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Recent advances recognize that the viscoelastic properties of epithelial structures play important roles in

biology and disease modeling. However, accessing the viscoelastic properties of multicellular structures in

mechanistic or drug-screening applications has challenges in repeatability, accuracy, and practical

implementation. Here, we present a microfluidic platform that leverages elastohydrodynamic phenomena,

sensed by strain sensors made from graphene decorated with palladium nanoislands, to measure the

viscoelasticity of cellular monolayers in situ, without using chemical labels or specialized equipment. We

demonstrate platform utility with two systems: cell dissociation following trypsinization, where viscoelastic

properties change over minutes, and epithelial-to-mesenchymal transition, where changes occur over

days. These cellular events could only be resolved with our platform's higher resolution: viscoelastic

relaxation time constants of λ = 14.5 ± 0.4 s−1 for intact epithelial monolayers, compared to λ = 13.4 ± 15.0

s−1 in other platforms, which represents a 30-fold improvement. By rapidly assessing combined

contributions from cell stiffness and intercellular interactions, we anticipate that the platform will hasten

the translation of new mechanical biomarkers.

Introduction

Recent work in fundamental biology has increasingly
developed connections between cell and tissue stiffness and
function or state.1 While several techniques can assess single
cell mechanical properties, there are few methods that can
extract cell monolayer properties. Cell monolayers, in addition
to individual cell stiffness, contain additional mechanical
contributions from cell–cell and cell–protein interactions.
Cells collectively interact with neighboring cells and
surrounding proteins inside cell monolayers, and cell
monolayers play a critical role in many physiological
functions.2 In particular, the stiffness of cellular monolayers
is both directly correlated to function, like in maintaining
structural integrity, and indirectly, like in modulating
mechanotransduction to downstream cellular pathways.3,4

Aberrant monolayer stiffness is known to indicate disease
states,5 such as age-related macular degeneration in visual
impairment (increased stiffness),6 degradation of epithelial

layers in intestinal inflammatory diseases (decreased
stiffness),7 and scarring in fibrosis (increased stiffness).8

These insights from biology position the stiffness of cellular
monolayers as a versatile and novel biomarker for
pathogenesis or pathophysiology, but a key limitation to
translation has been the lack of simple platforms which can
rapidly and accurately measure changes in the stiffness of
cellular monolayers.

Ideally, a platform for measuring monolayer stiffness
should have the following features:9–11 it should give
accurate and repeatable measurements, integrate into
current cell culturing workflows, and measure stiffness in
situ instead of only at endpoints. It should also avoid
complicating experiments by introducing new labels or
reagents, and not require capital-intensive or specialized
equipment. Current techniques that assess the stiffness of
cellular monolayers are limited by one or more of these
burdens, which ultimately reduce the adoption and
translation of mechanical stiffness as a biomarker.12–14 In
one technique, a permeability assay measures the transport
of fluorescently labeled microparticles across a barrier,15 but
this technique introduces microparticle tracers into the cell
culture, requires tuning of particle size, and is not a direct
measurement of monolayer stiffness. Another technique is
transepithelial/transendothelial electrical resistance
(TEER),16 which provides quantitative measurements of tight
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junction dynamics in cell culture models of endothelial or
epithelial monolayers by measuring how much of the
electrical signal is blocked by the cell layer. TEER does not
require labels or reagents but does require culturing cells
near an electrode. These electrodes introduce new
difficulties since the measured values depend on the
position and shape of the electrodes and electrode insertion
can disturb the integrity of the sample, especially when
repeated over multiple days.17,18 In addition, the samples
used in TEER might not be suitable for subsequent use in
additional biological assays, which increases the number of
samples needed and prevents the simultaneous
measurement of cell stiffness alongside other chemical-
based assays. Furthermore, traditional TEER measurements
require a fully confluent cell layer to accurately measure
barrier function. Measuring intermediate stages of cellular
monolayers is more complex and faces reproducibility
issues.16 Other optical techniques such as using optical
tweezers19 or traction force microscopy20 require significant
user knowledge to operate specialized equipment, develop
appropriate controls, and perform analysis.

Through other indirect techniques which translate non-
mechanical events to estimate mechanical parameters, Li
et al.21 characterized the viscoelastic properties of fibroblast
cell monolayers using thickness-shear-mode acoustic wave
sensors. A cell layer was cultured onto a quartz resonator
substrate to obtain an electrical admittance spectrum which
would reflect acoustic impedance changes caused by cell
monolayer adhesion. However, an interfacial layer between
the cell monolayer and substrate with an unknown thickness
would cause variations, and the calibration process is
complex. Adamo et al.22 developed a microfluidic assay by
measuring changes in cellular shape and transit times as
cells pass through constrictions to obtain cell stiffness.
Similarly, Guck et al.23 used a microfluidic optical stretcher
to deform cells in order to find a link between cell function
and elasticity. However, the refractive index of each sample
needs to be determined before stretching which increases the
operative difficulty. Both microfluidic approaches achieved a
decreased measurement time, which improved throughput,
but the techniques still require the assistance of capital-
intensive optical-based characterization. Most importantly in
monolayers or multicellular systems, these techniques only
focus on the properties of a single cell and neglect the cell–
cell and cell–protein interactions.

