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a b s t r a c t

Native and engineered tissue development are regulated by the integrative effects of multiple micro-
environmental stimuli. Microfabricated bioreactor array platforms can efficiently dissect cue-response
networks, and have recently integrated critical 2D and 3D mechanical stimulation for greater physio-
logical relevance. However, a limitation of these approaches is that assessment of tissue functional
properties is typically limited to end-point analyses. Here we report a new deformable membrane
platform with integrated strain sensors that enables mechanical stretching or compression of 3D cell-
hydrogel arrays and simultaneous measurement of hydrogel construct stiffness in situ. We tested the
ability of the integrated strain sensors to measure the evolution of the stiffness of cell-hydrogel con-
structs for two cases. First, we demonstrated in situ stiffness monitoring of degradable poly (ethylene
glycol)-norbornene (PEG-NB) hydrogels embedded with mesenchymal stromal cells (MSCs) and cultured
with or without cyclic tensile stimulation for up to 15 days. Whereas statically-cultured hydrogels
degraded and softened throughout the culture period, mechanically-stimulated gels initially softened
and then recovered their stiffness corresponding to extensive cell network and collagen production.
Second, we demonstrated in situ measurement of compressive stiffening of MSC-seeded PEG-NB gels
cultured statically under osteogenic conditions, corresponding to increased mineralization and cellula-
rization. This measurement technique can be generalized to other relevant bioreactor and organ-on-a-
chip platforms to facilitate online, non-invasive, and high-throughput functional analysis, and to pro-
vide insights into the dynamics of engineered tissue development that are otherwise not available.

© 2018 Elsevier Ltd. All rights reserved.
1. Introduction

Tissue development, homeostasis and disease are influenced by
the integration of multiple environmental cues, including
biochemical stimuli, mechanical forces, and extracellular matrix
material properties [1,2]. Cell-driven tissue responses to one type of
stimulus can be modulated by other environmental cues, resulting
in context-specific responses [3]. In vitro efforts to understand
complex interactions between multiple microenvironmental
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stimuli have been limited by the low experimental throughput of
traditional bioreactors. To address this need, microfabricated
bioreactor arrays have been developed to combinatorially prescribe
and probe multiple environmental stimuli to systematically define
cue-response relationships [4e8]. For example, Figallo et al.
developed a device with arrayed culture wells to enable systematic
and precise variation of mass transport and hydrodynamic shear to
study their effects on stem cell functions [6], and Gobaa et al.
developed a platformwith an array of soft hydrogel microwells that
simultaneously probed substrate stiffness and combinations of
adhesion proteins on stem cell fate [8].

Bioreactor array platforms have provided important insights
into the regulatory roles of specific environmental stimuli and their
interactions on cell fate and tissue development [9e11]. However,
despite the critical regulating effects of 3D mechanical stimulation
on cell and tissue function [12e14], there are few examples of
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bioreactor array platforms that include mechanical stimuli. To
address this need, we and others have developed microfabricated
platforms that apply 2D dynamic mechanical stretch to cells
adhered to deformable membrane arrays [15,16]. These platforms
have been used to study the mechanobiological responses of cells
to combinations of matrix proteins, growth factors, and 2D dy-
namic stretch, with higher throughput than standard cell stretch-
ing systems [15]. Performing similar systematic, combinatorial
experiments in 3D mechanically active environments is also of
broad interest, particularly for tissue engineering applications in
which microenvironmental stimuli can be used to guide cell func-
tion and tissue formation in vitro [5,17e19]. For some tissues, such
as cartilage and intervertebral disc [20,21], tissue growth is pre-
dominantly modulated by compressive forces, whereas other tis-
sues such as heart muscle, heart valves, blood vessels and bladder
benefit from 3D loading that includes in-plane tension for tissue
growth [22,23]. Thus, we have adapted our deformable membrane
platforms to enable both 3D mechanical compression [24,25] and
stretching [26] of arrays of cell-seeded hydrogel constructs, which
enable combinatorial investigation of a variety of relevant mecha-
nobiological stimuli on cell fate and function and optimization of
culture conditions.

A limitation of these approaches, and indeed most bioreactor-
based approaches for tissue engineering, is that assessment of tis-
sue functional properties is limited to end-point analysis [27e29].
End-point analysis is inherently destructive and requires manual
and offline assays with bulky analytical equipment. In contrast,
continuous monitoring of the functional status of engineered tis-
sues would provide information on dynamic changes in tissue
development and enable feedback for appropriate control and
optimization, akin to other bioprocesses. However, there are few
examples of bioreactor array platforms [30] capable of quantita-
tively tracking the functional status of tissue development, with
cellular analysis being the most common approach [6,31e33].
However, cellular markers are not necessarily reflective of tissue
functions, particularly for load-bearing tissues in which tissue
mechanical properties are among the gold standard function
metrics.

To address this need, we report here a deformable membrane
platform that enables mechanical stretching or compression of 3D
cell-hydrogel arrays and simultaneously performs continuous
stiffness measurement of the hydrogel constructs in situ with in-
tegrated strain sensors. We demonstrate that the integrated strain
sensors are able to monitor hydrogel stiffness changes that corre-
late with matrix degradation, collagen synthesis, and mineraliza-
tion. Our platform represents a promising approach to address the
limitation of end-point analysis, enabling exploration of bioprocess
control strategies and providing insights otherwise not available
into the evolution of engineered tissues.

