.

element analysis to characterize the strain profile of PEG-NB
hydrogels under 3D mechanical stretching. The composition
ratio of 2:0.3:1.5:1.5:1.5 (thiol-PDMS:vinyl-PDMS:1000 cSt

vinyl-terminated
PDMS:5000 cSt
vinyl-terminated
PDMS:
10,000 cSt vinyl-terminated PDMS, in grams) was selected to use
for all following tests and experiments.
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Fig. 3. Integration of PEG-NB hydrogels with OSTE-PDMS deformable membrane devices enables 3D mechanical stretching of PEG-NB hydrogels. (A) Procedures to fabricate
the OSTE-PDMS deformable membrane device and integrate and pattern cell-seeded PEG-NB gels with the device. (B) Example of the completed device with hMSCs seeded in
the PEG-NB gel array. (C) Side view of a single PEG-NB gel (outlined by white dashed line) in culture media deforming under increasing actuation pressure.

2.3. Poly(ethylene glycol) (PEG) functionalization with norbornene
PEG-norbornene (PEG-NB) was synthesized as previously
described [19,33]. Briefly, solid 8-arm PEG-OH (tripentaerythritol
core, 20 kDa MW, JenKem, USA), 4-(dimethylamino)pyridine
(DMAP, Sigma–Aldrich) and pyridine (Sigma–Aldrich) were
dissolved in anhydrous dichloromethane (DCM, Fluka). In a separate round-bottom flask, N,N0 -dicyclohexylcarbodiimide (DCC,
Fluka) and 5-norbornene-2-carboxylic acid (Sigma–Aldrich) were
dissolved in anhydrous DCM. Norbornene carboxylic acid was
covalently coupled to the PEG-OH through the carboxyl group by
combining the PEG solution and norbornene solution and stirring
the reaction mixture overnight under anhydrous conditions. Urea
was removed from the reaction mixture using a glass fritted funnel
and the filtrate was precipitated in ice cold ether (Fisher). The precipitated PEG-NB was collected from a Buchner funnel and dried
overnight. To remove excess norbornene carboxylic acid, PEG-NB
was dissolved in deionized H2O, dialyzed in deionized H2O for
three days, and filtered through a 0.45 lm pore-size syringe filter.
The aqueous PEG-NB solution was frozen using liquid nitrogen and
lyophilized. Functionalization of PEG with norbornene groups was
quantified using proton nuclear magnetic resonance spectroscopy
(NMR). The percent functionalization of norbornene groups onto
PEG-OH arms was 99%, determined by utilizing the norborneneassociated alkene groups located at 5.8–6.2 PPM [33] (Fig. 2A).

2.4. Bonding PEG-NB hydrogel to OSTE-PDMS
Lyophilized PEG-NB was dissolved in 10 mM phosphate
buffered saline (1 PBS) to a final concentration of 6% w/v
(3 mM) when combined with 0.05% w/v Irgacure 2959 photoinitiator (I2959, BASF) and 14.7 mM of 3.4 kDa PEG-dithiol crosslinker
(PEG-DT, Laysan Bio) to achieve 50% of crosslinking density to form
the non-degradable PEG-NB hydrogels for experiments without
cells involved. The use of 6% w/v of PEG was to create nondegradable PEG-NB for demonstration purposes. The prepolymer
solution of PEG-NB hydrogels was added onto semi-cured

OSTE-PDMS (i.e., reacted OSTE-PDMS under UV light for 30 s only)
and irradiated with 365 nm UV light for 2 min at an average dose
of 6.3 mW/cm2 to polymerize the PEG-NB hydrogel and bond it
to OSTE-PDMS via the thiol-ene reaction with the excess thiol
groups from OSTE-PDMS and the excess norbornene groups from
PEG-NB (Fig. 2B). Cyclic tensile tests were performed on both
OSTE-PDMS alone and the composite of OSTE-PDMS and PEG-NB
for comparison.
2.5. Cell culture
Cryopreserved human bone marrow-derived mesenchymal
stromal cells (MSCs) were obtained from the Texas A&M Health
Science Center College of Medicine Institute for Regenerative Medicine at Scott & White through a grant from NCRR of the NIH, Grant
# P40RR017447. Passage 5–6 MSCs and complete culture media
containing 79% a-MEM with L-glutamine, 16.7% fetal bovine
serum, 3.3% additional L-glutamine and 1% penicillin/streptomycin
were used for all experiments.
2.6. Device fabrication and integration of cell seeded PEG-NB hydrogels
The procedures to fabricate the OSTE-PDMS bulging membrane
device and to integrate cell seeded PEG-NB hydrogels are illustrated in Fig. 3A. The fabrication of the OSTE-PDMS device was similar to what we previously reported using standard PDMS [24].
