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Parylene-Based Electrochemical-MEMS Transducers
Christian A. Gutierrez, Member, IEEE, and Ellis Meng, Senior Member, IEEE

Abstract—We report the design, fabrication, and characterization of electrochemical microelectromechanical systems
(EC-MEMS) devices featuring encapsulated fluid as the basis
for transduction. Parylene microstructures, including discrete
chambers (square or circular geometry), are utilized as physical transducers for electrochemically mediated liquid impedance
transduction of physical phenomenon such as contact and force.
Parylene-based EC-MEMS technologies uniquely leverage advantages in size (< 500 μm diameter), packaging (no hermetic packaging necessary), power (nanowatts to microwatts), and flexibility
to address the physical sensing requirements of in vivo applications. Robust EC impedance (EI) sensor responses (up to 20%
from base-line) and discrimination of 200-nm chamber deflections
were possible using the EI transduction technique. Additional
transducer configurations enabling electrolysis-based out-of-plane
actuation and biomimetic mechanotransduction in microfluidic
channels are also presented.
[2010-0157]
Index Terms—Biomimetic, contact sensor, electrochemical
microelectromechanical systems (EC-MEMS), EC sensing, EC
transduction, electrolysis actuation, force sensor, impedance-based
sensor, liquid encapsulation, liquid impedance, mechanotransduction, Parylene C.

I. I NTRODUCTION

E

LECTROCHEMICAL (EC) transducer technology is well
established and used in a variety of applications. Electrochemically based sensing, for example, is broadly applied to
fields ranging from analytical chemistry to macromolecular and
cellular detection and analysis [1]. It was extensively applied
in capillary electrophoresis-based systems for macromolecular characterization of deoxyribonucleic acid and neurotransmitters [2]–[4] and gained popularity as a microfluidic-based
sensing and actuation scheme for lab-on-a-chip and micro total
analysis systems technologies [1], [5]–[7]. EC sensing was
perhaps most famously utilized in the invention of the Coulter
counter, by Wallace H. Coulter, in the late 1940s [8], which
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utilizes the EC Coulter principle for particle detection and
analysis.
Despite the widespread use in such biological and chemical analysis systems, EC sensing technology has seen little
application in other modes of transduction particularly that
of physical quantities such as contact detection, force, and
pressure. The inherent simplicity and sensitivity of EC transduction lend itself well to physical transduction applications.
Monitoring fluid response to an external physical stimulus via
EC impedance (EI) requires only the interfacing of electrodes
with the electrolyte fluid and the application of low-power electrical measurement signals; both are easily realized in standard
microelectromechanical systems (MEMS) devices. However,
to date, EI-based sensing has been exploited only in limited
applications. Large-format EI-based tactile sensors for robotics
have demonstrated detection of multiple parameters, including
point contact, force, direction, object shape, and texture [9]–
[11], and bubble-based hydrostatic pressure transduction was
shown within microfluidic channels using EI-based transduction [12]. EC-based physical transduction is an emerging field
ideally suited to the unique tools and capabilities of MEMS
fabrication techniques. EC-MEMS technology leverages the
ability to precisely pattern and define features (both electrical
and mechanical) at the micrometer scale and the proven capability of microfluidic technology to realize novel transducer
modalities.
Polymer-based EC-MEMS is of particular interest for its potential application to in vivo settings where sensing of physical
parameters such as contact, force, pressure, and strain must
occur in a compliant low-modulus wet environment. These
conditions are particularly difficult for standard transduction
techniques, such as piezoresistive or capacitive, which generally cannot operate in wet conditions and often require hermetic packaging. Quantification of parameters such as contact
force and pressure is of particular importance for neuromodulation technologies such as epiretinal electrode arrays for
retinal prostheses that intimately contact nervous tissues at
scales below 500 × 500 μm2 [13], [14]. Excess mechanical
loading of sensitive tissues, such as retina, can lead to adverse
effects, including mechanical insult and apoptotic cell death
[15]–[17]. Thus, understanding the extent of this acute and
chronic contact is critical to maintaining tissue viability, device
efficacy, and overall functionality. However, the magnitude of
this mechanical interaction has not been quantitatively studied
and is currently unknown. There is evidence that suggests that
micronewton-to-millinewton forces can be expected [18]–[21];
however, measurement of these interfacial forces in situ requires novel sensor technology. Polymer-MEMS sensors based
on EI transduction offer a novel approach with many advantages, including improved mechanical matching to tissue (in
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Fig. 1. Model of Parylene-based EC-MEMS device. An electrolyte-filled
microchamber forms the core of the transducer, and an in-line stiction valve
provides liquid encapsulation capability. The stiction valve, as depicted, is open.
(Device layout adapted from [23].)