2. Materials and methods

2.1. Device fabrication

Building on our previous bulging membrane platforms
[15,24,26], we have developed a new device array that applies
dynamic 3D mechanical stimulation to soft biological tissues in the
device and performs continuous on-chip tissue stiffness measure-
ment (Fig. 1A). Specifically, we applied 3D mechanical stretching to
the hydrogels by covalently bonding them to the bulging mem-
branes, as shown in Fig. 1. Carbon nanotube (CNT)-based strain
sensors, which exhibit strain-dependent electrical resistivity [24],
were patterned and embedded in the deformable membranes to
provide on-chip measurement of membrane deflection for esti-
mating tissue stiffness. Membrane deflection is proportional to the
sample tissue's stiffness, and thus the magnitude of sensor's
resistive strain, jDR/R0j, vs. input pressure permitted the mea-
surement of the samples' elastic moduli (Fig. 2).

To fabricate the bulging membrane platform with integrated
strain sensors, off-stoichiometry thiol-ene based poly-
dimethylsiloxane (OSTE-PDMS)wasmixed at a composition ratio of
2:0.3:1.5:1.5:1.5 and poured onto an aluminum master mold. The
mold contained features of pressure chambers and channel at a
height of 0.25mm. OSTE-PDMS was casted against the mold to a
final height of 1mm. OSTE-PDMS was cured with 365 nm UV light
for two minutes at an average dose of 6.3mW/cm2, peeled off the
aluminum mold and cut into strips having 3� 8 membranes with
each column connected by underlying single channels. These OSTE-
PDMS strips were then bonded to glass substrates by first spin
coating a ~10 mm-thick mortar layer of OSTE-PDMS on the glass,
then placing the cured OSTE-PDMS device layer onto the coated
glass slide and curing with UV for one minute. Then connection
ports were punched with biopsy punches and connected to tubing.

Strain sensors were fabricated by screen printing strips of un-
cured CNT: OSTE-PDMS blends (mixed at 1:12 ratio in weight) over
the OSTE-PDMS membranes and curing with UV for two minutes.
The sensor strips typically had 50 mm thickness, 300 mmwidth and
1.4 cm length. One sensor strip was placed through the middle of
each circular deformable membrane, which was of 5mm diameter
and spaced by 9mm center to center from other deformable
membranes. Electrical connectors were then bonded to the glass
slide using cyanoacrylate super glue and connected to the strain
sensor strips by applying additional uncured CNT: OSTE-PDMS
blends, which were then cured with UV again for two minutes.
The sensors and sensor-electrode interconnects were then passiv-
ated by spin coating ~100 mm-thick layer of OSTE-PDMS (Fig. 1C).
Membrane deflection magnitude and strain sensor signals were
calibrated against applied actuation pressure. Membrane bulging
heights were experimentally measured using a telescopic lens
(Fig. 1D). After calibration, the culture chamber pre-made of regular
Sylgard PDMS was bonded to the device layer. Fig. 1B shows a
completed device containing culture medium for applying 3D
mechanical stretching.

2.2. Cell and tissue culture

Cryopreserved human bone marrow-derived MSCs were ob-
tained 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 MSCs and complete culture medium containing 81.7% a-
MEM with L-glutamine, 16.3% fetal bovine serum, 1% additional L-
glutamine and 1% penicillin/streptomycin were used for all exper-
iments. MSCs-seeded hydrogel constructs were cultured and me-
chanically stimulated with 5% nominal tensile strain at 0.1 Hz for
8 h/day for 15 days (Fig. S1). Culture medium supplemented with
100 mM ascorbic acid was changed every day. For static conditions,
the gels were cultured without mechanical stimulation except
during the measurement cycles, which were limited to 20e30min
duration applied every two to three days to minimize the effects of
mechanical loading on cells. The cell-laden hydrogel arrays were
cultured in 150mm Petri dishes and maintained in a humidified
37 �C incubator with 5% CO2.

2.3. PEG-NB hydrogel model system

OSTE-PDMS membranes were used to covalently bind poly
(ethylene glycol)-norbornene (PEG-NB) hydrogels, a model
biomaterial with tunable adhesion peptide identities and densities,
elasticity, and degradability. PEG-NB was synthesized and



Fig. 1. Deformable membrane platform with integrated CNT strain sensors for simultaneous 3D mechanical stimulation and measurement of cell-seeded hydrogel construct arrays.
(A) Cell-seeded PEG-NB hydrogels are bound to deformable membranes via a thiol-ene reactionwith OSTE-PDMS as the membrane material. Bonding to OSTE-PDMS enabled the 3D
hydrogel to be cyclically deformed and stretched by the membrane. Nanotube-based strain sensors provide continuous readout of membrane deflection magnitude; P¼ pressure.
(B) Example of a microdevice with integrated CNT sensors. Electrode leads are embedded in OSTE-PDMS for electrical insulation. Example of a single deformable membrane unit
with embedded CNT sensor at rest (C), being deformed without (D) and with the bound PEG-NB gel (E).