Briefly, master molds for the pressure channel network were
machined in aluminum. The prepolymer solution of OSTE-PDMS
was cast on this structure, degassed, reacted under UV light for
2 min for polymerization, and peeled off. The master was a relief
pattern having 8  12 cylindrical disk structures connected by
channels. The cylindrical disk structures were 5 mm in diameter,
0.25 mm in height and were spaced by 9 mm center-to-center,
conforming to the configuration of standard 96-well plates. Channels connecting the cylindrical disks were 0.25 mm in width and
0.25 mm in height. For the results reported here, the 96-element
OSTE-PDMS channel and pressure chamber array was cut into
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smaller units (1  7 elements). A mortar layer of semi-cured OSTEPDMS was first applied on the polystyrene or glass substrate. The
device layer was then assembled on top of the mortar layer and
was bound to the substrate following exposure to UV light for
1 min (Fig. 3A). The finished OSTE-PDMS bulging membrane
devices were stored in a desiccator with vacuum and protected
from light. The lifetime of free thiol groups on the surface of
devices has not been investigated in detail, but PEG-NB hydrogels
were bonded to the devices up to a week after fabrication with no
noticeable deterioration in performance over this time.
To enhance cell adhesion and allow for cell-mediated matrix
remodeling, the cell degradable PEG-NB was decorated with
CRGDS adhesion peptides (GenScript) and crosslinked using the
MMP-degradable peptide sequence KCGGPQGIWGQGCK, which is
flanked with thiol-containing cysteine groups (GenScript). MSCs
suspended in 1 PBS were mixed 1:1 with PEG-NB solution, which
contained a final concentration of 8% w/v (4 mM) of PEG-NB, 35%
crosslinking density (5.6 mM KCGGPQGIWGQGCK), 2.5 mM
CRGDS, 0.05% w/v Irgacure 2959 photoinitiator, and 1  106 cells/
mL. To integrate the cell seeded PEG-NB hydrogels onto the
OSTE-PDMS bulging membrane device, a mortar layer of semicured OSTE-PDMS was first applied on top of the device (Fig. 3A).
Stencils of standard PDMS, containing a single cylindrical opening
(6 mm diameter and 1 mm height), were sterilized and aligned on
the mortar layer concentrically to the OSTE-PDMS membrane unit.
30 lL of the cell-laden PEG-NB prepolymer solution was added to
each stencil well. Next, a transparency photomask with a 5 mm
diameter opening window was assembled onto the PDMS stencil
and aligned concentrically to the membrane below. The mixture
of PEG-NB solution and cells, together with the semi-cured OSTEPDMS mortar layer was cured under UV light (365 nm; 6.3 mW/
cm2) for 2 min. The uncured mixture of PEG-NB with cells was
washed away with 1 PBS. Finally, the PDMS stencils were peeled
off, leaving the cell seeded PEG-NB hydrogels covalently bound to
the OSTE-PDMS membrane (as shown in Fig. 3A and B). The cellseeded hydrogel arrays were cultured in complete culture media
in a 100 mm Petri dish and maintained in a humidified 37 °C incubator with 5% CO2. For each experiment, two devices with integrated cell seeded hydrogel arrays were employed. One device
was dedicated for 3D mechanical stimulation and the other as a
paired static control without mechanical stimulation. Media for
both devices was changed every two days.
2.7. Operation of 3D mechanical stretching platform
A diaphragm pump (Shwarzer, model SP 500EC) and a
programmable pressure regulator (Marsh Bellofram, model 3410)
were used to deliver pressure, P, into the device channel through
a single inlet (Fig. 3B). In-house electronics and LabView scripts
were built to regulate and monitor pressure. 3D dynamic mechanical stretching of cell seeded PEG-NB hydrogel arrays was
performed by applying time-dependent pressure. The pressure
was first ramped up to offset P = 3.75 kPa and then the sinusoidal
P variations (peak-to-peak P = 7.5 kPa) were cyclically applied at
a frequency of f = 0.8 Hz. The PEG-NB hydrogel array in the device
dedicated for 3D mechanical stimulation was statically cultured for
one day to allow for swelling to equilibrium and then cyclically
stretched for 4.5 days. The 3D stretching experiments were
repeated three times.