Here, to overcome existing limitations with current
measurement techniques, we present a microfluidic-based
platform which relies on the theory of elastohydrodynamic
deformation (EHD)—the deformation of elastic walls under
flow—as measured through piezoresistive graphene strain
sensors.24 This platform is capable of non-invasive stiffness
measurements in situ, under conventional cell culturing
conditions, without the need for optical components or new
reagents. By relying on relatively simple voltage
measurements as opposed to microscopy techniques, the
technique has better scaling for throughput or parallel

experiments. We demonstrate platform utility through
cellular monolayer dissociation via trypsinization, which
occurs in minutes, and stiffness changes induced by a
morphology change via epithelial-to-mesenchymal transition
(EMT), which occurs over days. Our microfluidic-based
platform provides a new facile route for investigating
dynamic cellular mechanics at the multicellular level.

Materials and methods
Microfluidic platform design and fabrication

Standard soft lithographic techniques were used to fabricate
microfluidic devices (Fig. 1). Polycarbonate stock (75 mm ×
50 mm × 9 mm, TAP Plastics) was cut using a computer
numerical control (CNC) endmill (MDX-50 Desktop Milling
Machine, Roland Corp.) to form a negative mold of the device
(Fig. 1a). The mold was spin coated with an 8% (w/w)
poly(vinyl alcohol) (PVA, Mw = 23 000 g mol−1, Sigma-Aldrich
Inc.) water solution at 300 rpm for 30 s after rinsing with
ethanol and acetone and was dried on a hotplate. Then,
PDMS (poly(dimethylsiloxane), Sylgard-184, Dow Corning
Corp.) base and curing agent were mixed in a plastic cup,
stirred thoroughly, and then degassed for 30 min. The PDMS
mixture was then poured onto the mold, scraped with a
doctor blade to achieve a thin layer above the channel, and
cured at 65 °C for 15 min (Fig. 1b). After curing, a rectangular
piece of metallic nanoisland graphene strain sensor (∼12
mm × 4 mm) with a copper backing layer was placed onto
the negative channel spanning the short axis of the channel.
After sensor placement, the copper backing was wet etched
with a 15% w/w ammonium persulfate (APS) solution
overnight at room temperature. After etching, the etchant
was removed (Fig. 1c). A drop of eutectic gallium–indium
(EGaIn) was placed on each side of the strain sensor to form
electrical interconnects and then copper wires were placed
into the EGaIn to form electrical leads. More PDMS was
poured onto the cured PDMS (with the embedded graphene
strain sensor) to a depth of 15 mm and was cured at 65 °C
for 45 min (Fig. 1d). After curing, the device and mold were
placed into warm water for 48 h in order to dissolve the PVA
sacrificial release layer and release the PDMS block from the
mold. After the PDMS block was separated from the mold
and excess PDMS was trimmed from the device, fluid inlet
and outlet holes were punched in the device using syringe
needles, and PTFE tubes were inserted. A microscope slide
(75 mm × 50 mm, Thermo Scientific) was spin coated with
PDMS with the same monomer-to-curing agent ratio at 500
rpm for 30 s to form a layer of 50 μm and then cured at 65
°C for 7 min. The PDMS block was placed onto the glass slide
coated with a partially cured layer of PDMS and was then
cured for 30 min more at 65 °C to seal the channel (Fig. 1e).
After curing, the device was ready for testing. The dimensions
of the channel are 30 mm (L) × 1 mm (W) × 0.5 mm (H), and
the sensor position ranges from 8 μm to 10 μm from the
channel edge, as measured using a laser displacement sensor
(KEYENCE LT-9010 M, resolution 0.01 μm).
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Metallic nanoisland-on-graphene fabrication

Palladium was evaporated on a single layer of graphene at
rate of 0.04 Å s−1. The strain sensor consists of a layer of
copper foil, a layer of graphene and an 8 nm layer of
palladium, which provides high sensitivity at low strains and
is able to transduce deformation to electrical signals. The
mechanism for this high sensitivity is postulated to be a
combination of crack formation, improved sensor integrity,
and quantum tunneling.24

Madin–Darby canine kidney (MDCK) cell culture and
characterization

Immediately following device fabrication, all devices were
sterilized in 70% ethanol for 20 min, followed by a 15 min
exposure to a bactericidal UV lamp with a 254 nm
wavelength. Prior to cell culture, to promote cell attachment
on PDMS, the PDMS channel wall was coated with collagen
IV (collagen from human placenta, Sigma-Aldrich) (Fig. 2a).
The device was incubated with 50 μg mL−1 collagen IV in
0.1% glacial acetic acid solution (in sterile PBS) at 37 °C in a
humidified CO2 incubator for 4 h and then washed with
sterile PBS. The device was placed upside down to help the
collagen coating process on the top of the channel, which
was where the graphene sensor was located. MDCK cells were
sub-cultured on two 75 cm2 tissue culture-treated flasks. Cells
were cultured and passaged according to the manufacturer's
protocol in Eagle's minimum essential medium (EMEM,

