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Abstract—We report on the use of electrochemical impedance
(EI) as the basis for force transduction in Parylene-based microdevices. Electrolyte-filled microstructures were realized for extremely sensitive contact-force detection (10 mN range, ±0.023 mN
resolution) enabled by EI-based transduction and are a promising platform for next-generation biomedical sensing technology.
The design, fabrication, and characterization of Parylene-based
electrochemical-MEMS (EC-MEMS) devices capable of microNewton contact-mode force measurement are presented and
discussed.
[2011-0040]
Index Terms—Biomimetic, contact sensor, electrochemicalMEMS (EC-MEMS), electrochemical sensing, electrochemical
transduction, force sensor, impedance-based sensor, liquid encapsulation, liquid impedance, mechanotransduction, Parylene C.

Fig. 1. Model of single sensor unit. A compliant electrolyte-filled Parylene
microchamber enables EI-based force measurement. The sensor is fluidically
coupled and open to the external environment through the fluidic access ports
and channels.

I. I NTRODUCTION

is a common approach; however, these technologies often lack
the force sensitivity required for the most sensitive applications
(0.01–1 mN), and are geared toward general surgical gripping
and grasping requiring force sensitivity in the range of 0.1–
11 N [25]. Traditional silicon-based techniques (cantilevers,
diaphragms, combs) often require additional encapsulation techniques to protect the sensors from wet environments, and the
requisite packaging can often prohibit practical implementation
[26]. Furthermore, protective elastic coatings reduce sensitivity
and function as low-pass spatial and temporal filters [27].
To address these challenges, we previously demonstrated the
use of Parylene as a substrate to fabricate flexible, electrolytefilled microstructures for sensing and actuating applications
[28], [29]. The use of Parylene brings improved mechanical
coupling over traditional materials for applications involving
intimate contact with biological tissues. The combination of
microfluidics, electrochemistry, and mechanics form the basis
of electrochemical-MEMS (EC-MEMS) technologies that
present a promising platform for next-generation biomedical
sensors. Here, we report on the development of a Parylenebased EC-MEMS sensor capable of microNewton contactmode force transduction.

P

ARYLENE has gained popularity as a polymer material
across various fields of research due to its versatility, conformal room temperature deposition, favorable mechanical and
electrical properties, and biocompatibility (USP Class VI). The
ability to micromachine Parylene has led to its use in sensors
[1]–[4], actuators [5], [6], and various microfluidic components
and systems [7]–[10]. This combination of attributes makes
Parylene attractive for many biomedical applications. In this
paper, we demonstrate the use of fluid-filled Parylene microstructures for highly sensitive force measurement intended
for biomedical applications.
A variety of biomedical force sensing technologies exist
[11]–[13]; however, oftentimes the underlying operating mechanisms (capacitive, electrostatic, piezoresistive, optical), developed for nonbiological applications, remain the same [14], [15].
As a result, these techniques can be difficult to implement
in practical applications where they could be most beneficial.
Biomedical force measurement is of particular interest to areas
such as tactile feedback for minimally invasive surgery [12], tissue health diagnostics [16]–[18], surgical tool instrumentation
[19], and real-time monitoring of acute applied pressures during
delicate surgical procedures in the eye [20]–[22] or brain [23],
[24] (e.g., retinal or cortical implant procedures). The use of
elastomeric materials functionalized with conductive particles
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II. D EVICE D ESIGN AND O PERATION
The core of the device consists of a circular microchamber
structure filled with a conductive aqueous electrolyte and a
pair of microfabricated thin-film electrodes in contact with the
electrolyte solution (Fig. 1). Additional microfluidic channels at
the base of the chamber provide a pathway for fluidic coupling
between the microchamber interior and the external environment. A pair of electrodes is located opposite one another on
the interior perimeter of the chamber to maximize the path
length over which electrochemical impedance (EI) measurements are taken. A circular diaphragm design was selected here
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Fig. 2. (a) Electrochemical impedance transduction principle. (b) The electrical equivalent circuit model of the electrode–electrolyte interface.