Fig. 2. Sensor calibration and measurement of elastic modulus of non-degradable PEG-NB gel. (A) Calibration signal of resistive strain, DR/R0 (top), corresponding to cyclic actuation
pressure (bottom). Right: zoom-in of signals outlined in green; (B) Calibration curve of membrane deflection magnitude correlating with the resistive strain magnitude jDR/R0j.
Number of sensors analyzed¼ 9, data are the mean± SD, R2¼ 0.998; experimentally collected strain sensor signal was converted to membrane deflection, which was used as input
via inverse finite element analysis to calculate the effective modulus of PEG-NB. (C) Effective moduli of non-degradable PEG-NB gels calculated from the sensor signal remained
relatively constant over time, as expected. The reference moduli from standard mechanical compression testing were overlaid on top for comparison. Each type of marker represents
a sample with a distinct stiffness. (D) Effective moduli estimated using our microdevice vs. those measured using the reference platform. The dashed line is a linear best fit of the
data; data are the mean ± SD (n¼ 5). (For interpretation of the references to colour in this figure legend, the reader is referred to the Web version of this article.)
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crosslinked to bond to OSTE-PDMS as previously described [26].
Lyophilized PEG-NB was dissolved in 10mM phosphate buffered
saline (1� PBS) to a final concentration of 6% w/v (3mM) when
combined with 0.05% w/v Irgacure 2959 photoinitiator (BASF) and
14.7mM 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 validation experiments. The prepolymer
solution of PEG-NB hydrogels was added onto a thin mortar layer of
uncured OSTE-PDMS and irradiated with UV light for two minutes
to polymerize the gel and bond it to OSTE-PDMS via the thiol-ene
reaction (Fig. 1E).

To enhance cell adhesion and allow for cell-mediated matrix



Fig. 3. (A) Time-dependent effective modulus of cell-embedded PEG-NB gels (*p < 0.04 vs. all other groups in static condition, #p < 0.05 vs. day 1 in stimulated condition, yp < 0.05
between static and stimulated conditions at each corresponding day, n ¼ 3 per group). (B) Standard mechanical compression test of conditioned gels (*p < 0.05 and yp < 0.001
between groups with symbol, #p < 0.005 vs. other groups in stimulated condition, n ¼ 3e6 per group). Error bars indicate s.e.m.
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remodeling, the cell degradable PEG-NBwas decoratedwith CRGDS
adhesion peptides (GenScript) and crosslinked using the matrix
metalloproteinase (MMP)-degradable peptide sequence
KCGGPQGIWGQGCK, which is flanked with thiol-containing
cysteine groups (GenScript). MSCs suspended in 1� PBS were
mixed 1:3 with PEG-NB prepolymer solution, which contained a
final concentration of 8% w/v of PEG-NB, 35% crosslinking density,
2.5mM CRGDS, 0.05% w/v Irgacure 2959 photoinitiator and
1� 106 cells/mL. No other PEG-NB concentrations or crosslinking
densities were considered in this study; a previous study investi-
gated MSC responses to different PEG-NB concentrations in static
conditions [10].

To integrate the cell seeded PEG-NB hydrogels onto the OSTE-
PDMS bulging membrane device, a mortar layer of uncured OSTE-
PDMS was first applied on top of the device (Fig. 1A). Stencils of
regular Sylgard PDMS, containing an array of cylindrical opening
(6mm diameter and 1mm height), were sterilized and aligned on
the mortar layer concentrically to the OSTE-PDMS membrane unit.
Next, a transparency photomask with a 5mm diameter opening
window was assembled onto the PDMS stencil and aligned
concentrically to the membrane below. 30 mL of the cell-laden PEG-
NB prepolymer solution was added to each stencil well. The
mixture of PEG-NB solution and cells, together with the OSTE-
PDMSmortar layer were cured under UV light for twominutes. The
uncured mixture of PEG-NB and cells were washed away with PBS.
Finally, the photomask and PDMS stencils were sequentially peeled
off, leaving the cell seeded PEG-NB hydrogels covalently bound to
the OSTE-PDMS membrane.

2.4. Device operation and strain sensor calibration

A diaphragm pump (Shwarzer, model SP 500EC) and a pro-
grammable pressure regulator (Marsh Bellofram, model 3410) were
used to deliver pressure into the device through a single inlet
(Fig. 1B). In-house electronics and control scripts were constructed
to regulate and monitor pressure, and to record the electrical
resistance of strain sensors. A fixed voltage of 2.5 V was applied
across each CNT strain sensor and the electrical current was
measured at a sampling frequency of 10 Hz using a precision
ammeter (Keithley sourcemeter model 2602). The sensors were
preconditioned using a minimum of 6 h strain runs per day for
three days prior to calibration to ensure reproducible strain signals.

During calibration, the bulging height at the center of each
membrane was experimentally measured against the actuation
pressure applied, using a Navitar zoom system (Navitar, Rochester,
NY) and a CCD camera, as shown in Movie S1. A cyclic driving
pressure with step-wise decreasing magnitude was applied. The
pressure magnitude was decreased from 8 to 2 kPa in 9 equal steps.
Correspondingly, the peak-to-peak magnitude of the resistive
strain of the CNT sensors decreased from 0.05 to 0.002 also in 9
equal steps and was recorded to correlate with the magnitude of
free bulging height of the membrane (without the presence of a
sample on top) (Fig. 2A). The relation between the membrane
deflection magnitude and the resistive strain magnitude, jDR/R0j
(Fig. 2B), was used to convert the recorded CNT sensor signal on the
cultured hydrogel constructs to corresponding membrane deflec-
tion magnitude, which was used to derive the effective modulus of
the hydrogel construct (Fig. 2C). 3D dynamic mechanical stretching
of cell seeded PEG-NB arrays was performed by applying a triangle
waveform pressure at 0.1 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
was cyclically stretched for 14 days while the sensor signal of
resistance was continuously recorded. The sensor signal data was
obtained from different sensors from at least three experiments.

