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Miniature Heart Cell Force Transducer System
Implemented in MEMS Technology

Gisela Lin*, Roy E. Palmer, Kristofer S. J. Pister, and Kenneth P. Roos

Abstract—A fully submersible force transducer system for use
with isolated heart cells has been implemented using microelec-
tromechanical systems (MEMS) technology. By using integrated
circuit fabrication techniques to make mechanical as well as elec-
trical components, the entire low-mass transducer is only a few
cubic millimeters in size and is of higher fidelity ( 100 nN and 13.3
kHz in solution) than previously available. When chemically acti-
vated, demembranated single cells attached to the device contract
and slightly deform a strain gauge whose signal is converted to an
amplified electrical output. When integrated with a video micro-
scope, the system is capable of optical determination of contrac-
tile protein striation periodicity and simultaneous measurement
of heart cell forces in the 100-nN to 50- N range. The average
measured maximal force was max = 5 77 2 38 N. Nor-
malizing for the cell’s cross-sectional area, max/area was 14.7
7.7 mN/mm2. Oscillatory stiffness data at frequencies up to 1 kHz
has also been recorded from relaxed and contracted cells. This
novel MEMS force transducer system permits higher fidelity mea-
surements from cardiac myocytes than available from standard
macro-sized transducers.

Index Terms—CMOS, force transducer, heart cell, MEMS, mi-
cromachining, micromechanical.

I. INTRODUCTION

T HE MEASUREMENT of contractile force in the N
range from isolated ventricular heart cells (cardiac my-

ocytes) is crucial to the fundamental understanding of function
in normal and diseased heart. The complicated organization
of the heart precludes all but the simplest measures of cardiac
function. Isolated cardiac myocytes provide a simplified model
that can more directly be related to the molecular structures
responsible for contraction and its regulation. However, current
transducer technology has limited mechanical measurements
from cardiac myocytes [1]–[10]. Commercially available force
transducers are relatively large and must be placed outside the
cell’s saline bath. Cell attachment can only be achieved with
relatively complex massive structures (e.g.: pipettes, needles,
fibers, troughs, plates, or paddles), which are subject to surface
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tension forces that are likely greater than that of the cell’s force
[2], [7]. These factors inherently limit “macro” transducer
force measurements to frequency ranges of no more than a few
hundred hertz.

Microelectromechanical systems (MEMS) technology offers
the ability to shrink the entire force transducer down to a size
comparable to that of a single heart cell. MEMS uses mate-
rials and fabrication techniques derived from integrated circuit
technology to create micro-scale machines composed of me-
chanical components in addition to the traditional electronics
[11]. Submersing a miniaturized device into the cell’s saline
bath increases measurement fidelity and reduces the noise of
the system by decreasing attachment arm mass and eliminating
the surface tension artifact.

MEMS technology without electronic transduction has been
recently applied to evaluate the mechanical characteristics of
isolated skeletal muscle myofibrils [12], [13], but full-featured
MEMS devices have not been previously employed to evaluate
passive or active contractile function in any type of muscle
preparation. Recently tungsten needles attached to steel foils
were used to record isometric forces and rate constants of
force development from isolated cardiac myocytes. Although
the force transducer has a resonant frequency in the 2–3 kHz
range, the force sensing apparatus is only partially submerged.
Also, input mechanical length perturbations are limited to
frequencies well below the resonance frequency in order to
avoid unstable oscillations [14].

The design of a useful MEMS force transducer must address
several criteria to permit the study of mechanical properties of
mammalian cardiac myocytes. It is desirable for the device to
have a mechanical bandwidth in the kilohertz range so that os-
cillatory and transient analyses of force can be achieved with
high fidelity. The device must also permit a transmitted light
path through the cell to visually monitor its ends, attachment in-
tegrity, and length during a contraction. Furthermore, the device
should exhibit minimal compliance so that the cell length does
not change significantly during a contraction unless desired.

This paper describes a miniaturized, fully submersible force
transducer system implemented in a technology that satisfies
these criteria. Initial prototypes were implemented in polycrys-
talline silicon (“polysilicon”) with a visual deflection readout
that was limited by a high beam compliance and finite video
image resolution [15], [16]. Therefore, subsequent prototypes
implemented in a complementary metal–oxide–semiconductor
(CMOS) fabrication process incorporated on-chip strain gauges
and amplification electronics to achieve a voltage readout [17],
[18]. The design described in this report integrates three-dimen-
sional (3-D) microstructures and signal processing electronics
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onto a single chip, (2 mm)in size. A full range of tests has
been performed on this low-mass, disposable transducer with
and without cardiac myocytes. With this device, direct force
and oscillatory stiffness data from relaxed and activated cardiac
myocytes exceed the fidelity obtained with standard “macro”
transducers and demonstrate the potential for considerably im-
proved mechanical measurements of cardiac myocytes or other
cell types using MEMS-based transducers.