2.8. Characterization of strain profile in PEG-NB and performance of
3D stretching platform
Finite element analysis (FEA) was employed to characterize the
strain profile in PEG-NB hydrogels under 3D stretching using
ANSYS (V14.0). Non-degradable PEG-NB gels crosslinked with
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PEG-DT and without cells were used in these characterization
experiments. The non-degradable PEG-NB of 6% w/v had an elastic
modulus of 20 kPa, similar to that of 8% w/v degradable PEG-NB
used in cell experiments. Hence, mechanical characterization using
non-degradable PEG-NB is applicable to the degradable PEG-NB
initially. Optical images were taken and analyzed using ImageJ to
determine the thickness of the OSTE-PDMS device layer and
dimensions of the PEG-NB hydrogel for modeling in ANSYS. The
tensile modulus of OSTE-PDMS and elastic modulus of PEG-NB gels
as well as the peak pressure applied were used as input data for the
FEA model. All materials were assumed to have a Poisson’s ratio of
0.49. Images were taken of side views of PEG-NB hydrogels that
were experimentally deformed under different pressures and at
rest and then analyzed using ImageJ to determine the actual displacement of PEG-NB hydrogels at the top center, which was used
to verify the displacement of PEG-NB hydrogels at the top center
predicted by FEA.
The strain distribution in the PEG-NB hydrogel under 3D
stretching can be tuned by varying the geometry of the gel. As a
demonstration, PEG-NB hydrogels with cylindrical and halfelliptical geometries were integrated on the same device array
and were deformed with increasing pressure. The cylindrical gel
was formed as described above with PDMS stencil. The halfelliptical gel was formed by directly adding a droplet of prepolymer solution of PEG-NB on top of OSTE-PDMS mortar layer without
using stencil.
To determine the effects of material fatigue on OSTE-PDMS and
PEG-NB, the OSTE-PDMS device array was cyclically stretched with
and without PEG-NB gels at 0.8 Hz for 50,000 cycles and the strain
profiles under peak pressure were determined. Maximum equivalent strains in each tested unit were normalized to their initial
values for comparison.
2.9. Live/Dead staining
Cell viability experiments were performed one day and 5.5 days
post seeding. The PEG-NB gels assigned for a viability assay were
taken off devices of both static control and 3D mechanical stimulation by cutting along the gel bottom using tweezers. The gels were
transferred to a 24-well plate. The gels were then washed with 1
PBS and stained with 4 lM calcein-AM and 5 lM ethidium
homodimer-1 (Invitrogen) for 30 min at 37 °C. After staining, the
gels were washed again with 1 PBS and imaged immediately with
confocal microscopy. Viability was quantified by dividing the
number of live cells over total number of cells.
2.10. F-actin and a-SMA immunostaining
To assess the effect of 3D mechanical stimulation on cell
responses, MSCs embedded in PEG-NB hydrogels were co-stained
for filamentous actin (F-actin) and a-smooth muscle actin
(a-SMA) after 4.5 days of culture (3.5 days of mechanical stimulation), as before [4,37]. The neo-expression and incorporation of
a-SMA into stress fibers is considered to be the defining characteristic of differentiated myofibroblast [38], and thus single cell
immunofluorescence-based analysis is the most appropriate assay
to identify the proportion of functional myofibroblast in a population of cells. The PEG-NB gels assigned for immunostaining were
taken off the devices and washed with 1 PBS. The gels were fixed
with 10% neutral buffered formalin and permeabilized with 0.1%
Triton X-100. Following fixation, gels were incubated with 3%
bovine serum albumin (BSA) in PBS for 20 min and were
co-stained for F-actin (phalloidin, 1:50 dilution) and a-SMA
(Cy3-conjugated monoclonal mouse anti-human a-SMA clone
1A4, 1 mg/mL, 1:100 dilution), followed by nuclear staining with
Hoechst dye (33258, 1:50 dilution) overnight. The gels with
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Fig. 4. FEA characterization of the strain profile of PEG-NB gels under 3D stretching. (A) The axisymmetric cross section view of equivalent elastic strain distribution in PEGNB gels bound to OSTE-PDMS membranes under peak pressure. (B and C) Elastic strain components as functions of radial distance averaged throughout the gel thickness (B)
and averaged only in the outlined region (50–250 lm below surface; noted by red dashed line) (C). Plotted values of strains represent the mean and standard deviation of
strain values through the thickness. (D) Maximum strain values normalized to their initial values in the OSTE-PDMS membrane alone (n = 6) and in the PEG-NB gel (n = 5)
after more than 50,000 cycles of actuation. (E) FEA predictions for maximum strain magnitudes as a function of gel thickness. (F) Measured displacement of the gel at its
center and its corresponding maximum strain as a function of actuation pressure for two different gel geometries.