ATCC) supplemented with 10% fetal bovine serum (FBS) and
100 IU mL−1 penicillin–streptomycin in a humidified 37 °C
incubator maintained at 5% CO2 and 95% air. The cell
culture medium was changed every other day. Upon reaching
confluency, cells were detached with 0.25% (w/v) trypsin-
EDTA solution for 10 min and centrifuged at 450g for 5 min.
Cell pellets were re-suspended in EMEM at a final
concentration of 2 million cells per mL and the cell
suspension was evenly pipetted into the channel. The cell
culture medium was refreshed every day. The final cell
seeding number is 1000 mm−2. Just as in the collagen coating
process, the device was placed upside down to promote cell
attachment to the top of the channel wall, near the sensor.

Contact angle measurement

Due to the size limitation of the channel structure, a separate
substrate was coated with PDMS for the contact angle
measurements. The PDMS solution with the same monomer-
to-curing agent ratio was spin coated on a glass slide at 500
rpm for 30 seconds to form a PDMS film. The cured PDMS
film was subjected to the same collagen IV modification
described above. The contact angle hysteresis was measured
at room temperature (Fig. 2a). A distilled water droplet was
placed on the test substrates and the measured angles were
averaged (3 samples of plain PDMS, 3 samples of collagen IV
coated PDMS). Plain PDMS had a contact angle of 99.1–120.7°
± 6.1°, which decreased to 84.4–103.7° ± 5.4° after coating

Fig. 1 Microfluidic device fabrication. Schematics of the soft lithographic fabrication process. (a) Polycarbonate mold with a negative channel. (b)
The first layer of PDMS was formed on the mold. (c) The graphene strain sensor was placed on the first layer of PDMS. (d) Eutectic gallium–indium
(EGaIn) was placed on each side of the strain sensor to form electrical interconnects and then copper wires were placed into the EGaIn to form
electrical leads. The second layer of PDMS was formed to encapsulate the sensor. (e) The device was bonded to the glass slide to seal the channel.
The thickness of the PDMS layer between the channel and strain sensor is ∼8–10 μm.

Lab on a Chip Paper

O
pe

n 
A

cc
es

s 
A

rt
ic

le
. P

ub
lis

he
d 

on
 1

4 
A

ug
us

t 2
02

3.
 D

ow
nl

oa
de

d 
on

 4
/5

/2
02

6 
6:

03
:1

1 
A

M
. 

 T
hi

s 
ar

tic
le

 is
 li

ce
ns

ed
 u

nd
er

 a
 C

re
at

iv
e 

C
om

m
on

s 
A

ttr
ib

ut
io

n-
N

on
C

om
m

er
ci

al
 3

.0
 U

np
or

te
d 

L
ic

en
ce

.
View Article Online

http://creativecommons.org/licenses/by-nc/3.0/
http://creativecommons.org/licenses/by-nc/3.0/
https://doi.org/10.1039/d3lc00457k


4070 | Lab Chip, 2023, 23, 4067–4078 This journal is © The Royal Society of Chemistry 2023

with collagen IV. The result shows that collagen IV coating
was successful.

Immunofluorescence

MDCK cells were fixed with 4% (w/v) paraformaldehyde
(PFA, Sigma-Aldrich) in PBS for 15 min, followed by 3%
BSA blocking incubation for nonspecific binding for 1 h
at room temperature. Cells were then incubated with the
primary antibodies vinculin (Sigma-Aldrich) and E-cadherin
(BD Biosciences) diluted in 3% BSA (1 : 400) at room
temperature for 4 h. The primary antibody solution was
then aspirated, and the cells were washed 3 times with
PBST solution. Secondary antibodies Alexa Fluor 488 goat
anti-mouse and Alexa Fluor 568 phalloidin (Thermo Fisher
Scientific) were diluted in 3% BSA (1 : 400 and 1 : 800,
respectively) at room temperature for 4 h. After another
triple wash with PBST solution, 4′,6-diamidino-2-
phenylindole (DAPI, Thermo Fisher Scientific) was diluted
in PBS solution (1 : 1000) at room temperature for 15 min.

Fluorescence microscopy was performed using a Zeiss
LSM 880 (Fig. 2b).

Electrical signal capture of wall deformation via droplet flow
and analysis

Viscoelastic behavior was modeled with a Kelvin–Voigt
model, which uses a combination of springs and dashpots
connected in parallel. If constant stress is applied to a
Kelvin–Voigt material and then released at time t1, the
viscoelastic relaxation obeys the following equation:

ε t > t1ð Þ ¼ ε t1ð Þe − t
τ (1)

where E is the modulus of elasticity, η is the viscosity and

τ ¼ η

E
is the relaxation time.