Supplementary video related to this article can be found at
https://doi.org/10.1016/j.biomaterials.2018.04.041.

2.5. On-chip tissue stiffness measurement

For a given actuation pressure, membrane deflection was pro-
portional to the sample stiffness andwasmonitored by the resistive
strain magnitude of the CNT sensor, jDR/R0j (Fig. 2A). The signal
jDR/R0j was then converted to the membrane deflection based on
the calibration curve (Fig. 2B). Finally, the membrane deflection
magnitude was input into the numerical models (see next section)
to calculate the corresponding gel stiffness. In the control group,
CNT sensors without bound gels were used to monitor the baseline
signal over the culturing period, and were used to compare with
the recorded signal from bonded gels to derive the relative signal
changes. The jDR/R0j values measured at different time points were
first normalized to their initial values at day 1, then those jDR/R0j
values measured from the gels were further normalized to the
average of jDR/R0j from the control sensors to reveal the relative
difference caused by the stiffness changes in the gels.

2.6. Finite element analysis

3D finite element simulations of themembrane-gel systemwere
performed using ANSYS Workbench v14.0 (ANSYS, Inc., Canons-
burg, PA, USA). The PEG-NB gel and OSTE-PDMS were both
modelled as nearly incompressible isotropic elastic material with
assumed Poisson's ratio of 0.49. Optical images were experimen-
tally taken and analyzed using ImageJ (NIH) to determine the

https://doi.org/10.1016/j.biomaterials.2018.04.041
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thickness of the OSTE-PDMS device layer, and dimensions of the
PEG-NB gel for modeling in ANSYS. The OSTE-PDMS membrane
typically had a thickness of ~1mm and a gap distance underneath it
of 0.3mm. The portion of the OSTE-PDMS material without the gap
was included beyond the gap region to match the physical system
(Fig. S1). In the numerical model, the gel was set to be physically
bound to the OSTE-PDMSmembrane. The tensile modulus of OSTE-
PDMS (284 kPa [26]) and elastic modulus of PEG-NB gels as well as
the peak pressure applied were inputted to the FEA model, and the
strain distribution andmembrane deflectionwas read as the output
of the simulation. To estimate the unknownmodulus of gels during
real-time strain sensing, the forward FEA that predicts the OSTE-
PDMS membrane deflection based on the input material parame-
ters was iterated with a sweep of gel moduli to match the
numerically predictedmembrane deflectionwith that derived from
experimentally measured sensor signals. This process is referred to
as inverse FEA hereafter.

2.7. Mechanical compression testing

The gel samples from different conditions were taken off and
collected from each device at days 1, 7, and 15, and were immedi-
ately compression tested before fixation for immunostaining. The
compressive moduli of cell-embedded PEG-NB gel samples were
characterized from unconfined compression tests using a com-
mercial mechanical test machine (TestResources 840 series). Un-
confined compression was performed because it is a standard test
configuration that reasonably approximates the loading on the
device [26] and has been shown to yield accurate measurements of
tensile properties [34]. Briefly, each sample was cyclically com-
pressed to 20% strain while the data of position and applied force
were collected. Images of samples were taken and analyzed using
ImageJ to measure the cross-section areas and initial heights. The
compressive modulus was calculated by fitting the corresponding
approaching stress-strain curve from the last cycle.

2.8. Immunostaining

To assess the effect of extended 3D mechanical stimulation on
cell responses, MSCs embedded in the PEG-NB gels were stained for
a-smoothmuscle actin (a-SMA), a biomarker of myofibroblasts, and
collagen type I (Col I) for collagen production. The neo-expression
and incorporation of a-SMA into stress fibers are considered to be
the defining characteristic of differentiated myofibroblast [35].
Thus, single cell immunofluorescence-based analysis is appropriate
to identify the proportion of functional myofibroblasts in a popu-
lation of cells. The PEG-NB gels assigned for immunostaining were
thricewashedwith 1� TBS followed by incubationwith 10% neutral
buffered formalin fixative for one hour at room temperature (RT).
The gels were subsequently washed with TBS and stored at 4 �C
prior to staining. To prepare fixed samples for immunostaining, the
gels were first permeabilized with TBS containing 0.25% Triton X-
100. Following permeabilization, gels were blocked with 10%
bovine serum albumin in TBS for one hour at RT. After blocking, gels
were incubated with rabbit monoclonal anti-collagen type I pri-
mary antibodies (ab138492, Abcam; 1:300 dilution) in TBS con-
taining 5% goat serum (GS) overnight at 4 �C. The next day, gels
were washed with TBS four times and blocked with 10% GS in TBS
for one hour at RT followed by incubationwith Alexa Fluor 568 goat
anti-rabbit secondary antibodies (1:300) in TBS containing 5% GS
for 1.5 h at RT in the dark. The gels were then washed four times
with TBS and incubated with FITC-conjugated mouse monoclonal
anti-human a-SMA (F3777, Sigma; 1:300) in TBS with 5% GS over-
night at 4 �C. Next, gels were washed four times with TBS and
incubatedwith Hoechst 33342 (P162249, Fisher; 1:50) for 15min at
RT. The gels were washed again, first with TBS then with deionized
water. Finally, Fluoromount combined with deionized water were
added to cover each gel for signal preservation prior to imaging
with confocal microscopy.