stained cells were washed and soaked in 1 PBS overnight and
imaged with confocal microscopy.
2.11. Confocal microscopy imaging and image analysis
Z-stack images of stained MSCs were acquired with a laser scanning confocal microscope (Nikon A1) using 10 objective (CFI Plan
Apo k 10/0.45, Nikon) [39]. Each PEG-NB gel was mapped to
obtain at least 12 independent stacks of images with at least 4
independent stacks for each region (outlined with red dashed line
in Fig. 4A). For imaging of cell viability, the PEG-NB gels were
imaged from both top and bottom sides. Only images obtained at
50 lm below the surface of gel were analyzed to avoid confounding effects from cells at the 2D surface. Using ImageJ the z-stack

images were divided to individual channels of live and dead cells.
Stacked images in each channel were then projected to a single
image. The single image was thresholded to generate a mask of
cells that was applied back to the single image for counting the
number of cells in both channels. The cell viability of each stack
was determined as the number of live cells over total number of
cells. The cell viability of each individual gel was determined as
the average of all stacks from the gel. For imaging of cells stained
for F-actin and a-SMA, the PEG-NB gels were imaged only from
the top side and only images obtained between 50 and 250 lm
below the surface of gel (regions outlined in Fig. 4A) were analyzed
to exclude cells at the 2D surface. Similarly the z-stack images
were divided to individual channels of nucleus, F-actin and aSMA using ImageJ and an identical thresholding routine was
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Fig. 5. Characterization of cell viability. (A–D) Representative confocal images of Live/Dead (calcein AM/ethidium homodimer) staining of MSCs (A) in static control gels after
1 day of culture; (B) in gels mounted on the 3D stretching device and culture for 1 day under static conditions, prior to mechanical stimulation; (C) in static control gels after
5.5 days of culture; and (D) in gels cultured on the device for 1 day under static conditions and then subjected to 3D stretching for 4.5 days. Peripheral images are side-view
projections. Images on the right of each panel are higher power views of selected cells. Green = living cells; red = dead cells. (E) More than 80% of MSCs were viable at all time
points for both static control (n = 5 per group) and 3D stretching (n = 3 per group) conditions.

applied. The averaged area and integrated density of cellular Factin and a-SMA were then normalized to those of the nuclei for
each stack. The stacks for each region of gel were then averaged
based on their subjected 3D nominal tensile strain magnitude for
comparison. We used integrated density of fluorescence intensity
for comparison between experiments as an objective measure of
SMA+ cells.
2.12. Statistical analysis
Statistical analyses were performed using SigmaPlot 13.0. Data
are reported as mean ± standard error of the mean (SEM) unless
otherwise noted and were analyzed by one-way and two-way
ANOVA with SNK post hoc tests for pairwise comparisons. The
mean of measurements for F-actin and a-SMA staining obtained
from the static control gels were used to normalize the paired gels
subjected to 3D stretching. Hence, results could be compared from
different experiments, where variability in the control values
occurred. The control value of 1 ± SEM in Fig. 7D represents
the mean of all normalized control values from three repeated

experiments. The statistical significance in each comparison was
evaluated with p 6 0.05.
3. Results
3.1. Formation of an OSTE-PDMS and PEG-NB composite material
OSTE-PDMS after crosslinking, as shown in Fig. 1B and
Fig. 2C and D, is an elastomeric polymer with a lower but comparable modulus to that of the standard Sylgard 184 PDMS. Like standard PDMS, its mechanical properties are also tunable. The
compressive and tensile moduli of OSTE-PDMS increased from
278 ± 8 kPa to 1929 ± 25 kPa (Fig. 1B top), and from 196 ± 5 kPa
to 1453 ± 15 kPa (Fig. 1B bottom), respectively, when the ratio of
vinyl-functionalized PDMS to vinyl-terminated PDMS was
increased from 0.1 to 10. We selected the OSTE-PDMS composition
ratio of 2:0.3:1.5:1.5:1.5 for subsequent experiments, as this ratio
produces OSTE-PDMS that is deformable, yet strong enough for
handling during device fabrication. Importantly, this ratio also
has a higher ratio of excess thiol groups than other composition
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Fig. 6. Cell responses under static culture. (A–C) Representative confocal images of immunostaining of MSCs for filamentous actin (F-actin), a-smooth muscle actin (a-SMA)
and nuclei at the (A) center, (B) center-edge and (C) edge regions of the gel (arrows indicate cells with positive staining of a-SMA; dashed line denotes 50 lm into the surface
of gel). (D) Quantities of integrated density of fluorescent intensity (top) and projected area (bottom), both normalized to nucleus, were used to characterize cell responses in
each region of the gel for both F-actin (n = 5 per group) and a-SMA (n = 5 per group). * and # indicate statistically significant differences (p < 0.05) between groups with the
symbols.