To monitor this viscoelastic relaxation behavior, brief
stress is applied by flowing fluid droplets in the channel. As
the sensor signal is proportional to the wall deformation, the
voltage change can be described in terms of the viscoelastic
relaxation as:

Fig. 2 Collagen IV coating on the PDMS and MDCK cell culture inside the microchannel. (a) PDMS wettability changes after collagen IV coating,
which is shown by water contact angle measurement. The contact angle hysteresis shows that the contact angle of PDMS decreases from 99.1–
120.7° ± 6.1° to 84.4–103.7° ± 5.4° after collagen IV coating. The immunostaining image of collagen IV (stained with monoclonal anti-collagen type
IV antibodies produced in mouse, Sigma-Aldrich) inside the microchannel confirms that the wall is coated with collagen IV, and it was shown to be
a patchy layer of discrete depositions of individual collagen proteins. (b) Bright-field and confocal images of MDCK cells inside the microchannel.
On day 7, MDCK cells become confluent inside the microchannel. The thickness of the layer is ∼8 μm (ESI,† Fig. S5). Unlike that on the stiff surface,
for example glass, it took longer for MDCK cells to be confluent on the softer surface, like PDMS, in our device.
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V(t) = V0 − V(t1)e
−λt (2)

where λ ¼ 1
τ
¼ E

η
is the relaxation time constant. To fit the

viscoelastic relaxation, the equation is linearized as:

V tð Þ ¼ V0 −V t1ð Þe−λt→ ln 1 − V tð Þ
V0

� �
¼ −λtþ ln

V t1ð Þ
V0

� �
(3)

where the slope of this linear function is the relaxation time
constant λ.

Results and discussion
Operational principle and device validation

Our platform is based on monitoring the flow-induced
deformation of soft walls (elastohydrodynamic deformation,
EHD) within a microfluidic channel.25–28 To extract the
viscoelastic parameters of a sample, we monitored the
viscoelastic relaxation of the wall to its baseline shape after
perturbation by a droplet (schematic shown in Fig. 3a). For a
pure fluid, Gervais et al.29 developed a model to describe the
expected wall deformation as a function of parameters. Given
the addition of a sample, i.e., a monolayer of cells, inside the
fluid channel, the elastohydrodynamic deformation of the

wall under flow will change in a manner that reflects the
mechanical properties of the sample. At a constant flow rate,
the relationships between the flow rate and the pressure and
the channel deformation are given by:30

Q ¼ h0
4E

48c2μ L − zð Þ 1þ c2
p zð ÞW
Eh0

� �4

− 1
� �

(4)

Δh
h0

¼ 2

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
3Qμ L − zð Þ

Eh0
4 þ 1

4

s
− 2 (5)

where Q is the flow rate, h0 is the initial channel height, E is
the elastic modulus of the channel walls in the device, L is
the length of the channel, z is the axial position along the
channel, μ is the fluid viscosity, W is the width of the
channel, and p(z) is the pressure distribution along the
channel. The addition of a viscoelastic layer alters the
viscoelastic relaxation of the channel by changing the layer
thickness and elastic modulus. In principle, by fitting a
multilayered Kelvin–Voigt model to the deformation versus
time during the relaxation phase, viscoelastic parameters of
each layer (the properties of the channel are known, the
sample is unknown) are obtained. Although theoretical
formulations exist,31–35 due to the finite geometry of our

Fig. 3 Microfluidic device and operation principle. (a) Schematic of the microfluidic device. A graphene strain sensor, embedded in the PDMS
sidewalls, is placed in close proximity (∼8–10 μm) to the channel. The sensor measures the transient deformation caused by a passing droplet, and
the deformation is a function of the properties of the channel sidewalls and any coatings, i.e., the cellular monolayer. (b) Scanning electron
microscopy (SEM) images of palladium nanoislands on graphene. The thickness of the palladium only is 8 nm, and it is the nominal deposition
thickness using a quartz crystal balance. (c) Voltage signal capture by introducing a water droplet in the channel. The voltage signal can be broken
into distinctive regions which correspond to the location of the droplet relative to the channel and sensor. Region IV is used for relaxation analysis.
(d) Demonstrating the sensing of elastohydrodynamic phenomena by monitoring the voltage change of the device at different flow rates.
Experimental data fitted against theoretical prediction of deformation by eqn (5). The relationship between flow rate and elastohydrodynamic
deformation is approximately linear at low pressures. The linearity is shown by R2 = 0.86.
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microfluidic channel, we also used finite element analysis
(FEA) modeling to extract the geometric-dependent
contributions from the material properties in the relaxation
profile of our microfluidic channel (see ESI,† Fig. S1).