contrast to rigid materials such as silicon and glass), small
footprint, low power consumption, simple construction, and
excellent sensitivity [22].
In this paper,we present the development of a Parylene-based
EC-MEMS device utilizing encapsulated fluid to mediate transduction designed specifically for the measurement of interfacial
contact forces between implants and tissue. The key elements
of the device design are an electrolyte-filled Parylene chamber
which provides a soft compliant contact surface and a minimum
of two microelectrodes exposed to the fluidic contents of the
structure (Fig. 1). The exposed electrodes serve as the electrical
interface for EI measurements. To ensure liquid entrapment
within the chamber structure, an in-line annular-plate stictionbased valve is utilized. The stiction valve design and concept
were previously described by Zhang et al. [23]. Here, their
application to EI-based contact sensing at scales below 500 ×
500 μm2 using Parylene microchamber structures is presented
and discussed. Additional EC-MEMS applications related to
microactuation and fluid-enabled mechanotransduction are also
presented.
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At sufficiently high frequencies (> 1 kHz), Cdl essentially
acts as a short, and the solution resistance RS dominates the
impedance response. It is generally desirable for the fluid to
have a high resistivity to ensure that the measured impedance
of the series circuit (electrode leads plus fluid) is dominated
by RS . Consequently, the impedance response can be approximately modeled as a simple classical resistance, 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 [see (2)]. The impedance is therefore inversely
proportional to the cross-sectional area between the electrodes
and is directly analogous to a variable resistor. This phenomenon enables the transduction and measurement of physical
quantities such as contact force and contact pressure acting on
the electrolyte-filled chamber
Z=

1
Rct

1
+ RS
+ jwCdl

|Z|f >1 khz ≈ RS =

ρl
.
A

(1)
(2)

It is desirable to apply an excitation signal to the electrode
system in such a way that the voltages developed across the
metal–electrolyte interfaces are sufficiently low to avoid nonreversible Faradaic reactions, which could potentially corrode
the metal contacts and cause electrolysis of the electrolytic
fluid [26]. This is accomplished by applying a small alternating
current (typically < 1 μA) and measuring the resulting voltage
across the electrodes. As a result, this measurement is low
power and typically requires no more than a few microwatts.
At these low powers, no significant increase in temperature
is observed as most of the energy is expended by reversible
isothermal Faradaic reactions at the electrode surface, resulting
in negligible ohmic losses.
III. D EVICE D ESIGN

II. BACKGROUND AND T HEORETICAL C ONSIDERATIONS
When a voltage is applied to an electrode in contact with an
electrolyte, the electrode interacts capacitively with the electrolyte, generating ionic current flow by non-Faradaic mechanisms [24]. John E. B. Randles, one of the most important
theorists in the field of electrochemistry, devised a circuit
model in 1947 to describe the electrode–electrolyte junction
[25]. He described the interface as a capacitor, the Helmholtz
double-layer capacitance Cdl , in parallel with a resistance to
charge transfer Rct . This parallel combination describes the
electrode–electrolyte interface and is in series with a solution
resistance RS [see (1)].
By applying an alternating current, the impedance of the
electrolyte volume around the electrodes can be measured. In
our device structure, the electrolyte volume is confined near
the electrodes by a polymer microchamber. Thus, externally
applied forces to the microchamber result in volumetric deformation of the electrolyte that induces corresponding volumetric
variations to the fluid path of current-carrying ions between the
electrodes. The resulting impedance changes contain information about the magnitude of the externally applied force (Fig. 2).