2.9. Confocal microscopy imaging and analysis

Optical slice images (Z-stack) of stained MSCs were acquired
with a laser scanning confocal microscope (Nikon A1R-A1) using a
10� objective (CFI Plan Apo l 10�/0.45, Nikon). Each PEG-NB gel
was imaged at the central region where the nominal tensile strain
was calculated (Fig. S1). For imaging cells stained for a-SMA and Col
I, the PEG-NB gels were imaged from the top side. Using ImageJ the
z-stack images were divided to individual channels of nucleus, a-
SMA and Col I. Stacked images in each channel were then projected
to a single image. A copy of the single image was automatically
thresholded to generate a mask that was applied back to the orig-
inal single image for measuring different properties of outlined
objects in each channel. The averaged area and integrated density
of fluorescence intensity of a-SMA and Col I were normalized to
those of the nuclei for each stack. Multiple stacks from each gel
were averaged for comparison.

2.10. Statistical analysis

Statistical analysis was performed using SigmaPlot 12.0. 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 Tukey post hoc tests for all pairwise comparisons.
The statistical significance in each comparison was evaluated with
p< 0.05.

3. Results and discussion

3.1. Simultaneous 3D mechanical stimulation and strain sensing in
situ

Fig. 1 demonstrates the actuation of the deformable membrane
platform with integrated strain sensors, configured to apply 3D
mechanical stretching to arrayed cell-hydrogel constructs. The
PEG-NB gels were firmly bound to and elastically deformed by the
OSTE-PDMS membrane as demonstrated previously [26]. The cell-
seeded PEG-NB gels under both stimulated and static culture con-
ditions remained bound to the OSTE-PDMS after 15 days of culture.
The patterned CNT sensors did not perturb the membrane deflec-
tion. The membrane deflection was reflected in the embedded
strain sensor signal as shown in Fig. 2A and B. This enabled
simultaneous 3D mechanical stimulation and on-chip strain mea-
surement. After sensor pre-conditioning, the strain sensor signal
remained stable and constant as shown in Fig. 2A.

During calibration, the magnitude of resistive strain signal
accurately correlated to the magnitude of membrane deflection
(R2¼ 0.998) with varying actuation pressure magnitudes as shown
in Fig. 2A and B. The platform was first validated with non-
degradable PEG-NB gels as shown in Fig. 2C and D. The effective
moduli of non-degradable PEG-NB gels calculated from the sensor
signal remained relatively constant over five days (Fig. 2C), which
was expected since these gels were cell free and non-degradable.
The reference moduli measured from standard offline mechanical
compression testing were overlaid for comparison, as shown in
Fig. 2D. The effective moduli estimated using our microdevice
agreed with those from the standard mechanical testing for a va-
riety of gel stiffness (from 10 to 60 kPa, R2¼ 0.97). The on-chip
strain sensors presented here have a resolution of 0.053%± 0.04%
(mean± SD, n¼ 9) in resistive strain, determined by the resolution
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of electrical resistance change. This corresponds to a resolution of
1.24± 0.77 kPa (mean± SD, n¼ 6) in the calculated effective
modulus.

3.2. On-chip strain sensing revealed gel stiffness evolution under 3D
mechanical stimulation

Figs. S2 and 3A show the time-course changes in normalized
resistive strain magnitude jDR/R0j and corresponding effective
modulus of gels, respectively, from both stretching stimulated and
static conditions over the culture period of 14 days (after the one
day equilibrium culture as described in Methods Section 4). The
effective modulus was calculated from the inverse FEA method
(Section 6) based on the membrane deflection magnitude derived
from the jDR/R0j signal. The differences in the normalized jDR/R0j
among the three groups (i.e., stimulated gel vs. static gel vs. control
sensor) were statistically significant (all pairwise comparisons,
p< 0.001). During culture, the normalized jDR/R0j from cell-seeded
PEG-NB gels with 3D mechanical stretching increased gradually
from 100% at day 2e107± 1% at day 6 (Fig. S2 black), which was
significantly higher than the normalized jDR/R0j from control
sensors of 100± 2% at day 6 (p< 0.006). This corresponded to an
increase in the membrane deflection magnitude from day 2 to day
6, indicating gel softening with calculated effective modulus
decreasing from 9.3± 0.4 kPa at day 2e5.43± 1.02 kPa at day 6
(Fig. 3A black). However, starting from day 7 the jDR/R0j signal from
stimulated gels gradually trended downward from 106± 1% to
103± 1% at day 15 (Fig. S2 black), which was close to the control
values of 100± 2% at day 15 (p¼ 0.41). This corresponded to a
decrease in themembrane deflectionmagnitude, and an increase in
the effective modulus from 5.62± 0.93 kPa at day
7e7.95± 0.73 kPa at day 15 (Fig. 3A).

In contrast, the normalized jDR/R0j signal from cell-seeded PEG-
NB gels in the static culture condition continued to increase
significantly from 100% at day 2e108± 1% at day 7e117± 2% at day
15 (Fig. S2 white), which were significantly higher than the jDR/R0j
signal from the control sensors (p< 0.005). This corresponded to
continuous gel softening with the effective moduli decreasing from
9.67± 0.55 kPa at day 2e5.22± 1.12 kPa at day 7 and to
2.81± 0.78 kPa at day 15 (Fig. 3A white), resulting in significantly
lower modulus than that of the stretching-stimulated gels
(p< 0.05).