The expected deformation in most conventional
microfluidic devices is low (<5 μm),36 and the relaxation
times are fast (∼0.1 s).30 To measure this deformation, we
embedded a graphene strain sensor within the device
sidewalls (Fig. 3a), in close proximity (∼8–10 μm) to the
channel.30 These piezoresistive strain sensors are made from
graphene decorated with metallic nanoislands (Fig. 3b),
which have sufficient sensitivity to measure
elastohydrodynamic phenomena.24 The advantage of using
piezoresistive strain sensors is that the electrical signal
monitoring has an inherently high temporal resolution and a
lower cost for scale up, especially when compared to optics-
based lasers and cameras, or microscope-based platforms.
Furthermore, by embedding the sensor within an elastic wall,
the sensor reduces erroneous sources of contamination and
does not introduce additional experimental complications,
e.g., tracer particles or conjugated labels. These advantages
enable widespread compatibility, scalability, and sufficient
mechanical resolution for changes at the cellular level.

To induce transient deformation in the microfluidic
channel, we flowed a water droplet into the channel. The
voltage readings of the water droplet can be broken into five
distinctive regions (Fig. 3c). In region I, we introduced a
droplet into the channel, but as the droplet was far away
from the sensor, the voltage showed a slight decrease which
corresponds to the applied pressure driving the droplet,
constricting the channel ahead of the droplet.37 In region II,
the leading edge of the droplet crosses the boundary (dashed
line on the left in Fig. 3c) of the sensor, leading to a
reduction in voltage. Thus, we can calculate the droplet
velocity by dividing the width of the strain sensor by the
duration of region II. In region III, the main body of the
droplet transits across the sensor strip, which results in a
slight increase in the voltage due to the increasing area of
the overlap between the droplet and the sensor. In region IV,
the droplet has left the sensing area, and the voltage signal
reflects the viscoelastic relaxation of the channel. Region IV
is where the voltage data can be fitted to a viscoelastic model
of the sample to extract viscoelastic parameters of the cellular
monolayer (see eqn (3) in Materials and methods for the
fitting procedure). Region V shows a second, slower
relaxation of the channel back to the neutral height. This
relaxation is a bulk phenomenon and is distinct from the
interfacial viscoelastic relaxation in region IV. The bulk
residual strain of the channel originates from the confined
microfluidic geometry, as replicated in our simulations (see
ESI,† Fig. S1).

A different drop size and flow velocity will induce a
different force,37 but this variance has a negligible impact on
viscoelastic measurements. This is because the timescale of
the rise and fall of the voltage signal of the droplet (<0.1
seconds as seen in all figures) is much more rapid than the

timescale of viscoelastic relaxation in the samples. Thus, the
droplet can be modeled as a step-response. We also expect
minimal variation in the rise and fall of the droplet within
expected droplet velocities.37 Evidence of the consistency
between droplets can be quantified by the low error of the
viscoelastic measurement in the following sections. Thus,
one of the advantages of our platform is that reliable
viscoelastic properties can be obtained from hand-driven
droplets. The velocity of the droplet can be extracted from
the duration of section II and the sensor width. The bubble
length can be calculated from the droplet velocity times the
duration of section III.

To demonstrate that the sensor is measuring
elastohydrodynamic phenomena, we verified that the
sensor outputs match the theoretical relationship between
the flow rate and channel deformation in eqn (5). The
flow rate was varied for a continuous flow by using a
PID-controlled microfluidic controller (Elveflow OB1 MK3+,
61 μbar resolution) while monitoring the voltage change.
At lower pressures, the pressure drop is approximately
linear with the imposed flow rate.29 Fig. 3d shows that
the relationship between the channel deformation and
flow rates is as expected, demonstrating that the strain
sensor is sensing elastohydrodynamic deformation and
that the voltage readings are proportional to the channel
deformation. An additional performance of the device in
establishing elastohydrodynamic phenomena is provided in
the ESI† (Fig. S2).

Transient viscoelastic properties of a monolayer under
trypsinization

To demonstrate in situ measurements of dynamic stiffness
changes in cellular monolayers, we dissociated a confluent
Madin–Darby canine kidney (MDCK) epithelial cell
monolayer with a standard 0.25% trypsin-EDTA
(ethylenediaminetetraacetic acid) solution (see Materials and
methods for channel coating, culture conditions, and
determination of confluency). One droplet was placed inside
the channel and was pushed through the channel. This
process was repeated 10 times for each device. Prior to
trypsinization, we obtained baseline viscoelastic relaxation
time constants through the PDMS (λ = 9.9 ± 1.3 s−1, n = 30
from 3 different devices measured 10 times each, no
significant difference with and without collagen IV coating
on the channel wall) and a fully formed MDCK cell
monolayer (λ = 14.5 ± 0.4 s−1, n = 30 from 3 different
devices measured 10 times each). The higher λ value
obtained in the channel with the MDCK monolayer
indicates a higher overall stiffness within the channel. That
is, although the MDCK cell monolayer (8 μm) is not
necessarily stiffer than the PDMS (∼8–10 μm), the
composite structure of PDMS with the MDCK cell monolayer
is stiffer than the thinner PDMS structure alone. The
mechanical contributions of the MDCK cell monolayer
originate from a combination of the MDCK cell body,
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intercellular adhesion junctions, and extracellular matrix
(ECM) proteins.38 The values are in agreement with those in
a previous study39 being 13.4 ± 15.0 s−1 but have a much
lower error. A standard deviation of 15.0 s−1 was obtained
with n = 17 in total, and a standard deviation of 0.4 s−1