II. THEORY

A schematic diagram of the MEMS force transducer system
is shown in Fig. 1. The heart cell ends are attached to the
transducer beams using silicon dioxide (“oxide”) clamps.
One of these oxide beams incorporates a strain gauge made
of polysilicon, which is a piezoresistive material changing
resistance when mechanically deformed. Thus, when the cell
contracts, the sensor beam bends, activating the strain gauge;
the opposite beam is immobilized. The strain gauge serves
as the variable resistor in an on-chip Wheatstone bridge. The
bridge converts the change in strain gauge resistance into a
change in voltage which is then amplified on-chip for recording
off-chip.

Force in muscle cells is generated by the interaction between
the contractile proteins, actin and myosin, which form a molec-
ular motor. They are organized within sarcomere units of par-
allel contractile filaments that are visible as cross-striations in
an optical microscope (see Fig. 10) [19]. Although the maximal
force from individual molecular motors is approximately the
same within a given muscle, the maximal force from different
heart cells is variable depending upon the number of force gen-
erators in cross-section [2], [7], [8]. Thus, in order to relate me-
chanical data from cells of different sizes to their fundamental
molecular source, measured force must be normalized to the
cross-sectional area of the cell. As an approximation, the my-
ocyte cross section was estimated as an ellipse with a major axis
to minor axis ratio of 1.25 : 1 [8]. The area of the cell cross sec-
tion was then

(1)

where is the measured width of the cell’s major axis.
In terms of the device characteristics, various parameters of

the transducer system can be theoretically estimated. For ex-
ample, the spring constant of a single fixed-free cantilever beam
is described by [20]

(2)

where
beam thickness 3.05 m;
beam width 20 m;
beam length 100 m;
elastic modulus of silicon dioxide 0.73 10 Pa
[21].

Theoretically, the spring constant of this single fixed-free oxide
cantilever beam is 10 N/m.

Fig. 1. Schematic diagram of the force transducer system. See the text for
details on its principle of operation.

The equation of motion describing a damped oscillator with
no external force acting on the oscillator once it is in motion is
[22], [23]

(3)

where the natural undamped angular frequency and
the damping ratio described by

(4)

where measured, damped frequency. The on-chip system
response is determined by starting with the theoretical response
of a Wheatstone bridge with one variable resistor from basic
mechanics, circuit theory, and models for piezoresistance [20],
[24], [25]

(5)

where
output voltage of the bridge;
input voltage driving the bridge;
input force that deforms the piezoresistor (variable
resistor);
gauge factor of the polysilicon piezoresistor;
beam thickness;
beam width;
beam length;
elastic modulus of the oxide beam.

For design purposes, a gauge factor of20 was used, meaning a
1% change in strain produces a 20% change in resistance. Thus,
with 1 V driving the bridge, the theoretical bridge response is
0.22 mV/ N. Multiplying by the gain of the on-chip ampli-
fier (in this case 12), the predicted on-chip system response is
2.6 mV/ N.

The threshold of force resolution (device sensitivity) is de-
termined by the noise level in the system. Noise produced by
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Fig. 2. SEM photo of the device, without encapsulation. The microstructure
on a quartz coverslip is flipped over the edge of the wafer revealing the cavity
left behind after etching. In this photo, a fixed (dried) heart cell is glued between
the oxide clamps. The base of the lower beam contains a piezoresistive strain
gauge connected to the Wheatstone bridge circuit via the aluminum hinges. Gold
wirebonds transfer the electrical signals on and off the chip.

the on-chip electronics can be theoretically estimated by simu-
lating these components with a simulation program with inte-
grated circuit emphasis (SPICE) which considers both flicker

and thermal (Johnson) noise [26]. SPICE estimated the
noise variance to be 20V. Thus, the on-chip “noise envelope”
is 0.12 mV, assuming the envelope is three variances wide on ei-
ther side of the signal. These estimates are conservative in terms
of the actual noise that will be measured since there are other
sources of noise that are not accounted for, such as burst noise
and noise generated in the device package. However, dividing by
the theoretical on-chip system response (2.6 mV/N), the noise
envelope corresponds to a theoretical minimum resolvable force
of 46 nN.