for simplicity, however, additional sensor geometries are easily
realized given that the impedance sensing technique can be
applied between any electrode-pair arrangement provided that
a fluid path exists. The use of Parylene C and thin-film platinum
in the device construction enables the fabrication of flexible
films with excellent biocompatibility. The sensors are ready to
use after fabrication and, except for electrical connections, no
additional materials or packaging processes are required at the
sensor’s mechanical interface.
The device is fluidically coupled to the external environment
and therefore requires immersion in an aqueous medium for
operation. This requirement, is however, compatible with the
wet conditions usually encountered when working with soft
tissues. Filling is accomplished by immersion in the operating
environment, allowing the surrounding fluid to fill the chamber
and function as the working electrolyte. The application of
external forces on the chamber surface deforms the compliant fluid-filled structure and redistributes the enclosed fluid
[Fig. 2(a)]. Variations in the volumetric conductive path of
current-carrying ions in the fluid register as a change in the
measured EI. In this manner, volumetric variations of an encapsulated electrolyte can be correlated to mechanical contact
forces exerted by external sources on the sensor. The resulting
impedance changes contain information about the magnitude of
the externally applied force.
A. Electrochemical Considerations
The electrical equivalent circuit of the two-electrode system,
depicted in Fig. 2(b), is based on the simplified Randles model
where the parallel combination of the double layer capacitance
(Cdl ) and charge transfer resistance (Rct ) describes phenomenon at each electrode interface. Many electrochemical sensing
applications employ potentiometric and amperometric detection techniques where changes to the electrode surface properties (due to binding and adsorption of species in the solution)
are used as the basis for detection. Here, however, we apply a
conductometric technique where characteristics of the solution
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(namely solution resistance) are leveraged for transduction, and
interfacial phenomena occurring at the electrode surface are
less important. Details regarding the electrochemical interface
and associated surface phenomena have been well studied
and can be found throughout the electrochemistry literature
[30]–[34]; only a brief treatment relevant to the application
presented here is provided.
EI is measured through application of a small alternating current (or voltage) across the thin-film electrodes and tracking the
corresponding voltage (or current). These measurements can be
performed with very little power (< 100 μW) and produce only
reversible electrochemical species. Consequently, hydrolysis of
the electrolyte does not occur so long as the magnitude of the
applied AC signal is maintained within the “water-window” of
the electrode material (∼1.4 Vpp for platinum) where current is
generated though reversible faradaic reactions. At sufficiently
high frequencies, typically > 1 kHz, the contribution of the
interfacial components (Cdl and Rct ) to the overall impedance
is minimized as the capacitive reactance of Cdl becomes small
(1). A limitation to this assumption often arises in the use
of microelectrodes where electrode surface areas can be very
small, thus increasing the reactance of Cdl appreciably. This is
typically a concern for sharp point-tip electrodes where noise
and attenuation can significantly impact measurement of small
signals

Z(w) = Rs +

2Rct
.
1 + jwRct Cdl

(1)

The value of Cdl per unit area for bright platinum at 1 kHz
has been measured to be about 20 pF/cm2 [35]. The exposed
area of each platinum electrode used here is 55 × 25 μm
(1375 μm2 ) yielding a capacitance of 275 pF at 1 kHz. The
values of both Rct and Cdl are in fact not constant as suggested
by the model, but have been empirically found to vary with
frequency scaling as 1/f 0.5 [36]. Thus, by appropriate scaling,
the capacitance value becomes 123 pF at 5 kHz and yields a
capacitive reactance of 260 kΩ which is in line with values
reported in the literature. Electrode impedances up to 5 MΩ
are not uncommon and have been utilized extensively in singleunit neuronal signal recording. For instances in which the electrode impedance becomes significantly larger, for example with
very small tip electrodes, platinization of the electrode surface
through electrodeposition has proved effective in dramatically
increasing surface area. An effective increase of 30–40 times
over smooth platinum has been reported [20], [37], [38]. The
charge transfer resistance, a parameter often difficult to measure experimentally, captures the resistance to changes in the
equilibrium current within the double layer when an external
potential is applied. It is generally considered to be the difference between the electrode impedance at very low frequency
(< 0.1 Hz) and the solution resistance and is typically very high
(10–100 MΩ). This assumption was verified by a parametric fit
of the EI spectrum of several thin-film electrodes using standard electrochemical analysis software (Gamry Instruments,
Echem Analyst) yielding Rct values in excess of 30 MΩ.
At the frequency utilized here (5 kHz), Rct does not make
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Fig. 3. Multilayered Parylene-based fabrication process performed at low temperature (90 ◦ C).