using our platform was obtained with n = 30 in total. An
F-test was performed to show that our resolution is at least
24.7 times higher (F-test, F = 1406.25, 24.7–56.8, 95% CI). A
higher resolution is important for resolving small
mechanical changes during trypsinization. The
trypsinization design is shown in Fig. 4b, which alternates
between trypsin-EDTA incubation and measurement
acquisition stages. Confocal microscopy images of the
monolayers were taken (cells were labeled with
CellTracker™ red, Life Technologies, Fig. 4c) concurrently

with our viscoelastic measurements, which shows that the
orthogonal nature of our stiffness measurements enables
the standard use of fluorescence assays (n = 30 from 3
different devices measured 10 times each).

The raw viscoelastic relaxation data at the different time
points are shown in Fig. 4d. When plotted versus time,
Fig. 4e shows the relaxation time constant changes over time
as compared to the change in cell count during the
trypsinization process (for clarity, the cell count and
viscoelastic properties in a single experiment are shown in
Fig. 4e, but additional replicates are shown in ESI,† Fig. S3).
At the earliest timepoints (t = 0–10 minutes, cycles 1–2), the
relaxation time constants (λ = 14.5 ± 0.4 s−1, n = 30 from 3
different devices measured 10 times each) matched the
baseline of the confluent and intact MDCK cell monolayer

Fig. 4 In situ stiffness measurement of trypsinization of the MDCK cell monolayer. (a) The raw sensor data of bare PDMS and MDCK cell coated
PDMS. Signals are overlaid to aid in visual comparisons of viscoelastic relaxation between experimental conditions. (b) Trypsinization treatment
sequence. Trypsin-EDTA incubation and the following washout, testing and imaging are considered one cycle. The complete experimental
monitoring contains 10 cycles. (c) Confocal microscopy images of MDCK cells in the microchannel during trypsinization (cells were labeled with
CellTracker™ red, Life Technologies). After the 4th cycle, the cell number drops to below 500, i.e., the threshold indicating complete cellular
detachment. Scale bar = 200 μm. (d) The raw viscoelastic relaxation data at different time points of trypsinization treatment. Signals are overlaid to
aid in visual comparisons of viscoelastic relaxation, and the blue intensity indicates time points. (e) Relaxation time constant overlaid with the
change in cell count as a function of time during trypsinization. The typical single measurement error from technical replicates is 0.4 s−1 with a
confidence interval of 95%.
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inside the channel. At later timepoints, as expected, the
trypsinization began to dissociate the MDCK monolayer,40

resulting in a decreased λ which was below 14.5 s−1 at around
t = 10–20 minutes. However, when compared to the cell
count, we observed that the layer softening occurred shortly
after observable decreases in the cell count. Continued
trypsin-EDTA solution exposure led to a further decrease of
the relaxation time constant, until the value reached that of a
bare PDMS channel (λ = 9.9 ± 1.3 s−1, n = 30 from 3 different
devices measured 10 times each). Comparing the mechanical
data with the cell count, the λ of the channel remains above
the baseline of PDMS values between 30 and 40 minutes for
a short time, even after the cell count drops to effectively zero
(<500). This is likely due to residual basement membrane
proteins, indicating that the platform can sense
contributions from the cells and extracellular proteins to the
overall mechanical stiffness of the monolayer.

In this trypsinization experiment, the loss of cells and the
digestion of ECM proteins led to an expected decrease in
stiffness. Critically, the higher resolution of our platform was
able to resolve the small mechanical changes occurring
during the trypsinization process. The concurrent stiffness
and cell count measurements captured the different stages
and the contributions of the cell body, cell–cell adhesion,
basement membrane proteins secreted by MDCK cells, and
ECM proteins to dissociation of the whole cell layer. At earlier
time points, cell loss preceded the loss in stiffness, while at
later time points, residual ECM and basement membrane
proteins had a small, but detectable contribution to the
channel stiffness where λ is ∼1.0 s−1 higher than the PDMS
baseline, even after the cells were virtually absent after 30
minutes. Compared with the rate of decrease in the
relaxation time constant (λ), the rate of cell count loss is
higher. However, compared to the earlier decrease of
relaxation time constant where λ decreased by ∼80% in 30
minutes—which is mostly due to cell count loss—the
decrease of relaxation time constant in the last 20 minutes (λ
reduced by an additional ∼20%) was more gradual when
there were virtually no cells. This suggests that MDCK cell
bodies contribute more to the monolayer stiffness than the
ECM and basement membrane proteins. Our results are in
agreement with those by Sorba et al.,41 who showed that in
MDCK monolayers, the cell covered region had a higher
relaxation time constant (10.09 ± 1.42 s−1) than the bare
PDMS region (3.18 ± 1.47 s−1), via tensile testing, and that
EDTA treated MDCK cells had a lower Young's modulus (6.86
± 3.27 kPa) than untreated cells (23.3 ± 6.3 kPa).