ratios to enable strong bonding to PEG-NB gels. Cyclic tensile
stretching of the OSTE-PDMS slab with and without an attached
PEG-NB hydrogel showed similar tensile loading behavior with
negligible hysteresis (Fig. 2C and D). The PEG-NB gel remained
attached to and was deformed elastically with the OSTE-PDMS
slab. For the OSTE-PDMS and PEG-NB composite demonstrated
here, strong bonding to the PEG-NB gel resisted up to 40% of uniaxial strain during macroscale stretching (Fig. 2D).
3.2. 3D stretching of PEG-NB hydrogels
Fig. 3B shows an example of arrayed PEG-NB hydrogels with
encapsulated MSCs, covalently bound to the OSTE-PDMS membrane device. After 4.5 days of 3D mechanical stimulation, no
detachment of PEG-NB gels was observed for any experiment.
While we have not specifically tested the maximum strain that will
delaminate the PEG-NB gel from the OSTE-PDMS membrane
device, 40% tensile strain is a conservative estimate. Fig. 3C and
the Supplemental Movie show the side view of a single PEG-NB
gel in culture media with different actuation pressures applied.
The OSTE-PDMS membrane below the PEG-NB gel was increasingly

bulged up (black region) with increasing pressure from 0 to
1.25 kPa to 7.5 kPa. As a result, the PEG-NB gel also bulged up
and the center of the top of gel was significantly displaced upwards
(outlined in white dashed line) with the edges of the gel remaining
almost unchanged, indicating that the PEG-NB gel was deformed
and stretched.
FEA modeling was conducted to characterize the maximum
local strain generated in the PEG-NB gel under 3D mechanical
stimulation. The FEA results shown in Fig. 4A depict an equivalent
elastic strain field of the axisymmetric model, simulating the PEGNB gel bound to the OSTE-PDMS bulging membrane under a peak
pressure. The peak gel displacements measured experimentally
were 98 ± 2% and 100 ± 1% of those predicted by FEA for 5.8 kPa
and 7.5 kPa actuation pressures, respectively, validating the FEA
predictions for gel deformation. The results of the FEA showed that
the equivalent strains were relatively uniform in the central portion of the PEG-NB gel and became more heterogeneous towards
the radial edge (Fig. 4A). Fig. 4B shows the mean strain and variation of the strain components throughout the gel thickness (standard deviation represented by error bars) along the radial,
circumferential (hoop) and axial direction, as a function of radial
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Fig. 7. Contractile phenotype of MSCs with 3D mechanical stretching. (A–C) Representative confocal images of immunostaining of MSCs for F-actin, a-SMA and nuclei
subjected to nominal tensile strain of (A) 2%, (B) 5% and (C) 7.5%. (D) The integrated density (i and ii) and projected area (iii and iv) of cells for F-actin and a-SMA are
normalized to the static control for comparison. MSCs subjected to 3D stretching are significantly more spread and have significantly higher levels of F-actin and a-SMA
expression. * indicates statistically significant differences (p < 0.05) relative to the control and # indicates significant differences (p < 0.1) relative to the 2% strain group. n = 3
for the 7.5% strain group, n = 6 for all other groups.

distance in PEG-NB gel. The gel experiences tensile radial and hoop
strains that are maximal and comparable in magnitude in the center region and decrease radially. Similarly, the compressive axial
strain is maximal at the center and decreases radially. The radial
and axial strain components vary modestly through the thickness
of the gel; in contrast, the hoop strain is relatively constant
through the gel thickness. In regions close to the gel surface (as
outlined in Fig. 4A), there is negligible variation in the axial direction, and the variations of the gel strain components are largely
dependent on the radial position only (Fig. 4C). Importantly, during
long-term, continuous actuation, the relative change in maximum
equivalent strain in the OSTE-PDMS membrane (without PEG-NB)
and in the PEG-NB gel was less than 10% (Fig. 4D), with no significant difference in the maximum strain in gels after more than
50,000 actuation cycles (p = 0.21). Thus, the system provides consistent strain application to the gels during long-term actuation.
In addition to varying the applied pressure, the strains applied
to cells in the adhered gels can be tuned by varying the gel dimensions and geometry. For example, by reducing the gel thickness
from 1.6 mm to 0.3 mm, the maximum tensile strain in the gel

increases from 8.9% to 17% (Fig. 4E). Additionally, changing the
gel geometry alters the strain magnitudes and distribution in the
gel. For example, cylindrical and half-elliptical shaped gels both
displace similarly for a given pressure (Fig. 4F), but exhibit very different strain profiles (Fig. S1) and maximum equivalent strains
(Fig. 4F).