an important contribution to the overall electrode impedance
(relative to the capacitive reactance of Cdl ).
It should also be noted that the exact values of Cdl and
Rct are of secondary importance given the use of a single
measurement frequency at which these parameters can be
considered constant. Conductometric variations (eg. solution
resistance) are therefore the main source of changes to the
measured impedance. The use of a low conductivity electrolyte,
such as deionized (DI) water (< 10 μS/cm), further ensures
that the solution resistance is the dominant parameter in the
measured impedance value. Consequently, the impedance response can be approximately modeled as a simple classical
resistance RS , where ρ is the resistivity of the electrolyte, l is
the distance between the electrodes, and A is the cross-sectional
area of the fluid between the electrodes (2). The impedance
is, therefore, inversely proportional to the cross-sectional area
between the electrodes and is directly analogous to a variable
“fluidic” resistor. This phenomenon enables the transduction
and measurement of physical stimuli acting on the electrolytefilled chamber
Δ|Z|f >1 khz ≈ ΔRS =

ρl
.
ΔA

(2)

The length scale over which such an approximation is valid is
determined by the characteristic Debye length which accounts
for surface interactions occurring at the electrode surface. These
include adsorbed ions on the metal surface which form the
Helmholtz double layer and nonspecifically adsorbed ions in
the adjacent diffuse layer. This length is also dependent on the
concentration of solvated ions and decreases with increasing
ionic strength. For a typical salt solution (eg. saline), this
distance is < 10 nm but can range up to ∼950 nm in the case
of pure water [34], [39]. Beyond this region exists the bulk
solution (i.e., homogenous charge distribution) and extends
until a second electrode is encountered. For a two-electrode
system in which the bulk solution resistance serves as the core
transduction mechanism, the minimum electrode separation
distance over which (2) is valid is estimated to be on the order
∼2 μm for low conductivity electrolytes and ∼20 nm for a high
conductivity electrolyte. An electrode separation of ∼175 μm,
utilized here, provides sufficient bulk solution to satisfy this
assumption under a variety of working electrolytes.

B. Device Mechanics
Due to the circular chamber geometry, the force–deflection
response most closely follows that of a pressure-loaded circular diaphragm with fixed edges. Although these boundary
conditions are not strictly met due to slight deformation of the
chamber sidewalls, the analytical results of this model sufficiently describe the sensor response. By adjusting parameters
such as membrane thickness t, diaphragm radius a, and height
h, the force–deflection performance can be easily tuned for a
particular range (3) [40]:
P =

16
Et3
7 − u Et 3
y0 +
y
2
4
3(1 − u ) a
3(1 − u) a4 0

(3)

where y0 is center deflection, u is Poisson’s ratio, E is modulus
of elasticity, and P is pressure (assumed to be uniformly applied force distributed over surface area). Adjusting the sensor
height will set the maximum deflection range of the sensors
and impose an upper limit to the applied forces before the
membrane touches down onto the substrate below. As will be
discussed later, the effect of the integrated fluidic channels and
ports only becomes significant if they are occluded or blocked.
The most significant factor to the mechanical behavior is the
viscous damping imposed by the surrounding solution which
limits operation to low frequency (< 200 Hz).
III. D EVICE FABRICATION
The entire fabrication process was realized at relatively low
temperatures (90 ◦ C) which enables its use on a variety of
polymer substrates and facilitates adoption in temperaturesensitive processes (Fig. 3). Standard surface micromachining
techniques were employed on a standard soda lime substrate
(500 μm thick). First, Parylene was deposited (10 μm) on a
wafer optionally treated with A-174 adhesion promoter (Specialty Coating Systems, Inc., Indianapolis, ID). The adhesion
promoter facilitated handling of test devices which were diced
into 1 cm2 dies for characterization purposes and ensured
adhesion to the substrate. Platinum electrodes (2000 Å) were
deposited in an electron beam evaporator and patterned by
lift-off using an image reversal photoresist with a negative
sidewall profile (1.5 μm, AZ 5214-E, AZ Electronic Materials,
Branchburg, NJ). Next, a Parylene insulation layer (1 μm)
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Fig. 4.
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(a) Optical micrograph of single device [41] and (b) scanning electron micrograph of device structure ([10] © IEEE 2010).