III. M ETHODS

A. Device Fabrication

Devices were batch fabricated using a commercial CMOS
process [27]. In this process, thin films of polysilicon, oxide,
and metals are grown or deposited on a silicon substrate that can
also be selectively implanted with ions to locally alter the elec-
trical properties. Both mechanical and electrical components are
created by strategically patterning the thin films and ion-im-
planted areas of the substrate via photolithography and chem-
ical etching. The patterned layers and substrate are connected at
specific sites to form electrical interconnect pathways, resistors,
strain gauges, and transistors.

The individual devices on the chip are physically separated
via wafer dicing. A single device, about 2 mm2 mm in size,
is then attached to a quartz coverslip [0.86 in0.86 in 0.01 in
(Dell Optics, Inc., Fairview, NJ)] using 5-min epoxy. This cov-
erslip had ten aluminum lines previously patterned on it via pho-
tolithography and E-beam aluminum evaporation. The chip was
wirebonded directly down to these lines providing ten electrical
signals to and from the device (see Fig. 5). Fig. 2 shows an SEM

(a)

(b)

Fig. 3. Aluminum hinges. (a) Schematic diagram of the fabrication and
assembly of an aluminum hinge. Aluminum traces are patterned through
an etch window which is exposed silicon substrate. XeFetchant undercuts
the oxide plates and aluminum traces. Hinge assembly involves bending the
aluminum by lifting the attached oxide pad with a probe. (b) SEM photo of an
unassembled, double layered aluminum hinge.

micrograph of the MEMS force transducer system including a
Wheatstone bridge, amplifier, cantilevered beams, strain gauge,
cell, clamps, and the wires for input power and output signals.
Since the silicon substrate of the chip base is opaque, the beam-
clamp assemblies are cantilevered off the side of the substrate
to permit transmitted light to pass through the cell for imaging.

B. Release Etching

Following device preparation, the mechanical microstructure
of the device is freed for assembly by “release etching” the sil-
icon substrate. The etchant, XeF, will preferentially etch sil-
icon and polysilicon layers over the oxide and aluminum layers
under vacuum conditions. Thus, polysilicon strain gauges are
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(a)

(b)

Fig. 4. Illustration of clamp assembly sequence. (a) SEM of the structure
before assembly, immediately after XeFrelease. (b) Diagram of the structure
after assembly, but before cell attachment. The four groups of aluminum hinges
on one of the arms are numbered in both (a) and (b).

preserved if completely encased in the appropriate thickness
of oxide. An array of 20 20 m “etch holes” allowed the
etchant access to the silicon substrate underneath leaving a scal-
loped etch “pit” after release (Fig. 2). The microstructure release
method and apparatus are detailed by Chu,et al. [28].

C. Hinge Fabrication

To make a 3-D MEMS microstructure with cantilevered
beams and clamps, simple hinges (Fig. 3) were created from
the metal layers [29]. Device assembly involved bending
freestanding aluminum beams by lifting the oxide pads with a
probe [Fig. 3(a)]. This aluminum beam functions as a hinge by
remaining deformed after bending and leaving the oxide pad
vertical to the substrate. To prevent microstructure misalign-
ment, hinges are forced to bend along predetermined edges
by patterning a first layer of aluminum underneath a portion
of a second layer of aluminum. With this double-metal hinge
approach [Fig. 3(b)], the first metal layer only extends partially
through the hinge, stiffening one edge relative to the other. The
aluminum hinges can also function as electrical pathways.

Fig. 5. Diagram of the holder and insert used with the transducer during
cell experiments. The insert is placed in the chamber only after successful
completion of cell attachment. See the text for details.

D. Microstructure Assembly and Device Packaging

All microstructure assembly was done manually using four
sharp tungsten needle probes (Cascade Microtech Inc., Irvine,
CA) and an optical microscope mounted on a Wentworth probe
station (Wentworth Laboratories, Brookfield, CT). Fig. 4(a)
shows the structure immediately following release etching,
but prior to assembly. The hinges are numbered on one side.
To assemble the microstructure, hinges #1, #2, and #3 were
folded 90 while hinges #4 were folded 180to flip the entire
microstructure off the edge of the wafer [Fig. 4(b)]. The top
flaps (60 65 m) of the clamps were folded outwards at hinge
#2 to facilitate cell attachment. The beams (from #2 to #3) are
100 20 3.05 m. Hinges #3 and #4 also served as electrical
interconnects to the strain gauge. Specific parts of the device
are coated using 5-min epoxy, silicone rubber, and nail enamel
for electrical isolation. Following encapsulation, output wires
were attached along one edge of the quartz coverslip (Fig. 5)
using conductive silver epoxy (Epo-Tek H20E Conductive
silver epoxy, Epoxy Technology Inc., Billerica, MA).