Device architecture consists of the following: 1) an
electrolyte-filled Parylene chamber that provides a soft compliant contact surface and 2) interdigitated electrodes exposed
to the fluidic contents trapped in the chamber that serve as the
electrical interface for EC measurements (Fig. 3). Microchamber structures of square and circular geometries were fabricated. The primary design goal was to enable the controlled
entrapment of small liquid volumes on the order of ∼1 nL
for physical EC transducers. A polymer structural material
was favored because of the material compliance enabling the
fabrication of an easily deformable structure at scales below
500 × 500 μm2 . Furthermore, the development of such technologies for implantable or in vivo applications warrants the
use of flexible biocompatible materials that are amenable to
standard microfabrication techniques. These design goals were
addressed by using Parylene C (United States Pharmacopoeia
Class VI biocompatibility) as the structural material in the
construction of our devices [27], [28]. Additionally, the ability
to fabricate these devices completely out of Parylene C enables
the release from rigid substrates and provides the ability to
place these sensors on nonplanar surfaces (such as tissue) and
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Fig. 2. Depiction of EI sensing principle using an encapsulated liquid volume. (a) Under applied forces, the cross-sectional area between the electrodes decreases,
resulting in an increase in RS and, thus, impedance magnitude. (b) Randles equivalent circuit model, where Cdl is the electrode double-layer capacitance, RS is
the solution resistance, and Rct is the charge transfer resistance.
TABLE I
D EVICE D IMENSIONS

Fig. 3. Key dimensional design parameters for transducer and annular plate
stiction valve. Dimension a represents the side length for square chambers and
diameter for circular transducer chambers.

in other locations and environments which are very difficult to
access with traditional materials.
To minimize footprint and provide automatic liquid encapsulation capability to each device, an in-line Parylene-based stiction valve was integrated next to the sensing chamber. Due to
the liquid-mediated device functionality and the desire to avoid
tedious encapsulation techniques such as epoxy or sealants, a
self-sealing approach was adopted through the use of a stiction
valve. Parylene-based stiction valves were successfully demonstrated for long-term liquid encapsulation and employ simple
design guidelines and straightforward fabrication techniques
[23], [29]. Integration of the automatic fluid sealing mechanism
in line with the devices also enables batch sealing of multiple
devices on a wafer, providing significant packaging advantages
over traditional serial fluid sealing techniques.
A. Stiction-Mediated Liquid Encapsulation
Stiction is usually considered a notorious and unwanted
failure mechanism in MEMS and can render devices inoperable
unless accounted for appropriately [30], [31]. This phenomenon, however, is beneficial when utilized as a valve sealing
mechanism. The analysis and design guidelines for annularplate stiction valves were previously reported in [23] and [32]
and adopted here. Briefly, stiction of a suspended Parylene
annular plate occurs for critical number Nc > 1, where
Nc =

σro4
p(φ, υ)
Dh2

(3)