was deposited. Insulation over the electrodes was removed
by reactive ion etching in oxygen plasma (100 W, 100 mT)
utilizing a photoresist mask (4 μm, AZ 4400, AZ Electronic
Materials, Branchburg, NJ). Photoresist (2–4 μm, AZ 4400,
AZ Electronic Materials, Branchburg, NJ) was then spun-on
and patterned forming a sacrificial mold for the fluidic access
ports. This was followed by Parylene deposition (2 μm) and
selective etching of Parylene over the fluidic port openings and
electrode sites.
Removal of the photoresist etch mask proved to be difficult
at this point due to the exposed fluidic port openings and
resulted in erosion of the underlying sacrificial structures.
Directly spinning an additional layer of photoresist on top
of the existing etch mask at a calibrated speed enabled
successful patterning of a second sacrificial photoresist layer
(AZ 4620, AZ Electronic Materials, Branchburg, NJ) to form
the microchamber mold (18–21 μm height, 200 μm diameter).
A thorough softbake of this layer was essential to avoid solvent
degassing and to minimize rounding of chamber features
during the following steps. A final layer of Parylene (4.2 μm)
was then deposited comprising the membrane and sidewalls
of the chamber structure. The Parylene was etched using a
10–12 μm thick etch mask (AZ 4620, AZ Electronic Materials,
Branchburg, NJ) to re-open the fluidic access ports on the
exterior of the chamber exposing the underlying photoresist
allowing for access and removal by immersion in baths of
acetone and isopropyl alcohol. Due to the nonplanar structures
during this final etch step, a thicker mask was necessary to
prevent mask erosion and unwanted etching of the top edges
of the chamber. Following a 24 h soak in the solvent baths, the
devices were transferred to a DI water bath for rinsing (∼6 h)
and finally placed in a bath containing the desired electrolyte
solution. Removal of sacrificial materials, rinsing, and filling
occurred simultaneously across multiple devices in a waferlevel batch process. The Parylene film was optionally released
from an untreated soda lime substrate by cutting with a razor
blade, a process which was facilitated by immersion in water.
Fig. 4(a) is an optical micrograph of a device following
removal of the sacrificial photoresist and filling with DI water.
Fig. 4(b) is a scanning electron micrograph of a device prior
to removal of any sacrificial materials showing the chamber
protruding from the surface of the Parylene film. A thin layer of
gold has been evaporated over the samples for scanning electron
microscopy to avoid excess charging of the Parylene film.

IV. E XPERIMENTAL M ETHODS
Test dies containing several devices were diced from a soda
lime wafer substrate and mounted on a custom printed circuit
board (PCB) with a cyanomethacrylate adhesive. Electrical
connectivity to PCB-mounted dies was established by wirebonding prior to removal of the sacrificial photoresist contained
within the devices. A water-proof marine epoxy was then
applied underwater and served two purposes: 1) insulation
of the wirebond connections and 2) formation of a well to
contain electrolyte such that devices were submerged during
testing. Insulating the wirebonds was critical to avoid shorting
of leads when the well was filled with electrolyte. This step
was performed underwater to prevent devices from drying and
collapsing due to stiction when exposed to air. Outside the
well, electrical connections were soldered to contact pads and
were kept dry during testing. The PCB-mounted devices were
maintained in DI water for 24 h to allow full curing of the
epoxy well. Although the ionic content of DI water is low, it
is still capable of functioning as an electrolyte with a solution
resistance typically in the 0.5–2 MΩ range. Various other
solutions could function as an electrolyte, for example, human
blood, body fluids, and cell culture media are all compatible
with EI measurements [42].
Experiments were conducted on a floating optical table and
controlled via a custom LabVIEW interface (National Instruments, Austin, TX) providing both control and measurement
capability. PCBs were mounted onto an X-Y positioning stage
secured to the optical table. Force measurements were acquired
with a 50 g load cell (LCFA-50, Omega Engineering, Stamford, CT) mounted to a computer-controlled micropositioning
stage providing accurate z-axis positioning capability (Z812,
Thorlabs, Newton, NJ) (Fig. 5). This enabled real-time contactmode force measurement during application of user-defined
deflection profiles. EI measurements were acquired (5 kHz,
1 Vpp ) concurrently by a precision LCR meter (E4980A, Agilent Inc, Santa Clara, CA) and logged by LabVIEW software.
A flat, polished probe tip measuring 500 μm in diameter
was attached vertically in line with the load cell. The probe
tip provided a defined contact surface large enough to deflect
the entire sensor surface Fig. 6(a). Alignment of the tip was
performed visually through an optical microscope attached to a
goose-neck CCD capture device for flexibility. Contact between
the probe tip and sensor was verified by concurrent increases
in the measured force and impedance prior to application of
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Fig. 5. Experimental setup. A load cell with attached probe tip was mounted to a motorized micropositioning stage with sub micrometer Z-axis positioning
capability. Deflection experiments were performed with sensors completely submerged.