Thin-film correction factor for viscoelastic properties

In thin films, like the monolayer here, the apparent
viscoelastic properties are a function of the cell thickness. We
performed FEA simulations to determine the thin-film
correction factor to isolate the true (thickness-independent)
viscoelastic properties of the MDCK cell monolayer from
contributions arising from thickness and the underlying

PDMS (Fig. 5a). From our simulations, we obtained a simple
correction factor to calculate the relaxation time constant
relationship in a two-layer structure (Fig. 5b):

λtotal ¼ λPDMS þ λcell × exp 1 − a
h

� �
(6)

where a is a constant and h is the monolayer thickness.42 In
our geometries, a is determined to be 9.4 μm and λcell is 9.0
s−1. This correction factor applies to cell thicknesses ranging
from ∼10–20 μm and the relaxation time constant increases
with the layer thickness. Typically, a may be related to the
effective contact radius of the transiting droplet on the
cellular monolayer and has the same order of magnitude as
the deformation into the cell layer. However, the simulation
was in 2D, and from the displacement plot of the cell surface,
we observed that the deformation of the cell layer itself is less
than 16% of its thickness, so it is possible that a should only
be considered as a fitting parameter. Overall, while in many
experiments, the cell thickness remains almost the same and
comparative viscoelastic values could be used without any
correction factor, in cases where the cell thickness changes
significantly, eqn (6) provides a correction factor for the true
viscoelastic properties after obtaining the cell thickness
through standard confocal microscopy.

Transient viscoelastic properties during epithelial-to-
mesenchymal transition

To demonstrate in situ stiffness changes derived solely from
cellular processes like morphological changes—which do not
result in cell loss—we added an EMT inducer, HGF, in the
MDCK culture. EMT is a common disease marker, especially
in fibrosis, which results in several biochemical, biophysical
and mechanical changes.43,44 As this transition occurs slower
than trypsinization, we maintained MDCK cells in an
incubator at 37 °C and with 5% CO2 and 95% air. The only
exception to the culturing conditions is when we briefly took
cells into biosafety cabinets (room temperature, ambient
conditions, ∼2 minutes) to obtain stiffness measurements.

Fig. 5 FEA simulation with varying cell layer thickness. (a) The
relaxation portion from the viscoelastic response of the device. The
plot shows the effect of a decreasing cell thickness on the viscoelastic
relaxation, with cell thicknesses ranging from 10 μm to 20 μm. Entire
viscoelastic response shown in inset. (b) Extracted λ from the
viscoelastic data of each layer thickness. It is shown that λ increases
with the layer thickness. The red and blue boxes indicate the baseline
of the PDMS and PDMS + MDCK, respectively.
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To investigate the stiffness change due to EMT, we
simulated an in vitro EMT process in the microfluidic
channel by introduction of hepatocyte growth factor (HGF,
Invitrogen).45 We treated one group of MDCK cells with HGF
while there was no HGF treatment for the control group on
day 1. All other culture conditions were the same.46 On day 3,
we removed the cell culture medium and flowed a droplet of

PBS solution to acquire voltage signals. One droplet was
placed inside the channel and was pushed through the
channel. This process was repeated 10 times for each device.

Immunostaining images confirmed typical morphological
changes via EMT from HGF treatment (Fig. 6a). In agreement
with prior reports,47,48 we observed the downregulation of
E-cadherin and upregulation of vimentin expression. We also