with surface tension term σ = 2γLA cos θC and flexural rigidity
D = (Et3 /12(1 − υ 2 )). Here, γLA is the liquid-air surface tension, θC is the Parylene contact angle, E is Young’s Modulus,
t is the membrane thickness, h is the membrane height, υ
is Poisson’s ratio, φ is the ratio ri /ro , and p is a numerical
function of φ and υ. To ensure liquid entrapment within the
chamber, stiction valve dimensions were selected to ensure that
the condition Nc  1 was satisfied (Table I).
IV. D EVICE FABRICATION
The devices were fabricated utilizing standard surface micromachining techniques on a 3-in soda-lime wafer (see Figs. 4
and 5). The entire process was achieved at relatively low
temperatures (below 100 ◦ C), which is compatible with a
variety of polymers. The wafer was optionally treated with
Silane A-174 Parylene adhesion promoter (Specialty Coating
Systems, Inc., Indianapolis, ID). Inclusion of the adhesion
promoter ensures that the underlying Parylene substrate, upon
which the devices are surface micromachined, adheres to the
soda-lime glass supporting substrate during wafer dicing. A
10-μm Parylene C film was then vapor deposited on the entire
wafer. A 2000-Å layer of platinum was deposited by e-beam
evaporation and patterned by a liftoff process briefly described
here. A dual-layer photoresist process was used to create
an undercut sidewall profile to facilitate metal liftoff. First,
AZ1518 photoresist (AZ Electronic Materials, Branchburg, NJ)
was spun at 4000 r/min followed by global exposure. Then,
AZ4400 photoresist (AZ Electronic Materials, Branchburg, NJ)
was applied at 4000 r/min and patterned. Following a short
descum in oxygen plasma, the Pt film was e-beam evaporated
and patterned, forming the chamber electrodes, leads, and
contact pads. A sacrificial photoresist layer (h = 10−22 μm)
of AZ4620 (AZ Electronic Materials, Branchburg, NJ) was
spun and patterned to define the chamber and valve structures
(ro = 165 μm). A second layer of Parylene (t = 2−8 μm) was
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Fig. 4. Fabrication process for EC-MEMS Parylene-based contact sensor.
(a) Parylene deposition. (b) Deposit and pattern electrodes. (c) Pattern sacrificial photoresist. (d) Deposit Parylene. (e) Etch Parylene over valve. (f) Dissolve
sacrificial photoresist and replace with electrolyte. (g) Initiate evaporative
stiction valve closure. (h) Release from substrate.
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To prepare the devices for use, it was necessary to remove the
sacrificial photoresist contained within the Parylene transducer
chamber and fill the device with the desired electrolyte. This
was accomplished by first immersing the entire die in an
acetone bath for approximately 30 min. The acetone dissolved
the protective photoresist layer left on the surface from the
prior dicing step as well as the sacrificial photoresist within
the Parylene chamber which escaped through the valve orifice
opened in the final Parylene etching step. Following immersion
in acetone, the devices were immediately transferred to an isopropyl alcohol bath to rinse away the acetone and dissolve the
photoresist (∼15 min). The devices were then transferred to a
deionized (DI) water bath to rinse away any remaining solvents.
Following the rinse, the devices were placed in a bath of the
desired electrolyte for about 30 min to ensure complete filling.
The entire sacrificial photoresist removal and filling process is
diffusion driven, so adequate time is required for each complete
solution replacement step within the Parylene microchamber.
Devices were then removed from the final bath and exposed to
the ambient laboratory environment (∼ 25 ◦ C and 35% relative
humidity) for drying. Within minutes, evaporation through the
valve orifice created the necessary conditions for the stictioninduced collapse of the annular valve plate to the substrate,
thereby encapsulating the remaining liquid in the chamber.
V. E XPERIMENTAL M ETHODS
A. Impedance Measurement Interface

Fig. 5. Fabricated Parylene microchamber structure with in-line stiction
valve. Interdigitated platinum electrodes are integrated and exposed to the
chamber liquid environment.

Fig. 6. (a) Released Parylene film with integrated EC-MEMS devices.
(b) Released device film adhered to curved surface.

then deposited. The Parylene over the contact pads and valve
orifice (ri = 50 μm) was then etched in oxygen plasma (100 W
and 100 mT) using a photoresist etch mask (AZ 4620). Due to
the comparable etch rates (approximately 1:1) of Parylene and
photoresist, the thickness of the etch mask was at least 1.5 times
the thickness of the Parylene film being etched. After etching,
the remainder of the photoresist etch mask was left on the surface to serve as a protective layer during dicing. Square test dies
(1 cm2 ), each containing several test devices, were diced for
characterization and testing. For wafers untreated with A-174,
devices were released at this stage by cutting the Parylene film
with a razor blade and peeling from the substrate (Fig. 6).