A. Finite-Element Modeling

Fig. 6. (a) Flat polished probe tip mounted to load cell used for uniform
deflection across entire sensor footprint. (b) High resolution force probe (3 mm
long, 50 × 50 μm) with microNewton resolution (Femtotools). Smaller probe
provides high resolution force measurements not possible with the standard
load cell and approximates deflection characteristics under a central point force.

user-defined deflection profiles. For high resolution force measurements, a silicon force probe (50 × 50 μm tip) with microNewton force resolution was utilized (ST-150, Femtotools
HmGb, Zurich, Switzerland). The smaller probe head allowed
for precise force measurements applied centrally on the sensor
surface Fig. 6(b). Assuming that a centrally applied point force
F can be translated to an evenly distributed pressure P over a
membrane of radius r through the relation F = P πr2 , it can
be shown that a centrally point-force-loaded diaphragm will
deflect four times that of uniformly loaded diaphragm [40]. This
relation provides a useful and approximate basis for comparison
between high resolution measurements and those performed
with the load cell. High resolution force measurements were
attained up to a maximum of 3000 μN (the probe overload
limit).
V. R ESULTS AND D ISCUSSION
The typical deflection profile consisted of a constant velocity
(2 μm/s) downward deflection followed by release, with a dwell
time of approximately 3 s at the maximum deflection. This
profile was repeated twice for each depth between 6 and 18 μm
in increments of 2 μm [Fig. 7(a)]. During sensor deflection,
temporal responses of both force and impedance were recorded
at a sampling rate of 4 Hz. Over a period of several minutes,
these responses were robust and repeatable with deflection
steps clearly discernable through elevated impedance and force
measurements [Fig. 7(b)].

A nonlinear finite-element model (FEM) of the Parylene microchamber was developed and tested to model its
force–deflection performance (COSMOSWorks 2009, Dassault
Systèmes SolidWorks Corporation, Concord, MA). A nonlinear
model provided greater accuracy in capturing sensor dynamics
outside of the small deflection range. Typical values reported in
the literature for thin-film Parylene were utilized for this model
[43]. Forces in the range of 10 mN (applied normally over the
full sensor contact surface) indicated deflections of 10–12 μm
or approximately 50% of device span and agree quite well
with experimental results (Fig. 8). Compared to the analytical
solution for circular diaphragms, the FEM simulation produced
larger deflections for a given force which is reasonable given
the fixed, rigidly clamped boundary conditions assumed by the
analytical solution.
Experimental data was attained using a load cell which
provided a large force measurement range but low precision
particularly at small loads which may account for some of
the discrepancy between the experimental data and the FEM
particularly in the range below 5 mN. Another source may
arise from the model assumption of a strictly normal application of force on the diaphragm throughout the deflection
range. This is somewhat different experimentally as slight
deviations from normal are expected as diaphragm curvature
is introduced. Yet, another possible source is the introduction
of a slight convexity to the diaphragm which is not captured
in the FEM model. It is reasonable to expect some slight
deviation from an ideally flat diaphragm when utilizing very
thin flexible films filled with solution. At low convexity ratios,
in the region of small deflection (< 2 μm), the response is
characterized by a very close (or slightly lower) deflection
than predicted followed by a region of greater deflection than
predicted by the models [40]. The net result would be a noticeably steeper gradient than predicted in the region below
5 mN. The response curve at large deflection would remain
largely unaffected. Nevertheless, these models are useful in
providing an estimate of the range of loads expected over the
full range of sensor deflection. Although the simulations and
analytical models do not capture any coupling between the fluid
and sensor microstructures, the measured responses still agree
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Fig. 7. (a) Typical deflection profile. Deflections were performed twice at each depth and incremented by 2 μm after each cycle. (b) Typical force and impedance
response measured concurrently during deflections cycles. Load cell force response is shown with typical region of interest for high resolution measurements
indicated.