E. Experimental Chamber Design

The experimental chamber consisting of a coverslip holder
and insert was machined out of acrylic (Fig. 5). The insert has a
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small oval chamber (2.5 7 1.5 mm) holding about 26l of
liquid with solution exchange ports at each end. It was designed
so that the output wires emerge out one side of the chamber.
Vacuum grease (Dow Corning silicone stopcock grease, Mid-
land, MI) was applied to function as a barrier to fluid leakage
and secure the coverslip to the inner surface of the holder.

F. Heart Cell and Solution Preparation

Cardiac myocytes were prepared fresh each experimental day
from adult rat ventricles subject to retrograde coronary artery
perfusion (Langendorff) with 0.1% collagenase (Worthington
Biochemical Corp., Freehold, NJ, type 2) in Joklik minimum es-
sential medium (Irvine Scientific, Irvine, CA) at pH 7.4 [6]–[8].
Following 10–20 min of perfusion, the cells were isolated by
mincing and mechanically agitating the left ventricle in relaxing
solution [6]. These cells were demembranated (skinned) for ex-
periments by adding 1% ultrapure Triton X-100 detergent to the
relaxing solution for 20 min. The cells were washed to remove
any traces of detergent and attachment to the transducer imme-
diately followed. All cells were used within the first four hours
after extraction to eliminate any possible cellular deterioration.

The contractile level of the demembranated (skinned) heart
cells was precisely controlled for these experiments using re-
laxing and activating solutions previously detailed [6]. The cells
were maintained for all experiments in relaxing solution at pH
7.4 and pCa 8. To make the maximal activating solution (pCa

4.5), premixed 0.1M CaClstandard (CIBA-Corning Diag-
nostic Corp, Medfield, MA) was added to relaxing solution in
the ratio 1 : 10. Intermediate pCa levels were formulated by pro-
portional mixing of the relaxing and maximal activating solu-
tions. All chemical components used in solutions for cell prepa-
ration and the experiments were purchased from Sigma Chem-
ical Company (St. Louis, MO) unless otherwise noted.

G. Cell Attachment

Fig. 6 illustrates the steps for cell attachment. Starting with
the device in the holder and the clamp plates open [Fig. 4(b)],
silicone sealant was applied to each plate surface using a needle
probe [Fig. 6(a), step 1]. Then cells in relaxing solution were
introduced into the chamber. A cell of appropriate length was
chosen and mounted between the clamps [Fig. 6(a), step 2].
The top plates were rotated to close down upon the cell ends
[Fig. 6(a), step 3]. Since the microstructure is very delicate, a
small coverglass is used to support the bottom plates to facili-
tate attachment without beam or clamp breakage.

Fig. 6(b) is a SEM photo of the device after the cell attach-
ment. For this micrograph, the device is not encapsulated, the
cell is fixed, and the numbered hinges correspond to those in
Fig. 4. After cell attachment, the insert (Fig. 5) was placed in the
chamber. The holder with the complete transducer and cell was
transferred to the imaging system for data acquisition. These
devices are designed for one time use only since they are encap-
sulated and the living cells irreversibly glued to the clamps.

H. Test Setup and Imaging System

Cell experiments were conducted using a microscope and
video imaging system mounted on an air-suspension table. The

(a)

(b)

Fig. 6. Cell attachment steps. (a) The attachment procedure starts with
applying glue to the open clamps (step 1). Then a cell of appropriate length is
placed between the clamps (step 2) with the aid of a support platform. Finally,
the clamps are closed around the cell ends (step 3). (b) SEM of the device after
the cell is attached. The hinge numbers correspond to those in Fig. 4.

holder with the device, insert, and cell was bolted down to a
two-axis micromanipulator (Melles Griot, Irvine, CA) for–
positioning over the optical axis of an inverted water immersion
40 X microscope objective lens (Zeiss, Germany) as shown in
Fig. 7. -axis objective positioning with a third micromanip-
ulator provided focus. A light emitting diode positioned above
the experimental chamber transilluminated the cell and trans-
ducer arms. Video image data were visualized on a monitor and
recorded on tape or laser disk for later analysis [30].