3.3. Viability of MSCs in 3D PEG-NB gels
We observed MSC viability in PEG-NB gels for both static control and 3D mechanical stimulated conditions. Fig. 5A and B show
representative images along with cross section projections of Live/
Dead staining of MSCs after one day of culture in the devices for
static control (Fig. 5A) and mechanical stimulation (Fig. 5B, before
stretching) conditions. The majority of cells at this point were living and remained mostly spherical in shape for both conditions.
Some cells appeared to be spreading with visible filopodial protrusions (arrows in Fig. 5A and B). The cell viability rate throughout
the PEG-NB gel at this point was 81.8 ± 2.6% for static control
and 81 ± 3.3% for 3D mechanical stimulation (Fig. 5E).
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Fig. 5C and D show Live/Dead staining of MSCs after 5.5 days of culture for static control (Fig. 5C) and mechanical stimulation
(Fig. 5D, 4.5 days of stretching) conditions. Most cells by this time
were still living and well spread for both conditions. The cell viability rate throughout the gel was 84.7 ± 2.6% for static control and
88 ± 3.3% for the mechanically stimulated group (Fig. 5E). There
were no significant differences in cell viability between different
culture periods (p = 0.12) and between static control and 3D
mechanical stimulation conditions (p = 0.68).
3.4. Myofibrogenic response of MSCs to 3D mechanical stimulation
To observe the phenotypic differences of MSCs in response to
3D dynamic mechanical stretching, we co-stained the cells for
expression of F-actin and a-SMA, the latter being a marker of
myofibroblast differentiation [38]. We considered expression in
three regions of the gel (center, center-edge, and edge, as indicated
in Fig. 4A), representing regions with nominal average tensile
strains of 7.5%, 5%, and 2%, respectively. Fig. 6 shows representative
images of immunostaining of F-actin and a-SMA as well as nuclei
of MSCs in static control PEG-NB gels after 4.5 days of culture for
different regions. Most cells were well spread based on the Factin staining (Fig. 6A–C), with no significant differences in the
normalized integrated density of F-actin (p = 0.86) among different
regions of the gel (Fig. 6D). Normalized a-SMA expression was
marginally significantly different between the edge and center
regions (p = 0.06), but the expression levels were overall low and
the differences minor (8.7% difference between edge and center)
(Fig. 6A–D). Similarly, the projected area of individual cells for Factin and a-SMA were significantly different between the center
and edge regions (p = 0.03 for both), but the differences were
minor when compared with those induced by the 3D mechanical
stimulation condition, as described below. Both the integrated
density and projected area of individual cells normalized to
nucleus for F-actin were higher than those for a-SMA, regardless
of regions in the gel (Fig. 6D).
Fig. 7 shows representative images of immunostaining of Factin, a-SMA, and nuclei of MSCs in 3D mechanically stretched gels
after 4.5 days of culture (3.5 days of stimulation) for different levels
of strain. In comparison with MSCs in static control gels, cells subjected to the 3D mechanical stimulation spread more with long
stable edges according to the cellular F-actin staining for all strain
magnitude levels (Fig. 7A–C). There were significant differences in
the integrated density of cellular F-actin normalized to that of static
controls between 3D strained and static control conditions (Fig. 7D
(i)), with significantly greater expression in all strained groups relative to the static control (p < 0.001) and marginally significantly
greater expression in the 5% (p = 0.06) and 7.5% (p = 0.08) regions
relative to the 2% region. Similarly, the projected area of individual
cells based on F-actin staining was greater in all strained conditions
vs. the static control (p < 0.001) and greater in the 5% (p = 0.05) and
7.5% (p = 0.09) regions relative to the 2% region (Fig. 7D(iii)).
In comparison with MSCs from static control, more cells stained
positively for a-SMA with a larger stained area for all strain magnitudes in the 3D stretched condition (Fig. 7A–C). There were significant differences in the integrated density of a-SMA (p = 0.004,
Fig. 7D(ii)) and in the projected area of a-SMA (p = 0.003, Fig. 7D
(iv)) between all 3D strained conditions and static controls, but
no significant differences between the different strain levels for
a-SMA expression (p P 0.30) or area (p > 0.35).
4. Discussion
Biomaterial array platforms are increasingly used to systematically probe and identify 2D and 3D microenvironmental cues to

control cell functions for specific tissue engineering applications.