Fig. 8. Nonlinear finite-element simulation of the force–deflection loading response. Comparison of theoretical, simulated and measured force–deflection
responses (mean ± SE, n ≥ 10).

Fig. 9. (a) Normalized deflection as a function of radial distance from the center of the sensor. Shaded area indicates cross-sectional area calculated for one
deflection curve (membrane touch-down). The dependence of normalized cross-sectional area with maximum center deflection is shown in the inset. (b) Theoretical
curve and representative data demonstrating the relationship between impedance and deflection.

quite well with both simulated and analytical solutions. This
suggests that for the aqueous electrolytes, surface tension and
viscosity have a minimal effect on the mechanical performance
of the sensor under static conditions. At higher loading frequencies, these factors will likely play a larger role in the sensor
dynamics but their effects under these conditions were not
investigated here.

B. Force Response
The ability to accurately track deflections using EI ultimately
determines the resolution and sensitivity of this approach.
Membrane deflection as function of radial distance r is shown
in Fig. 9(a) for several levels of increasing force. The dependence of cross-sectional area on central membrane deflection (y0 , r/a = 0,) is highlighted in the inset. With all other
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Fig. 10. Impedance–force responses as measured with load cell and large probe tip. (a) Impedance–force curves of a single sensor. Two deflection cycles are
performed at each deflection depth. (b) Average responses of five unique devices in 0–10 mN force range. Averaged points were interpolated from data. Error bars
include loading/unloading hysteresis (mean ± SE, n ≥ 8).

parameters constant, the cross-sectional area is directly proportional to deflection, (A ∝ ky0 ) where k is a negative constant
that depends on a and h. The impedance however, is an inverse
function of the cross-sectional area between the electrodes,
as per (2), (|Z| ∝ 1/A), and therefore also varies inversely
with sensor deflection (|Z| ∝ 1/y0 ). The impedance response
is therefore expected to vary nonlinearly in similar fashion
to capacitance-based sensors that utilize electrode separation
as the measurement variable. EI-based tracking of deflection
proved to be robust and repeatable Fig. 9(b). Without utilizing
any additional signal conditioning techniques, it was possible
to resolve membrane deflections at submicron levels (typically
250 nm) yielding a calculated minimum force resolution of
±22.5 μN. Although this relationship is inherently nonlinear,
it is clear that impedance provides an accurate and reliable
method for tracking sensor deflection.
Plotting real-time impedance–force data generates characteristic response curves capturing sensor behavior during loading/unloading cycles. The data were repeatable and robust
with maximum forces measured up to 79 mN at full sensor
deflection. Impedance–force curves at various levels of deflection for a single sensor are provided in Fig. 10(a). The
impedance–force response was reproducible and repeatable
over fourteen deflection cycles. The most sensitive range of
measurement was found below 8–10 μm of deflection coinciding favorably with a region of linearity and minimal hysteresis.
Beyond this range, impedance–force response demonstrated
built-in hysteresis likely due to viscoelastic deformation of
the Parylene. FEM modeling of Von Mises stresses at these
elevated deflection values indicated stress magnitudes near the
yield strength of Parylene (59 MPa) [43] and provided an
indication of the practical limits for completely elastic sensor
operation. It is worth noting that following an initial rapid
increase where response is quite linear, the impedance response
plateaus beyond about 10 μm of deflection coinciding with the
nonlinear region of the force–deflection curve.
A similar characteristic response was observed across five
unique sensors tested with a minimum of eight deflections
cycles each [Fig. 10(b)]. Maximum changes in the nominal
impedance ranged 35–60 kΩ (measured in the plateau region
> 3000 μN) over steady-state impedance values. An average