Following the attachment procedure, the cell was usually
slack between the clamps due to the difficulty of attaching a
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Fig. 7. Schematic diagram of the experimental setup. The holder sits on top of an inverted microscope lens with camera underneath to image the cell. Bathing
solutions are pumped in manually through the input line and out via a suction tube placed at the top of the chamber. The suction tube also controls the level of
the solution meniscus. Output wires emerge from underneath the insert to interface with power supplies, off-chip electronics, and the data acquisition system. The
array of tungsten needle probes (each attached to a three-axis micromanipulator mounted around the experimental chamber) is not shown for simplicity.

cell during the assembly process. Since this is not the normal
condition in the heart [2], [7], it was necessary to remove any
slack by moving the clamps further apart. Thus, after installa-
tion on the microscope system, an external needle probe was
inserted into the clamp opposite the arm with the strain gauge.
This crude method not only took up the slack and stretched the
cell to an appropriate length, but it also immobilized this end.
Hence, the entire force was sensed by the arm containing the
strain gauge.

Activating and relaxing solutions were manually pumped
through the input line into the chamber (Fig. 7). A glass suction
tube was placed at the top of the chamber to remove excess
fluid and maintain a constant solution meniscus level for a
steady focus of the cell image during solution changes [6].

I. Image Analysis

Stored video image data were digitized using a PC-based
frame-grabber system. These data were subsequently filtered,
contrast-enhanced, and analyzed to obtain cell length (trans-
ducer clamp spacing) and sarcomere striation pattern periodicity
using custom software [30]. At the relatively low magnification
used for these studies, the system had a spatial resolution of ap-
proximately 5 pixels/m ( 0.20 m). Both the cell length and
sarcomere striation periodicity (sarcomere length) were contin-
uously measured during each experiment.

J. Force Measurements and Signal Processing

To obtain a usable voltage signal representing cell force
from the transducer arm deflection, the signal changes from the
Wheatstone bridge needed to be amplified and processed on and

off the chip (Fig. 8). Since functional integration of the on-chip
electronics, the folded microstructure, and the interconnect
hinges was a major goal in device development, the on-chip
electronics were kept extremely simple. The on-chip amplifier
is composed of nine transistors (differential input stage, biasing
transistors, and output stage). Due to the lack of a gain stage,
the on-chip gain was very low (12) and additional gain was
needed. A low-noise operational amplifier (MAX427, Maxim
Integrated Products, Sunnyvale, CA) and a simple resistor and
capacitor filter were added off-chip. The off-chip electronics
were configured to have a maximum gain of 511 and a filter
roll off at 7.2 Hz to achieve a measurable change in output
voltage. However, the gain and roll-off could be easily adjusted
by changing the resistors R1 and R2, respectively (see Fig. 8).

The Wheatstone bridge was biased from0.3 V to 1.3 V,
and the on-chip amplifier was biased from 3.2 V to6.8 V.
These biasing rails were chosen to achieve an on chip signal
centered at 0 V to utilize the full dynamic range of the off-chip
electronics. For the transducer evaluations with attached cells,
the off-chip gain was typically reduced to 325 so that the output
signal would remain within the 5 V input range of the data
acquisition system. All signals were recorded for analysis with
either a digital oscilloscope (HP 54 600B, Palo Alto, CA) or
with a computer equipped with a LabVIEW data acquisition and
control system (National Instruments, Austin, TX).

Prior to a contraction experiment, beam displacement versus
output voltage was recorded for each device by manu-
ally deflecting the sensor beam using a separate probe and mea-
suring the change in output voltage in air (without cell) and so-
lution (with cell in the clamps) [18]. Even though the cell is
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Fig. 8. Schematic diagram of the on-chip and off-chip electronics. The
indicated bias voltages were used to center the output voltage to around 0 V,
allowing optimal use of the system’s dynamic range during data acquisition.

present, it had no effect upon this type of “on-site calibration.”
Using these data and the calibrated spring constant of the beam,

could be directly correlated to force.

K. System Response and Beam Calibration

The beam containing the piezoresisitive polysilicon strain
gauge (Figs. 2 and 6) was calibrated using a standard “macro”
force transducer, the Cambridge 406A (Cambridge Technolo-
gies, Watertown, MA 02172) [6], [8], [9]. The Cambridge
transducer was used to apply a known force to the beam
by directly interfacing its glass tip to the end of the MEMS
transducer beam. The change in output voltage of both the
Cambridge and the MEMS force transducers was recorded
simultaneously for various amounts of applied force. The
Cambridge force transducer was calibrated separately by
hanging wires of known weights off the force transducer. Its
response was 13 mV/N and was linear [6]. The change in
Cambridge output voltage was then converted to applied force
and plotted versus the corresponding change produced in the
MEMS system output voltage to determine the MEMS system
response. In a separate experiment, the MEMS beam was
deflected with a probe in air, and the corresponding change
in output voltage was recorded. By dividing the slope
of the best-fit line in the versus deflection curve by
the slope of the versus force curve, an estimate of the
beam’s spring constant for each device was obtained.