To verify the on-chip measurement of the changing stiffness of
cell-hydrogel constructs, standard unconfined compression testing
was conducted on isolated gel samples to characterize and compare
the stiffness of the conditioned gels at selected time points (day 1, 7
and 15), as shown in Fig. 3B. The effective moduli estimated from
the CNT strain sensors and the compressive moduli were reason-
ably consistent at all time points and for both static and stretched
samples, considering the variability between the device and
reference moduli (Fig. 2C and D) and the resolution of the device
measurements. As measured with the CNT strain sensors, the
compressive moduli of the static control gels decreased continu-
ously and significantly from 8.15± 0.53 kPa at day
1e3.72± 0.60 kPa at day 7 and to 1.21± 0.46 kPa at day 15 (p< 0.05
for all pairwise comparison, Fig. 3B white). In contrast, the
compressive moduli of the stretching stimulated gels first
decreased significantly from 8.15± 0.53 kPa at day
1e3.16± 0.66 kPa at day 7 (p< 0.005, Fig. 3B), but then increased
significantly after day 7 to 6.36± 0.38 kPa at day 15 (p< 0.005),
which was not significantly different from the original value at day
1 (p¼ 0.083). The difference in the compressive moduli between
the static and stimulated conditions at day 7 was insignificant (i.e.,
3.72± 0.6 vs. 3.16± 0.66 kPa, p¼ 0.47), but became apparent and
significant at day 15 (i.e., 1.21± 0.46 vs. 6.36± 0.38 kPa, p< 0.001).
These comparisons again are consistent with the trends captured
by the CNT strain sensor signals and the estimated effective moduli
as shown in Figs. 3A and S2, and validate our platform for
measuring the stiffness of soft biomaterials in situ over time.
Greater lateral and vertical spatial resolution measurement of local
construct stiffness and its association with local cell responses
could be investigated with alternative spatial arrangements of
multiple strain sensors per membrane and more complex material
models for the inverse FEA.

By comparing hydrogels with developing stiffness that were
either in 3D stretching stimulated or static conditions, we
demonstrated that these events can be monitored by in situ stiff-
ness measurement. Here we showed the measurement of elastic
moduli of soft biomaterials in the range of 1 kPa< E< 60 kPa. For
3D stretching stimulation, we selected 5% nominal tensile strain
because it was shown by us and others to promote MSCs and MSC-
like cells differentiation to myofibroblasts [26,36]. Application of
higher tensile strain levels (up to 40%) can be achieved by applying
higher magnitude of driving pressure to our microdevice. The
operation of the CNT strain sensors is independent of the selected
driving pressure within the calibrated range. While not demon-
strated here, this allows for fine tuning of 3D mechanical stimula-
tion in future applications with on-line stiffness measurement.
Notably, with the actuation pressure kept constant, an original
strain profile designed for the cells would be inevitably alteredwith
gradual changes in gel stiffness due to degradation and remodeling.
Thus, the applied mechanical stimulation to cells and the inter-
pretation of biological responses would be confounded by the de-
viation from the originally prescribed strain, which is often
overlooked in literature. This indeed necessitates the capability to
closely monitor the changes of applied strain and account for strain
deviation for informed analysis.

3.3. Mechanical stimulation regulates cell network formation and
collagen expression

To characterize cell responses and collagen production, we co-
stained the embedded MSCs for a-SMA to probe myofibroblast
differentiation and collagen type I as it is the major structural ECM
protein in most connective and load-bearing tissues. We confined
analysis of the MSCs to those in the central region with relatively
homogeneous 5% tensile strain (Fig. S1). While not conducted here,
spatial differences in cell responses and their correlation to local
strains (Fig. S1) can be investigated by regional imaging, as
demonstrated previously [26]. Fig. 4AeE shows the representative
confocal fluorescent images of optical slices of cells, reconstructed
and projected as maximum intensity projections, at day 1 (Fig. 4A),
day 7 (Fig. 4B and C) and day 15 (Fig. 4D and E). Fig. 4A shows the
staining of MSCs prior to the application of 3D mechanical
stretching, which was used to represent the starting point for both
static control and stimulated conditions. Cell shapes at day 1 were
mostly spherical with baseline level of a-SMA staining, no stress
fibers, and minimal collagen staining (Fig. 4A). Under static culture,
a portion of cells were found to be spread at day 7 (arrows in
Fig. 4B), as also reflected by a significant increase in the nuclear
aspect ratio from 1.64± 0.01 at day 1e2.01± 0.05 at day 7
(p< 0.001, Fig. 4F). Compared to day 1, there was no significant
increase in a-SMA expression (p> 0.13, Fig. 4G) but a significant
increase in collagen expression in normalized average area of
collagen staining per cell from 1.62± 0.47 at day 1e4.13± 0.66 at
day 7 (p¼ 0.014, Fig. 4H). The gel geometry remained largely un-
changed compared to day 1 (Fig. 4B bright field image) although the
gels were significantly softened as shown in Fig. 3. In comparison,
static gels by day 15 were noticeably degraded, especially in the
central region resulting in a valley, likely due to cell-driven gel