TABLE I
P ERFORMANCE OF F IVE U NIQUE S ENSORS W ITH DI WATER
AS W ORKING E LECTROLYTE

sensitivity of 10.6 ± 3.7 Ω/μN (mean ± SD, n = 5) was
measured in the linear region of operation (< 3000 μN).
A summary of key performance parameters is provided in
Table I. Although individual sensor responses were quite consistent, some variation was observed between individual sensors. The average nominal value of the resting impedance was
1.11 MΩ(n = 5) but ranged from 0.5–1.8 MΩ. Variation in the
maximum normalized sensor response was also observed and
ranged between 4% and 10%. These differences are thought
to arise from photoresist residue remaining in the chambers
which can impact the conductivity of the medium. The removal
process is diffusion limited, and although sufficient time was
allotted for near complete removal across a majority of devices,
some residue was still visible in a few devices. Further variability may also be introduced during fabrication, specifically in
controlling membrane thickness and sensor height from batch
to batch.

C. Diaphragm Convexity
Device performance is a function of several factors including
membrane thickness, device diameter, and convexity [40]. The
effect of diaphragm convexity was clearly noted by the response
of devices that underwent hard-baking following the patterning
of the chamber sacrificial layer. It is well known that additional
baking results in photoresist reflow and consequently, more
rounded features. The additional baking step therefore results in
a convex photoresist sacrificial layer for the chamber as verified
by surface profilometry. This shape is replicated in the Parylene
chamber diaphragm and results in a response with very different
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Fig. 11. Force–deflection data attained with high resolution force probe. (a) Convexity was observed following the addition of a baking step during fabrication.
Representative data for one loading cycle with a high resolution force probe is shown. Error bars indicate time-averaged force values for each 2 μm deflection step
applied (mean ± SD, n ≤ 20). The generalized characteristic response of a convex diaphragm is provided in the inset. (b) Response of flat diaphragm provided
for comparison.

Fig. 12. High resolution force and impedance responses of two individual sensors during a loading/unloading cycle (2 μm step increments). Data were acquired
at 4 Hz. (a) Sensor response with unobstructed fluidic access. (b) Sensor response with obstructed fluidic access, provided for comparison.

characteristics. Convex diaphragms exhibit significant hysteresis including a dead-band region over which “snap action” occurs. Snap action is characterized by a sudden step-like increase
in deflection at a threshold force level. However, this “snap”
point occurs at different points during the loading/unloading
cycle resulting in the observed hysteresis. Measurements with
the high resolution force probe were particularly useful in
capturing the convexity effect which was evident only at low
force levels and indicated nearly 5 μm of travel prior to the
snap point for the sensor tested [Fig. 11(a)]. It should be
noted that the initial distance required to reach the snap point
must be accounted for when comparing to the force–deflection
curves of a flat diaphragm [Fig. 11(b)]. Due to the smaller
probe tip used for these measurements, the magnitude of the
forces generated is expected to be approximately 3–4 times
smaller than those generated under the large tip condition. This
characteristic response was observed over four separate runs
on one device. For force sensing applications, this behavior
is generally undesirable; however, it may be useful in other
applications such as push-buttons and threshold detection. The
response can be tailored by controlling the bake time and thus
convexity ratio of the diaphragm.