Impedance measurements were made with a high-precision
impedance converter board (AD5933 Analog Devices, Norwood, MA). The AD5933 combines an onboard frequency
generator with a 12-bit 106 sample-per-second analog-to-digital
converter (ADC). The frequency generator allows an external
complex impedance to be excited at a known frequency. The
impedance response signal was sampled by the onboard ADC,
and a discrete Fourier transform was obtained using onboard
signal processing. The converter board was interfaced via
USB to a PC where a custom LabVIEW interface (National
Instruments, Austin, TX) was developed for real-time data
acquisition. An ac drive signal of 1 Vpp at 5 kHz was selected
to avoid any irreversible Faradaic reactions at the electrode
surface. At this frequency, the double-layer capacitance was
effectively shorted, bypassing the charge transfer resistance,
which allowed the solution resistance to dominate the measured
impedance.
B. Experimental Setup
Characterization experiments were conducted on a 1-cm2
test die mounted on a glass slide. A drop of mineral oil was used
to minimize evaporative water loss through the Parylene. DI
water was selected as the electrolyte because of the inherently
high solution resistance. Due to trace impurities and dissolved
gases, such as carbon dioxide, from the ambient environment,
DI water exhibits a finite and measurable impedance. Impedance measurements were generally in the megaohms range
at the measurement frequency.

1356

JOURNAL OF MICROELECTROMECHANICAL SYSTEMS, VOL. 19, NO. 6, DECEMBER 2010

Fig. 8. (a) Open stiction valve immediately following removal from bath.
(b) Closed valve. Interference rings (shown in contrast-enhanced inset image)
indicate areas where the membrane transitions from collapse (center) to freestanding (periphery).

Fig. 7. Experimental setup.

The experimental setup was built on a floating optical table
and consisted of a motorized micropositioning stage with submicrometer accuracy (Thorlabs Inc., Newton, NJ) to precisely
control the indentation depth of an attached microprobe stylus
tip (Fig. 7). The stylus tip had a diameter of approximately
100 μm. The motorized stage and impedance converter board
were interfaced through a custom LabVIEW interface for realtime data acquisition.
VI. R ESULTS AND D ISCUSSION
A. Liquid Encapsulation
Stiction valve sealing and liquid encapsulation capability
were evaluated by using a sample die containing several identical devices under optical observation. The devices were filled,
as described previously, with DI water as the electrolyte. The
die was then removed from the bath and exposed to ambient
laboratory conditions to initiate fluid encapsulation. Successful
stiction valve sealing was clearly evidenced by the appearance
of a dark central region indicating conformal contact between
the annular plate and substrate. Emergence of interference rings
between the central region and the periphery (as the valve plate
transitioned from being pinned to the substrate to freestanding
near the anchored edges) indicated complete circumferential
sealing (see Figs. 8 and 9). Encapsulation of water within
Parylene membranes was previously demonstrated [23], [29],
[33]. Although Parylene has found ubiquitous application as
a protective encapsulant, it is not hermetic. The water vapor
transmission rate (WVTR) through the Parylene material itself
is the limiting factor to encapsulation lifetime. Furthermore, for
Parylene films less than about 8 μm in thickness, pin holes,
pores, and defects can exist that contribute to gas transport
permeation through the film, thereby limiting the moisture
barrier performance [34].
The WVTR (5.6 × 10−12 g · μm/μm2 · h) of Parylene
films was previously reported in literature [35]. Although DI
water was utilized as the electrolyte here, alternative solutions,
such as ethylene glycol-based conductive fluids, may be used

Fig. 9. (Top) SEM of collapsed stiction valve. (Bottom) SEM cross section
taken through the transducer chamber.

for increased resistance to evaporation. For devices with
2-μm-thick Parylene membranes, the water vapor permeation
through the Parylene film imposed a significant limitation to
testing in the open-air laboratory environment. The volume
of encapsulated liquid varied significantly over time, thereby
introducing an unacceptable level of drift in addition to limiting
total encapsulation time. Several methods exist to address this
issue. Increasing the Parylene membrane thickness increases
the encapsulation time proportionally, but a thicker membrane
is also less compliant and results in a lower critical number Nc
required for stiction valve operation. Annealing of Parylene
films (200 ◦ C) was shown to reduce the WVTR by nearly 50%
in addition to improving Parylene–Parylene adhesion [14],
[35]. Additional coatings such as thin film metals have also
improved barrier performance [23]. To mitigate evaporative
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Fig. 10. (a) Square chamber with interdigitated electrodes. (b) Circular chamber with circumferential and central electrodes.