Fig. 6 Epithelial-to-mesenchymal transition (EMT) induced by hepatocyte growth factor (HGF). (a) Representative immunostaining images of
untreated and HGF treated MDCK cells inside the channel on day 3 showing DAPI, E-cad, F-actin and vimentin. The change of E-cad and vimentin
expression indicates EMT. Scale bar = 20 μm. (b) The raw voltage data from the strain sensor for different treatments on the cell layer. Signals are
overlaid to aid in visual comparisons of viscoelastic relaxation. (c) Relaxation time constant comparison between untreated and HGF-treated MDCK
cells. The HGF treated group shows a lower value of λ, indicating a softer cell layer. MDCK cells cultured for 7 days show a higher relaxation time
constant than MDCK cells cultured for 3 days. Statistical analysis was performed using Student's t-test (*p < 0.05, ***p < 0.001, with a confidence
interval of 95%). All quantitative analyses were conducted on data sets in which n ≥ 10. Error bars represent the standard error of the mean (SEM)
from multiple repeats.
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observed differences in cell packing and cell morphology:
untreated MDCK cells displayed a cobblestone morphology
as a closely packed cell monolayer with E-cadherin staining
colocalizing at the areas of lateral cell–cell contacts. In
contrast, in the presence of HGF, the MDCK cells adopted a
spindle-shaped morphology and vimentin expression was
significantly higher. HGF-treated MDCK cells have a lower
value of the relaxation time constant (λ = 9.6 ± 0.9 s−1 n = 30
from 3 different devices measured 10 times each) than the
untreated group (λ = 12.2 ± 1.2 s−1, n = 30 from 3 different
devices measured 10 times each, Fig. 6c). This indicates that
the HGF treated MDCK cell layer is softer than the untreated
cells. This is expected for the following reasons: in untreated
MDCK cells, polarized cells interact with the basement
membrane through integrins and are held together through
adherent junctions.49,50 During EMT, the overall monolayer
stiffness decreases due to weakened cell–cell adhesions and
rearrangements in the cytoskeleton. Adherent junctions
degrade and are replaced by proteins that provide greater
junctional flexibility.51 This is shown by the diminished
presence of E-cadherin localized to the periphery of the cells as
punctuated dots because mesenchymal cells lack apico-basal
polarity, which further shows morphological rearrangement
upon EMT. Previous studies showed that the presence of
vimentin networks reduced the effective cytoskeletal mesh size
and decreased the viscoelastic relaxation time constant (λ) of
the cytoskeleton, resulting in a softer cell layer.52

As part of our controls for this experiment, we also
obtained the viscoelastic evolution of untreated MDCK cells
during growth and monolayer formation. The relaxation time
constant increases from the baseline of PDMS on day 1 to
that of a confluent MDCK cell monolayer on day 7, as
expected (Fig. 6c).

To confirm that the stiffness changes are due to
differences in cell phenotype and not compromised cell
metabolism, we performed a PrestoBlue assay (Fig. S4†). The
result showed that there was no significant difference in
metabolic activity between cells cultured with and without
HGF, indicating that the relaxation time constant change was
only due to phenotypic changes. Cell detachment also had
negligible contributions to the relaxation time constant and
stiffness. EMT has been linked to significant cytoskeleton
remodeling that weakens cell–cell adhesions but strengthens
cell–matrix adhesions.52 Unlike MDCK cells treated with the
trypsin-EDTA solution, HGF treated MDCK cells are more
resistant to the shear force from fluid flow and are unlikely
to detach from the PDMS channel wall.

Conclusion

In this study, we developed a microfluidic system that leverages
elastohydrodynamic phenomena to measure the viscoelasticity
of cellular monolayers at both short (∼minutes) and long
(∼days) time scales. The EHD phenomenon has a higher
sensitivity compared to other techniques likely due to the
Boussinesq-like dependence of substrate deformation on

additional layers (here, represented by the cells). As the sensor
is placed near the interface, at a distance of a similar length
scale to the cellular monolayers, small changes in monolayer
size or mechanical properties lead to large changes in the
substrate and sensor response. By using EHD, we obtained a
baseline on MDCK cells with a 30-fold reduction in the noise.
This improved resolution made it possible to make direct
mechanical measurements of monolayer integrity
(trypsinization) and morphological changes (epithelial-to-
mesenchymal transition). The short-term trypsinization
experiments showed that both the cell body and extracellular
matrix proteins contribute to the mechanical integrity of the
monolayer, as expected. The long-term epithelial-to-
mesenchymal transition experiments validated that epithelial
monolayers become softer after EMT due to weakened
intercellular adhesion. Throughout both experiments, the
platform required minimal adjustments to cell culturing
protocols and had significantly shorter acquisition times
compared to AFM and other optics-based techniques. This
minimal handling and data acquisition time made it easier to
maintain cell culturing conditions, like sterility. In principle,
this platform now enables simultaneous labeling and long-time
monitoring of viscoelasticity in the field of drug screening and
disease pathogenesis. Time resolved data could provide a
method to investigate the kinetics of diseases which manifest as
changes in stiffness. Similarly, the kinetics of drugs or
exogenous transcription factors which impact stiffness could
also be resolved. This platform would be especially useful in cell
types and processes where the stiffness is expected to change,
like in sepsis in vascular tissue or fibrotic processes in epithelial
cells. Considering the ease of integration of the platform, which
can be taken or removed from incubators as easily as any
culture flask, the platform is well-suited to investigate temporal
evolution with environmental effects like hypoxia. While we
focused on monolayers here, we expect that the platform can be
extended to thin films, including cells encapsulated in synthetic
matrices. Given the wide use of cellular monolayers and
importance of intercellular adhesions in diseases ranging from
fibrosis and sepsis to cancer metastasis, among others, this
platform will enable rapid monitoring of phenotypic changes in
viscoelasticity for use in both basic biology and drug discovery.
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