However, there still exist few array-based platforms that include
the capability of dynamic mechanical actuation, particularly to
enable 3D stimulation. Here we demonstrated the formation of
an OSTE-PDMS and PEG-NB composite material, and the integration of PEG-NB hydrogel array into bulging membrane devices
for 3D mechanical stretching of cells. The applicability of the
OSTE-PDMS and PEG-NB system to 3D culture of hMSCs was confirmed, and differences in the phenotype of hMSCs with 3D
mechanical stretching were observed. Because the system is readily parallelizable and scalable to include other microenvironmental
cues, it can enable systematic and efficient screening of the combinatorial effects of dynamic 3D mechanical stimulation, and biomaterial and biochemical cues on cell responses in vitro.
We used PEG-NB hydrogels as a model of a biomaterial with
tunable mechanical, adhesive, and degradation properties that
are relevant to soft connective and cardiovascular tissues. Compared with other PEG systems (e.g., PEG-diacrylate), the faster step
growth polymerization of PEG-NB yields higher initial cell viability
under UV irradiation [25], a highly ordered and repeatable network
[33], and a reduction in the production of radical species, rendering
better bioactivity of encapsulated proteins [40]. For the purpose of
defining the 3D microenvironment of cells, an attractive feature of
PEG-NB hydrogels is the ability to tailor and decouple the hydrogel
material and biochemical properties. Material properties such as
mechanical stiffness can be tuned by adjusting the PEG content,
the molecular weight of PEG monomer, or the extent of crosslinking. Although only one stiffness of the PEG-NB gels was demonstrated here, PEG-NB gels with a range of stiffness (e.g., 0.3–
30 kPa of elastic modulus) [19,41] can be integrated in the same
manner as described. Cell adhesion can also be tailored by introducing ligand peptide sequences derived from ECM proteins that
are covalently bound as pendant groups within the PEG-NB network. Degradability of the gels, important for cell spreading and
matrix remodeling, is achieved by crosslinking the gels using
MMP-cleavable peptides. These peptides can be replaced with
PEG-DT to make gels non-degradable by cells as needed.
Our data show that MSCs thrive with high cell viability (>80%)
and spread well within PEG-NB gels under both static control
and 3D mechanical stimulation conditions (Fig. 5). We have tested
the device under continuous actuation without PEG-NB and with
non-degradable PEG-NB (Fig. 4D). There was no significant variation of strain generated in the OSTE-PDMS membrane and in the
non-degradable PEG-NB gels during the test period indicating that
there are no intrinsic material property changes with the device
during experiments. The hydrogels were not expected to undergo
substantial cell-induced matrix remodeling during this course of
culture [42], and there was no evidence of gel degradation based
on optical measurements of gel deformation and finite element
analysis during the culture periods examined. However, with
longer culture, cell-mediated matrix remodeling would be
expected to change the properties of the 3D construct leading to
different gel deformation (and strains) under constant pressure.
This could be monitored by optical measurement of gel deformation and FEA, as was done here, or alternatively by using integrated
strain sensors for continuous on-chip monitoring [24].
Application of complex 3D loading, particularly tensile forces, to
soft hydrogels is challenging, particularly at the microscale. The
challenge is compounded by the fact that microfabricated devices
are typically constructed from Sylgard 184 PDMS, which is inherently hydrophobic and difficult to bond to. Surface treatment of
PDMS with a silanizing agent may be used to immobilize biomaterials but the silanization process is relatively complicated and subject to hydrophilic instability similar to that of oxygen plasma
treatment for bonding [43]. To overcome these challenges, we
incorporated OSTE-PDMS membranes in our microdevice to enable
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direct bonding of PEG-NB gels using excess functional thiol groups
from OSTE-PDMS. This novel approach provides a stable interface
that requires only simple UV curing (Figs. 2 and 3). The whole process of device fabrication and integration of cell seeded PEG-NB
gels is relatively simple and can be done with a table top UV lamp
without requiring other cleanroom equipment (Fig. 3). The design
reported here is based on a 96-well microplate footprint, and the
devices can be scaled up to increase throughput. In the current
experimental setup, the PEG-NB gels were cultured in the same
pool of media (Fig. 3B). If desired, the device can be modified to isolate individual wells using bottomless well plates or other barriers.