Fig. 4. Representative confocal images of immunostaining embedded MSCs in PEG-NB gels under (A) static culture at day 1, (B) static culture at day 7, (C) 3D stretching stimulation
at day 7, (D) static culture at day 15 and (E) mechanical stimulation at day 15. Top-left: top-view optical image of the representative gel; left and top: side-view projections. The
images were taken at the gel center regions. (F) Nucleus aspect ratios were used to characterize cell elongation (*p < 0.001 vs. other groups in static condition, #p < 0.001 vs. other
groups in stimulated condition, yp ¼ 0.004, ±p < 0.001, n ¼ 3e6 per group). Quantities of projected area (top) and integrated density of fluorescent intensity (bottom), both
normalized to nucleus, were used to characterize cell responses for (G) a-SMA (*p < 0.001, #p < 0.05 between groups with symbol) and (H) Col I (top, *p < 0.05 vs. other groups in
static condition, #p < 0.05 between groups with symbol, yp < 0.001) (bottom, *p < 0.001, #p < 0.001 vs. other groups in stimulated condition). n ¼ 3e6 per group; error bars
indicate s.e.m.
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degradation [37,38], although other factors may have contributed.
An indirect measure of gel degradation is to assess cell morphology,
as the cells were initially rounded and confined when encapsulated
in the covalently crosslinked gels (Fig. 4). Since the gels were
crosslinked by peptides that are MMP cleavable, the gels would be
readily de-crosslinked as the embedded cells started to proliferate,
spread and migrate with increased MMP activity [39]. By day 15,
the static gels were so significantly degraded that they were unable
to maintain the cylindrical geometry (Fig. 4D bright field image),
corresponding with the significant decrease in gel stiffness as
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shown in Fig. 3, and the embedded cells mostly became spherical in
shape by day 15 (Fig. 4D fluorescent images). This was also indi-
cated by the significant decrease in the nuclear aspect ratio from
2.01± 0.05 at day 7 to 1.63± 0.02 at day 15 (p< 0.001, Fig. 4F) close
to the initial levels of 1.64± 0.01 at day 1, likely due to loss of
adhesion to the degraded gels. The normalized area of collagen per
cell also significantly decreased from 4.13± 0.66 at day 7 to
1.35± 0.34 at day 15 (p¼ 0.027, Fig. 4H).

Similar to the static culture condition, gels that were stretched
softened at day 7 (as shown in Fig. 3) but their cylindrical geometry
remained unchanged compared to day 1 (Fig. 4C bright field im-
age). However, cells in stimulated gels were more spread at day 7
compared to the static culture (arrows in Fig. 4C). This was reflected
by a significant increase between static and stimulated conditions
in the nuclear aspect ratio from 2.01± 0.05 to 2.19± 0.04
(p¼ 0.004, Fig. 4F), as well as an increase in the normalized average
area of a-SMA staining per cell from 4.14± 0.31 to 7.03± 0.58
(p< 0.001, Fig. 4G). Stretch-stimulated cells generated a significant
but similar increase to the static culture in the normalized area of
collagen from 1.62± 0.47 at day 1e5.04± 1.32 at day 7 (p¼ 0.006,
Fig. 4H). By day 15, stretching stimulated gels were swollen in size
likely also due to cell-mediated gel degradation, but in contrast to
the static culture condition, the integrity of the stimulated gels was
maintained and the cylindrical geometry was conserved (Fig. 4E
bright field image). Interestingly, networks composed of bundles of
elongated cells formed throughout the gels (Fig. 4E, S3 and S4).
Differences in cell elongation in the gels were evident in the dif-
ferences in nuclear aspect ratio between stimulated (2.28± 0.06)
and static (1.63± 0.02) conditions (p< 0.001, Fig. 4F). The expres-
sion of a-SMA (measured by normalized area) was significantly
increased during the culture from 3.35± 0.11 at day
1e7.03± 0.58 at day 7e8.54± 0.41 at day 15 (p< 0.05 for each
comparison between any two days, Fig. 4G top). Compared to the
static culture at day 15, stretching stimulation also resulted in
significantly higher normalized area of a-SMA of 8.54± 0.41 vs.
2.19± 0.73 from static condition (p< 0.001, Fig. 4G top), and higher
integrated density of a-SMA of 9.31± 3.24 vs. 3.28± 0.93 from
static condition (p< 0.001, Fig. 4G bot). In addition, substantial
collagen was produced at the top region of the gels during culture
with stretching stimulation (Fig. 4E, S3 and S4), which resulted in
the significant increase in the normalized area of collagen from
5.04 ± 1.32 at day 7e10.5± 0.76 at day 15 (p< 0.001, Fig. 4H top), as
well as in the integrated density of collagen from 5.36± 1.56 at day
7e16.84± 3.51 at day 15 (p< 0.001, Fig. 4H bot). Compared to the
static culture at day 15, the significant collagen production with
stretching stimulation resulted in more than six-fold increase in
both normalized area and integrated density of collagen (p< 0.001,
Fig. 4H). The responses of MSCs to stretch observed in this study
were qualitatively similar to those observed in a similar platform
but without embedded CNT strain sensors [26], implying that the
cells were not influenced by the presence of the CNT sensors.

The formation of an entangled and a-SMA-rich cell network and
significant production of collagen at day 15 resulting from the
application of 3D stretching stimulation contributed tomaintaining
the integrity of gels and tissue growth and led to the significant
recovery of hydrogel stiffness after the initial degradation-caused
gel softening as measured in Fig. 3. The prevalence of cell
network was attributable to a combined effect of increased number
of cells and spreading/elongation (Fig. 4, S3 and S4) that are likely
enhanced by mechanical stimulation [36,40,41]. 3D mechanical
stimulation has been shown to greatly affect MSC activities such as
proliferation, migration and differentiation [14,42e44]. In partic-
ular, many cell types increase collagen synthesis in response to
mechanical stimuli [45,46]. In contrast, the culturing of cells under
static conditions resulted in continuous degradation of the gels that
correlated with significant and monotonic decrease of hydrogel
stiffness (Fig. 3). This is likely attributable to the mismatch in cell-
mediated gel degradation and structural reinforcement by ECM
production and/or cell network formation during culture. This
emphasizes the importance of achieving a balanced cell driven
matrix degradation and remodeling during tissue development
[47,48], as well as the importance of 3D mechanical stimulation in
promoting MSC myofibrogenesis and collagen production.