D. Temporal and Frequency Response
The effective spring constant of the diaphragm was estimated
from the small deflection response and measured to be approximately 266 N/m. The resonant frequency fn of the Parylene
diaphragm with a clamped edge boundary condition in air was
calculated to be fn = 811 Hz as determined by the relation
1/2
where σ is the density of the
fn = 9.22 t/a2 [E/σ(1 − μ2 )]
diaphragm material [40]. A more accurate value accounts for
the viscous damping of the fluid surrounding the diaphragm.
Scaling by (1 + β)−1/2 , where β = 0.699(σf a/σh) and σf /σ
is the density ratio of the fluid to diaphragm material, yields
a resonant frequency of 222 Hz. It is expected that further
accounting for the hydraulic resistance across the two access
ports will reduce this value even further. However, given that
there was no observable time constant in the data that were
acquired at a rate of 4 Hz [Fig. 12(a)], a conservative estimate
would place the nominal value of the resonance frequency on
the order of 10–50 Hz, which in most cases is sufficient for
tracking forces generated in surgical settings over time scales
of minutes to hours. The flow resistance through channels/port
structures was not found to be a significant factor to proper
device operation under the conditions of interest; clear step-like
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responses were observed during both deflection and release.
Further characterization would however be necessary to fully
assess the frequency response under rapid loading/unloading
cycles.
In some cases, however, the force response exhibited a
clear time constant during both deflection and release. The
value of the time constant was estimated from the data to be
10–12 s [Fig. 12(b)]. This was assessed by applying discrete
deflection/release steps in 2 μm increments. The slow-adapting
behavior was most notable in the force response; however, it
was also observed in the impedance response during the release
cycle. The observed behavior was attributed to flow constriction
through the fluidic access ports and possible port collapse. It
is important that fluid flow into and out of the structure is
not impeded so as to not inhibit the mechanical behavior of
the chamber. Occlusion or insufficient opening of the fluid
access ports during fabrication significantly altered the desired
mechanical behavior. Additional channels or larger ports may
help in reducing the chance of failure due to blockage as well
as reducing the effects of hydraulic resistance.
E. Applications and Additional Considerations
To our knowledge, this is the first demonstration of force
measurement utilizing EI as the basis for transduction within
a microdevice. This technique was previously demonstrated
for robotic tactile sensing applications at larger scales with
biomimetic models of the human digit [44] but required advanced signal conditioning to extract force and feature information. Compared to other polymer-based approaches, EI-based
transduction provides a new alternative to resistive and capacitive techniques [45], [46]. A significant advantage over conventional elastomeric approaches is the potential for reducing
crosstalk between sensor elements. Because the sensors are
independent and not embedded within a bulk material, the
lateral crosstalk encountered by embedded approaches is significantly reduced. Silicon-based approaches also predominantly
use capacitive or piezoresistive transduction and have produced
a variety of sensor technologies. Many of these technologies
have been introduced for tactile feedback as part of minimally
invasive surgery applications with some success [12]; however, packaging and flexibility issues remain. The combination
of sensitivity and simple packaging afforded by fluid-filled
impedance-based sensors provides an attractive alternative to
these technologies.
For neural prosthetic applications involving the implantation
of devices into the brain, spinal cord, or retina, very few sensor
solutions exist. The integration of sensor technology for such
applications could assist in improving implant design, material
selection, and the understanding of biomechanical interaction
at these interfaces. Many neural prosthetic applications employ
small probes [47], flat electrode arrays, or flexible substrates
[20], [22] making integration of existing sensor technologies
into these systems challenging. The Parylene-based technology
presented here addresses the need for biocompatibility, waterproofing, and a packaging approach tailored to the working
environment. Force measurement capability below 1 mN is also
desirable because the nervous tissues of the body are known

to be some of the softest [48], [49] with Young’s modulus
values typically in the 1–20 kPa range. Impedance-based force
sensors offer a unique sensing approach to these operating
conditions. A potential limitation to the current approach lies
in the Parylene-Parylene interfaces which can be susceptible to
delamination if soaked for an extended period of time. Annealing of the Parylene films above the glass transition temperature
has proved useful in addressing this issue but was not performed
here; however, no such delamination was observed during the
course of our experiments. Although Parylene was selected as
the structural material in this design, other materials such as
silicones or polyimides could potentially be used in conjunction
with the impedance-based sensing technique to realize novel
sensor designs.
VI. C ONCLUSION
Fluid-filled Parylene-based microstructures were designed,
fabricated, and demonstrated for high sensitivity force measurements. A low temperature fabrication process was developed
utilizing multilayered Parylene structures and stacked sacrificial photoresist. This technique requires minimal packaging
and utilizes the ambient operating solution as the basis for
electrochemical measurements. Impedance-based transduction
of externally applied forces was shown to be a highly sensitive measurement technique as is compatible with liquid
environments. The small form factor, flexible substrate, ease
of integration, and highly sensitive response provides a useful
combination of features making these sensors attractive for use
with biomedical force sensing applications.
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