L. Mechanical Bandwidth Measurements

To determine the beam’s mechanical bandwidth, it was
deflected approximately 10 m and quickly released. The
deflection was achieved using a needle probe attached to an ex-
ternal piezoelectric disk (Radio Shack, #273-091B, Ft. Worth,
TX 76102). The beam was released when a programmed step
voltage delivered to the piezoelectric disk caused the needle to
quickly move to the side and cleanly disengage. This action
allowed the beam to “flick” back to its normal position with a
resulting oscillation. The MEMS system output response was
recorded using a digital oscilloscope.

M. Oscillatory Data

To perform the oscillation experiments with attached cells,
the needle probe from the piezoelectric disk was inserted into
the clamp opposite the sensor beam (instead of the manual
length adjustment probe used in the maximal force study).
Using the digital oscilloscope to record the MEMS system
output response, sinusoids of various frequencies and of a few
microns in longitudinal displacement (1%–2% cell length)
were delivered to perturb the cell. The off-chip gain was set
to 511, and the roll-off of the filter electronics (Fig. 8) was
changed to 1800 Hz. Then, steady state “snapshots” were
taken at frequencies ranging from 10 Hz to 1800 Hz under
both relaxing and activating conditions. Though separate tests
revealed nonlinearities in the piezoelectric disk’s frequency
characteristics, it was deemed acceptable for preliminary cell
oscillation experiments up to 1.8 KHz.

IV. RESULTS

A. Transducer Characteristics

Averaging over eight devices, the measured MEMS system
response was 0.81 0.16 V/ N. Dividing by the gain of the
off-chip amplifier (511), the on-chip system response was 1.6

0.31 mV/ N. Averaging over eight devices, the calibrated
spring constant of the beam was 2.80.42 N/m. In general, the
system response was linear with a small amount of scatter that
can be attributed to a variety of sources. One potential source
was slippage or variation in contact interface between the pol-
ished and rounded Cambridge glass pipette tip and the MEMS
beam. Other sources of scatter could arise from electronic noise
or temperature sensitive variations in either transducer system.

The unfiltered output responses of the mechanical bandwidth
tests in air and water are shown in Fig. 9(a) and (b). The mechan-
ical bandwidth estimated from the cycle time of the oscillations

was approximately 30.3 KHz in air and 13.3 KHz in water.
The natural frequencies were 30.3 KHz in air and 13.7 KHz
in water (via nonlinear curve fitting of the data in Fig. 9). The
corresponding damping ratios [by (4)] were 0.0081 in air and
0.24 in water. These levels of damping are negligible, indicating
that the beam is close to resonating in both environments under
these experimental conditions.

The damping force can be derived from the analytical values
of mass, , and in air and water along with the velocity of the
beam. From the data in Fig. 9, the beam velocity was estimated
to be 0.17 m/s in air and 0.031 m/s in water. The damping force
is described by the second term in (3), and the values inferred
from these data are 46 nN in air and 500 nN in water. Since
a heart cell’s shortening velocity is less than the speed of the
beam in this test (0.008 m/s), the damping force it experiences
is about 100 nN. Compared with the micronewton forces ex-
pected from the cells, this level of damping force should not
hinder clamp and beam movement through the saline bath.

The measured output noise of the whole device was typically
0.1 V peak-to-peak. Dividing by the off-chip gain (511 for these
tests) and ignoring the off-chip noise, the measured on-chip
“noise envelope” is 0.2 mV. Dividing by the measured on-chip
system response, the analytical minimum resolvable force is
roughly 100 nN. With an off-chip gain reduction to 325 (i.e., the
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(a)

(b)

Fig. 9. Step response of the beam in (a) air and (b) water. See the text for
details.

off-chip gain used for cellular force measurements), the system
noise level was about 0.2-V peak-to-peak and corresponded to
a 180-nN force floor. This is comparable to the minimal resolv-
able force attainable through commercial force transducers such
as the Cambridge 406A when attached to cells [6].

B. Maximal Force Measurements

Chemically skinned cardiac myocytes were attached to the
clamps of this device and their forces measured under controlled
steady state and oscillatory conditions. Fig. 10 shows a digi-
tized video image of an attached cell at rest and at the peak of a
chemically activated contraction. The optical system permitted
imaging of the attachment clamps for cell length determination
and the sarcomere striation pattern for sarcomere length deter-
mination.