Similar to our previous report [26], significantly higher
expression in a-SMA was observed from stretching stimulated
conditions in comparison to the static culture by day 7. In contrast,
the difference in collagen expression at day 7 was indistinguish-
able, suggesting that stretching stimulated matrix protein expres-
sion lagged a-SMA expression (Fig. 4) [39]. Interestingly, by day 15
there was a discrepancy between locations with significant a-SMA
and collagen expression with 3D stretching stimulation (Fig. 4E).
Compared to the cells highly expressing a-SMA indicative of con-
tractile myofibroblastic differentiation (with stress fibers formation
as shown in Fig. S5), collagen was produced more significantly on
the top/surface of the gels. The reasons for the spatial heterogeneity
in collagen production are unclear. Ku et al. reported that MSCs and
MSC-like cells rapidly (i.e., within a week) secreted collagen iso-
forms in response to physiological levels of mechanical stretching
in 2D [49]. It is indeed suggested that the upregulation of matrix
remodeling by MSC-like cells depends on dimensionality (i.e.,
2D> 3D) [50], which possibly contributed to the observed
discrepancy in collagen production between gel top surface and
lower parts. In addition, the diffusion gradient of the supplemented
ascorbic acid, necessary for collagen formation, may also be a factor
[51]. Myofibroblast differentiation of MSC-like cells can be induced
and observed within a few days of culture in both 2D and 3D
conditions in vitro [15,52], but extensive collagen production in 3D
is expected to take longer (e.g., >3 weeks) [39].

3.4. Measurement of compressive stiffness of hydrogel constructs in
situ

To demonstrate the versatility of the platform, we also operated
the device array to monitor in-situ the compressive stiffness of
MSC-laden PEG-NB gels cultured under osteogenic conditions
without mechanical stimulation (method details described in the
Supporting Information). As shown in Fig. 5A and B, by confining
samples in the chamber, mechanical compression can be applied to
the samples via bulging the membranes from underneath. To
minimize the stimulatory effects of compressive mechanical
loading on cells during measurement, we limited measurement
cycles to 20e30min applied every two to three days. As shown in
Fig. 5C, PEG-NB gels with seeded cells had similar stiffness of
15.85± 3.47 kPa at day 3 compared to 15.19± 2.98 kPa at day 1, but
then significantly stiffened to 48.41± 7.39 kPa at day 7,
62.5± 8.56 kPa at day 11, and 64.87± 8.17 kPa at day 21 (p< 0.002
vs. day 1). The day 21 stiffness is comparable to compressive moduli
(e.g. 59 kPa) reported by others for cell-seeded PEG gels cultured for
21 days under osteogenic conditions [53,54]. Significant stiffening
correlated with mineralization throughout the hydrogel interior
and in a ~20 mm thick cell layer that formed on the exterior of
hydrogel (Fig. 5D and E; Fig. S6). Although not demonstrated here,
this platform would enable the investigations of the effect of
extended 3D compressive mechanical stimulation on MSC osteo-
genesis with continuous measurements of compressive stiffness.

4. Conclusion

This paper reported a new deformable membrane platformwith
integrated CNT strain sensors that enables simultaneous



Fig. 5. Deformable membrane platform with on-chip strain sensors in compression mode of operation. (A) Samples are confined between flat solid chamber plugs at the top and
deformable membranes at the bottom that are deflected by driving pressure. CNT-based strain sensors provide continuous readout of membrane deflection magnitude. Independent
chambers are perfused separately. (B) Cell-laden PEG-NB hydrogels were photopolymerized, cast in a PDMS stencil and loaded into chambers as demonstrated. (C) Measured cell-
PEG-NB construct compressive modulus during 21 days of culture. Cells were seeded at 2.5� 105 cells/mL with osteogenic culture medium. Gel stiffness increased over time and
reached similarly high values after 11 days in culture. *p < 0.002 compared to day 1. All data are mean ± SEM, n ¼ 4. (DeE) Alizarin Red staining of calcium deposits in cell-PEG-NB
constructs cultured for 1 day (D) and 21 days (E) in osteogenic media. Arrow heads indicate cell-dense sheath encapsulating the gel; arrow indicates mineralized nodules in the cell
sheath.

H. Liu et al. / Biomaterials 172 (2018) 30e4038
mechanical stimulation of 3D cell-hydrogel arrays and stiffness
measurement of the hydrogel constructs in situ. Significant evolu-
tion in the stiffness of the cell-hydrogel constructs during culture
was detected by the on-chip strain sensors and correlated with
tissue production and hydrogel degradation observed (immuno)
histomorphmetrically. This platform offers a unique approach to
continuously monitor the functional stiffness of cultured tissue
constructs in situ instead of relying on end-point analysis. This
measurement technique could be transferred and generalized to
other relevant organ-on-a-chip platforms to facilitate the estab-
lishment of on-line, non-invasive, and high-throughput functional
analysis as required to realize the full potential of organ-on-a-chip
technologies. The platform also enables future exploration of bio-
process control strategies for in vitro tissue maturation and can
provide insights into the dynamics of engineered tissue develop-
ment that are otherwise not readily available.
Data availability
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