The bulging membrane actuation method we applied here
induced complex, spatially heterogeneous 3D strain fields in the
hydrogels, with both in-plane biaxial tension and throughthickness compression (Fig. 4). This was intended since this deformation mode is relevant to many tissues of interest (e.g., blood vessels, heart valves, bladder, etc.), and spatially heterogeneous strain
profiles recapitulate the 3D strain field of highly organized structures, such as the heart valve [44]. While the system does not permit precise control over individual strain components, strain levels
and distributions can be controlled by varying the actuation pressure and gel dimensions (Fig. 4), and spatial heterogeneity can be
addressed by regional image analyses (Figs. 6 and 7).
Nonetheless, coupled 3D strain components and spatial
heterogeneity can confound interpretation of cell responses and
limit the ability to attribute specific responses to specific mechanical stimuli. Thus, this platform as configured here is best suited as
a screening tool to identify ‘‘hits” for cells and tissues for which this
type of loading is relevant or to generate specific hypotheses that
can be tested more comprehensively using other systems that
more precisely define the dynamic mechanical environment, but
with limited throughput [17]. More generally, the strategy of
immobilizing arrays of PEG-NB gels to OSTE-PDMS membranes is
generalizable to a variety of mechanical loading modes. For example, the membranes could be deformed under uniaxial or biaxial
tension using a traditional stretch bioreactor [45,46] to subject
the gels to in-plane tension, with minimal through-thickness compression and precise control over the anisotropy of the strain field.
As a first demonstration of the platform, MSCs were encapsulated in PEG-NB gels on the device and the expression of F-actin
and a-SMA were measured as a function of strain application.
The cells tolerated the on-device polymerization process well,
remaining highly viable and well-spread throughout the culture
period (Fig. 5). In static gels, MSC spreading and expression of Factin and a-SMA were relatively uniform, with minor increases
at the gel edge (Fig. 6), possibly due to the rigid boundary condition
imposed by the taut membrane. However, compared with the
increases in spreading and F-actin and a-SMA expression in
response to 3D mechanical strain (Fig. 7), the spatial variations
without dynamic loading were negligible. Under 3D strain, the
cells were significantly more spread with long stable edges, when
compared with cells in static control (Fig. 7). These results are in
agreement with previous 2D stretching studies [20,47,48].
Similarly, the dose-dependent increase in F-actin and increase in
a-SMA expression with strain (Fig. 7) is consistent with
observations of tension-induced myofibroblast differentiation of
MSC-like cells in 2D by us [20] and others [47,49]. In other mesenchymal progenitor cells, we have observed threshold responses
in mechanically-regulated a-SMA expression, with stepwise
increases with increasing mechanical tension [11]. At greater levels
of strain, we would expect enhanced myofibroblast differentiation
with greater a-SMA expression and production of extracellular
matrix proteins like collagen [20,28,47]. However, cellular
responses to mechanical stimulation are rarely linear and the
optimal combination of mechanical stimulation parameters (strain
magnitude, frequency, duty cycle, etc.) is difficult to identify. In
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addition, cell adaptation during in vitro mechanical conditioning
might occur, causing cell unresponsiveness, which can be mitigated by intermittent loading regimes [28]. A miniaturized platform with high-throughput capacity, as is possible with the
platform presented here, could be useful to systematically and efficiently screen loading parameters to identify optimal responses.
Cell response to mechanical stimulation is also modulated by other
microenvironmental cues. In our previous work in 2D [20], stretchinduced a-SMA expression was dependent on the extracellular
matrix protein to which the cells were attached; others have
reported similar cross-talk between 2D matrix stiffness and
dynamic stretch responses [48,50]. Although not demonstrated
here, this platform would enable similar investigations of the
effects of combined microenvironmental cues on cell functions
including myofibroblast differentiation, but in 3D, by prescribing
adhesion ligands and/or matrix elasticity of the PEG-NB gels and
subjecting them to 3D mechanical stimulation. Furthermore,
emerging evidence suggests that mechanoregulation of pluripotent
stem cells (PSCs) may be a potent means to complement the effects
of soluble cues and enable PSCs to reach their full therapeutic
potential [51]. This platform could be used to identify new
mechanobiology-based strategies to predictably control MSC/PSC
fate and function.
5. Conclusions
PEG-NB hydrogel arrays with encapsulated mesenchymal stromal cells were integrated into a miniaturized bulging OSTEPDMS membrane platform to enable cyclic 3D mechanical stimulation of hydrogel arrays. hMSCs were viable and well spread within
the hydrogels. 3D mechanical stimulation significantly increased
MSC spreading and F-actin and a-SMA expression, indicative of
myofibroblast differentiation. The platform design is amenable to
parallelization and will be useful to systematically and efficiently
screen and optimize the combinatorial effects of 3D mechanical
stimulation protocols, biomaterial properties, and biochemical
stimuli on cell responses and tissue formation in vitro.
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