Force development data was recorded from eight skinned car-
diac myocytes. Fig. 11 illustrates a complete activation–relax-
ation sequence from the cell shown in Fig. 10. At point A, in-

(a)

(b)

Fig. 10. Images of attached cell. (a) Attached cell in relaxing solution,
clearly showing the sarcomere striation pattern. (b) Same cell during maximal
activation showing a less distinct striation pattern and cell shortening. A probe
is inserted in the left clamp (not shown) to immobilize that beam and take up
cell slack. The force sensor is on the right side.

fusion of the activating solution (pCa 4.5) was initiated. The
spike corresponds to the initial burst of fluid on the transducer
beam. After a 4-s delay due to solution transit time and chamber
mixing, the cell contracted, developed force, and the transducer
output voltage rose. Activating solution was continuously in-
fused into the chamber until point B (Fig. 11). The relatively flat
nature of the plateau segment demonstrates the system’s min-
imal noise and drift and the effectiveness of the fluid exchange
system. The output voltage dropped slightly at point B because
fluid inflow was stopped during this period. The force transient
at point C (Fig. 11) corresponds to the resumption of fluid flow
with relaxing solution. After another 4-s delay, the cell relaxed
and the output voltage returned to its starting position. The small
force spike just prior to the relaxation was a consistent feature
in these studies. The exact cause of this spike is unclear, but it
could be due to some solution mixing issue or the initial phase
of relaxation eliciting some degree of cell elongation to a more
forceful level along the ascending limb of the force-length rela-
tionship. Based on the DC level shift in the trace in Fig. 11, the
calibrated maximal force generated by the cell was 9.8N. The
average over 15 trials on eight cells was 5.772.38 N.

The measured width of each cell was taken to be the major
axis of the ellipse for this calculation. Using (1), the average
value obtained for /area was 14.7 7.68 mN/mm. Image
analysis determined that the average sarcomere length was 1.99

0.13 m at rest and 1.39 0.16 m at maximal contraction.
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Fig. 11. Force data obtained from cell shown in Fig. 10. From the left prior to
point A, the cell is relaxed. At point A, the infusion of activation solution (pCa
= 4.5) is initiated. After about 4 s, the force rises rapidly to a plateau. Infusion
ceases at point B while the stopcock is switched to relaxing solution. Reinfusion
starts at point C. Relaxation follows in about 4 s with the force rapidly returning
to a stable baseline level.

C. Cell Oscillation Experiments

Cells were longitudinally oscillated at frequencies ranging
from 10 Hz to 1800 Hz. Fig. 12 shows snapshots of such data
from relaxed and fully activated cells oscillated at 1 KHz. The
qualitative differences in the magnitude of the output trace de-
flections indicate that the fully activated cell was about 15–20
times stiffer than under the relaxed condition. At lower frequen-
cies, the contracted cell produced force output waveforms that
were periodic from 10 Hz to 100 Hz and then consistently sinu-
soidal from 100 Hz–1800 Hz, while those of the relaxed cell
were very noisy at frequencies from 10 Hz to 100 Hz, then
roughly sinusoidal from 100 Hz to 1800 Hz.

V. DISCUSSION

The measured on-chip system response was less than that pre-
dicted by theory (1.6 0.31 mV/ N versus 2.6 mV/N). This
discrepancy most likely arose from the nonrigid beam support
structure that has flexibility. Theory assumes that the beam sup-
port is completely rigid. The calibrated beam spring constant
was also less than that predicted by theory (2.80.42 N/m
versus 10 N/m). The difference may arise from the fact that the
actual beam consists of multiple layers of four different oxides
and a piezoresistor at the base, which would likely function dif-
ferently than a slab of pure silicon dioxide as assumed in the
theoretical estimate. In addition to the nonrigid beam support,
this may also explain the discrepancy between theoretical and
measured system response as well as the variability in system
response.

The estimated mass of the beam and clamp is 8.610 Kg,
assuming the beam is composed of a single slab of oxide and the
density of oxide is 2.5 g/cm[31]. Using the calibrated spring
constant (2.8 N/m) and the mass, the expected mechanical band-
width is 28.7 KHz, which is close to the experimental result

in air. Theoretically the natural frequency should not change
with environment. Assuming the spring constant is independent
of environment, the analytical results indicate that the mass of
the structure has increased by a factor of 4.4 in water. This is
analogous to having a boundary layer of water 13m thick
completely surrounding the beam and clamp. Presumably this
boundary layer of water is effectively contributing added mass
to the microstructure, which decreases the resonant frequency.