Fig. 12. Time-averaged impedance responses to 1-μm deflection and release
steps. Responses are shown for one full deflection and release cycle.

Fig. 11. (Top) Real-time deflection profile of the sensor membrane. Data show
stepwise stage movement with attached stylus tip contacting sensor surface.
(Bottom) Temporal response of sensor impedance to deflection. A 250-μmdiameter sensor response is shown and is representative of typical sensor
response.

effects, experiments were performed with a drop of mineral oil
placed over the devices.
B. Contact Sensing
Devices were tested as physical contact sensors. Both square
and circular chambers were fabricated. It was found that more
robust responses were obtained with the circular chamber design. This may be in part due to the circularly symmetric
electrode spacing in contrast to the serpentine electrode gap
with the interdigitated design (Fig. 10). Applied deflections in
such a design caused cross-sectional area changes along only
a small region of the available electrode gap, resulting in small
impedance changes (< 0.25% from baseline) that were difficult
to detect using our measurement circuitry. Circular chambers of
250-, 300-, and 500-μm diameters were tested. Each device had
a chamber height of 22–25 μm and a membrane thickness of
8 μm. The sensors were deflected (and released) in 1-μm steps.
Temporal sensor response was robust and clearly tracked
membrane deflection (Fig. 11). A clear sensor response was

attained with deflections as small as 200 nm (0.8% resolution of
full-scale deflection). In all experiments, deflection was limited
to 22 μm so as to not fully deform the chamber or achieve
contact with the substrate which may scratch or otherwise
damage the Parylene membrane. Impedance variations up to
20% from base line were achieved at maximum deflection, with
250-μm-diameter chambers demonstrating the large-signal response available with EI-based sensing. Sensor performance
was consistent and reproducible for individual devices, but
some variation was observed in the nominal resting (zerodeflection) impedance between devices. This variation was
typically less than 10% and was attributed to the presence of
a trace amount of residual photoresist particulates visible in the
chamber electrolyte.
The impedance response to the first 10 μm of deflection was
less pronounced than the response near full deflection. Timeaveraged impedance responses clearly demonstrated this nonlinear behavior (Fig. 12). To further elucidate this relationship,
cross-sectional area was calculated using theoretical deflection
equations for rigidly clamped circular diaphragms [36]
y=

3(1 − μ2 )P 2
(a − r2 )2
16Et3

(4)

where y is the deflection, P is the pressure, t is the membrane
thickness, a is the diaphragm radius, E is the modulus of
elasticity, r is the radial distance, and μ is Poisson’s ratio.
The areas under the deflection curves were calculated and
plotted against maximum deflection (Fig. 13). Cross-sectional
area through the central axis of the diaphragm is at a minimum
under the imposed deflection and is assumed to account for a
majority of the resistive variations. Area clearly varies linearly
with deflection, but the reciprocal dependence of impedance
on the cross-sectional area dictates the observed nonlinear
behavior [see (2)].
Furthermore, sensor sensitivity to deflection was found to
vary with chamber size with smaller chambers exhibiting
greater impedance–deflection sensitivity. This is in part due to
proportionally larger fraction of the smaller chamber’s surface
area that is deflected by the stylus (fixed diameter), but generally smaller volumes (created by decreasing lateral footprint)
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Fig. 13. Variation of theoretical cross-sectional area with deflection.