The measured on-chip noise envelope (0.2 mV) is larger
than theory predicts (0.12 mV), as expected. However, this
value is sufficiently low being less than 1% of the expected
maximal forces generated by typical cardiac myocytes (0.2 mV
corresponds to a minimum resolvable force100 nN via the
measured on-chip system response). Also, this indicates that a
large portion of the output noise comes from the low-frequency
noise in the on-chip electronics, as the theoretical SPICE
simulations modeled Johnson and noise in the on-chip
electronics. Other sources of noise may include contributions
from the packaging or the random thermal cooling effects of
the solution environment that surrounds the strain gauge.

The measurements of absolute and normalized forces in car-
diac myocytes are slightly less than, but comparable to those
found by our own and other groups studying steady-state con-
tractile characteristics of cardiac cells [1], [2], [4], [6], [10].
This discrepancy can be largely attributed to several factors.
First, there was a greater MEMS beam compliance than antici-
pated which permitted cell shortening to less optimal sarcomere
lengths. At these very short sarcomere lengths, much less force
development is expected along the ascending limb of the car-
diac length-tension relationship [2], [7], [19]. Second, the glue
(silicone sealant) had an inherent compliance that could permit
a fair amount of internal shortening in the cell. The amount of
glue compliance varied from device to device since it was ap-
plied by hand. Additionally, the cell ends were not always opti-
mally positioned in the clamps, which may result in partial cell
slippage, striation pattern nonuniformity, and reduced recorded
force. However, attachment and compliance issues are being
addressed by redesigning the microstructure to include stiffer
beams and a triple-plate hinged clamp. Superior adhesives are
also being identified.

Compared with other macrosize transducers, the MEMS
transducer described in this report should provide up to two
orders of magnitude improvement in fidelity in solution (13.3
KHz). This improvement in fidelity is achieved without com-
promising sensitivity or noise levels. The overall performance
of these MEMS devices will enable more sophisticated oscilla-
tory stiffness or force/length transient analyzes to be performed
on cardiac myocytes. Such studies can potentially reveal
fundamental aspects of force generation and other mechani-
cally related function in cells at the molecular level. With the
important advances in molecular genetics and its relationship
to cardiac diseases, such evaluations of simple cellular models
like myocytes will assist in our fundamental understanding of
heart function and dysfunction. Although a full range of studies
were not performed here, the high-frequency data obtained
from oscillating cardiac myocytes confirm that this new MEMS
design permits cell measurements at higher fidelities than
previously available with standard macro-transducers.
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Fig. 12. Oscillatory force data. The voltage scaling for the relaxed cell force (upper pair) output is a factor of ten greater than for the activated cell (lower pair).
These panels show recordings of the input voltage to the piezoelectric disk and the corresponding MEMS sensor output responses from a living cell oscillated at
1 KHz. The piezoelectric disk is attached to the clamp opposite the sensor bean. An increase in piezoelectric voltage (lower trace of each pair) moves this clamp
toward the sensor clamp, thus shortening the cell. The upper trace of each pair is the MEMS transducer output voltage; an increase in voltage reflects sensor clamp
movement toward the cell. Thus input peaks correspond to output valleys.

VI. CONCLUSION

The studies described above have utilized a disposable, fully
submersible force transducer system implemented in MEMS
technology specifically designed for use with a single, living
heart cell. The scale of such devices is ideal for the study of
many cell types or selected sub-cellular structures whose dimen-
sions lie in the 25–250m range. This cell force transducer was
successfully operated with cardiac myocytes in a saline bath sur-
viving multiple solution exchanges under steady-state and os-
cillatory conditions. The fidelity of the data exceeds that previ-
ously achieved in a variety of cardiac myocyte studies published
by others using macro-transducers [1], [4], [5], [14]. With a res-
onant bandwidth of 13 kHz in solution, this ultra-low mass de-
vice shows the potential for MEMS technology in the physiolog-
ical assessment of mechanical forces in cardiac myocytes and
other cell types under a wider variety of conditions and at higher
fidelities than previously possible. Finally, such micromachined
devices can be used to measure or probe a variety of cell types
beyond force measurements from motile systems. These efforts
could include the mechanical assessment of cytoskeletal com-
ponents, mechanotransduction in intact or cultured cells, and si-
multaneous mechanical and electrophysiological measurement
via integrated patch clamping.
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