can be expected to be more sensitive to deflections for a
given sensor height. The nonlinear sensor response is analogous
to capacitive sensors, where plate separation is modulated
and capacitance is inversely proportional to plate separation.
Linearization techniques are available to transform calibrated
nonlinear responses into a linear output. Once calibrated, linearization transformations can be easily implemented and programmed off-chip [37], [38].
The mechanical loads required to produce deflection of a
(250-μm-diameter and 8-μm-thick) chamber membrane were
evaluated analytically and with finite-element modeling (FEM,
COSMOSWorks 2009, Dassault Systèmes SolidWorks Corp,
Concord, MA). Under a linear small-deflection approximation
(deflection-to-thickness ratio < 0.3) [36] for a rigidly clamped
circular diaphragm, a pressure of 1.27 MPa (62.3-mN total
force) distributed over the sensor surface was required to produce a 20-μm deflection. This value agreed well with the FEM
result of 1.36 MPa. If a thin membrane under nonlinear large
deflection is assumed (deflection-to-thickness ratio > 5) [36],
a uniform 4.5-MPa (270-mN) pressure is required. The actual
sensor response in the range of 20-μm deflection (maximum
deflection-to-thickness ratio ≈ 2.5) is expected to be bounded
by these two conditions. This response is sensitive to membrane
thickness and radius, scaling with the thickness cubed and
inversely with the radius to fourth power [see (4)]. Therefore,
the membrane thickness and lateral chamber dimensions can be
used to effectively tune the sensor response over a wide range
of loading forces (micronewton to millinewton).
Impedance-based detection of surface deformations using
a fluid-filled large-format (1-cm2 ) sensor was previously described by Helsel et al. using a planar grid of gold–chromium
electrodes patterned on a rigid Al2 O3 substrate, ethylene
glycol-based conductive fluid, and latex skin [39]. Additional
physical parameters such as force and frequency were measured
by Wettels et al. using an array of integrated wires within a
biomimetic model of the human digit [9]. Our MEMS-based
approach, featuring an integrated stiction valve, reduces the
sensor footprint drastically (250–500 μm), utilizes only two
electrodes, and is batch fabricated on a flexible substrate. The
reduction in chamber size enables precisely patterned structures for single-point pixelated contact sensing over a defined

Fig. 14. Impedance response at various locations along the length of the channel (mean ± SE, n ≥ 3). Inset shows the schematic representation of channel
layout with peripheral stiction valves and corresponding optical micrograph
with measurement and indentation sites indicated.

and controlled surface. Furthermore, the problem is reduced
to the measurement of a single resistive signal correlated in
a straightforward fashion to the deflection of the membrane.
Although application dependent, chamber sizes on this scale
can eliminate the problem of multisite contact discrimination
by simply being smaller than the contacting body.
The basic requirements of an electrolyte in contact with
electrodes enable applications at various size scales. EI-based
sensing at submicrometer dimensions appears feasible provided
that fluid handling at this scale can be realized. This could
lead to applications, for example, in subcellular mechanical
characterization. Unique geometric sensor configurations are
also possible, extending beyond simple diaphragms to interconnected microfluidic structures.

VII. A DDITIONAL A PPLICATIONS
A. Mechanotransduction Along Channels
Additional applications of EC-MEMS can be realized by
leveraging the unique liquid-based transduction mechanism.
Fluidically coupled structures of varying geometries can be
fabricated, such as interconnected channels, to form unique
sensor configurations not possible with traditional transduction
approaches. A long microfluidic channel (150 μm × 2.5 mm ×
10 μm) was fabricated using the same fabrication process
described previously. Stiction valves were placed peripherally
along the edges of the channel for liquid encapsulation purposes. A single reference electrode spanned the entire length
of the channel, while additional electrodes were placed at junctions in close proximity to the reference at specific locations
within the channel. Each electrode junction acted as a single
sensor element.
A mechanical stimulus (maximum deflection) was applied
at various locations along the length of the channel, while
the impedance response was monitored at a single junction.
Deflections were detectable up to 1.2 mm away from the
measurement site (Fig. 14). The amplitude of the measured impedance change decreased with distance. The ability to detect
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TABLE II
M AXIMUM ACTUATED D EFLECTION FOR S QUARE AND C IRCULAR
PARYLENE C HAMBERS (h = 10 μm AND t = 2 μm) (n ≥ 5)

Fig. 15. Same transducer structure with an additional surface microelectrode
patterned on the top exposed surface of the chamber membrane.

tactile information along the length of a channel extends the
physical sensing range from that of a single point using a single
chamber-based sensor to a linear range within the fluidically
coupled structure. Multiple electrodes can populate a channel
segment, enabling further downstream tactile detection. The
mechanical transduction phenomenon along the length of the
single channel could be considered biomimetic and analogous
to that of neuronal signal propagation along the length of an
axon. This kind of biomimetic sensing modality opens the
possibilities for new bio-inspired mechanotransduction devices
and applications. For example, these devices could be arranged
in concentric circular patterns and applied to grasp and tactile
feedback systems for minimally invasive robotic surgery, providing the ability to dynamically adjust tactile receptive fields
and resolution. Alternatively, the addition of surface features
such as bumps or “whiskers” could enable detection of physical
parameters such as flow detection and roughness.

B. Electrolysis-Based Microactuation
In addition to sensing capabilities, EC-MEMS devices are
capable of providing actuation through electrolysis of water.
For demonstrative purposes, a surface microelectrode was integrated on the surface of the chamber structure. The inclusion of
an electrode on the surface of the chamber enables a new device
application: out-of-plane electrode actuation (Fig. 15). This
configuration could be applied to neural stimulation or recording where out-of-plane microactuation of electrodes could
provide improved electromechanical coupling through minute
interfacial mechanical adjustments. Fabrication consists of an
additional dual-layer liftoff process with a globally exposed
bottom layer. This was essential to achieve continuity between
metal on the substrate level and on top of the chamber. FEM
of chamber deformation was conducted to establish areas of
least stress for purposes of metal trace routing (data not shown).
Minimum stress occurred in the connecting region between the
chamber and valve. Routing metal traces through this region
minimized tethering effects on the chamber by the metal during
deformation and also minimized strain on the fragile traces.
Platinum metallization and patterning were carried out as described previously.
The application of a constant current (∼ 5 μA for a few
seconds) across the internal chamber electrodes initiated elec-

trolysis and the evolution of hydrogen and oxygen gas within
the chamber. The accumulation of this gas generated high internal pressure, causing the chamber membrane and electrode to
deflect upward. Maximum deflection measurements of square
and circular devices are summarized in Table II. The results
indicate that larger maximum deflections were achievable as
chamber dimensions increased due to increased membrane
compliance with size. In general, circular chambers exhibited
larger more uniform deflections than the square chambers.
Electrolytic gas generation was concentrated in the center of
the circular chambers, while gas generation was widespread
and erratic in the square chambers. This difference is likely
due to the interdigitated electrode geometry of the square
chambers as well as the propensity for gases to accumulate near
the edges and corners of the square chamber. The maximum
achievable actuation of this device configuration was limited
by the cracking pressure of the in-line stiction valve. Above
this pressure threshold, the valve plate popped open, thereby
limiting the amount of pressure that can be generated for actuation purposes. This pressure was estimated analytically to be
about 6895 Pa (∼1 psi) by equating the pressure for maximum
measured center deflection with valve cracking pressure. This
limitation could potentially be resolved by using a multilayered
configuration, thereby integrating the valve inside the chamber in such a manner that the generation of internal pressure
serves to push down the valve plate, further sealing it. This
would allow the buildup of high pressures and enable greater
membrane deflection. Pressure generation of several hundred
psi is possible by electrolysis but unlikely to be sustained within
the transducer structure due to the known weak interfacial
adhesion of the Parylene–Parylene interface. Strategies such as
annealing, anchoring, or molten Parylene adhesion [40] may
be employed to improve adhesion performance; however, a
systematic comparison of the improved interfacial adhesion
afforded by these techniques is still required.

VIII. C ONCLUSION
EC-MEMS devices utilizing encapsulated fluid to mediate
transduction and Parylene as the structural material have been
designed, fabricated, and tested. Parylene microstructures, including square/circular chambers and long channels, have been
evaluated and validated as highly sensitive physical transducers
with applications to contact sensing, biomimetic mechanotransduction, and out-of-plane microelectrode actuation.
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These transducers are ideally suited for applications requiring
highly sensitive contact force measurements of soft nonplanar
surfaces in wet environments. Integration of these sensors
with state-of-the-art Parylene-based retinal prosthesis will
allow interrogation of important physical phenomena,
in situ, for the first time. Validation experiments utilizing ex
vivo soft tissues are currently under way.
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