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Abstract Bio-electrodes have traditionally been made of
materials such as metal and silicon that are much stiffer
than the tissue from which they record or stimulate. This
difference in mechanical compliance can cause incomplete
or ineffective contact with the tissue. The electrode stiffness
has also been hypothesized to cause chronic low-grade
injury and scar-tissue encapsulation, reducing stimulation
and recording efficiency. As an initial step to resolve these
issues with electrode performance, we have developed and
characterized electrically-functional, low-Young’s modulus,
microcable-shaped neuroelectrodes and demonstrated
electrophysiological recording functionality. The microcable geometry gives the electrodes a similar footprint
to traditional wire and microwire neuroelectrodes, while
reducing the difference in Young’s modulus from
nervous tissue by orders of magnitude. The electrodes
are composed of PDMS and thin-film gold, affording
them a high-level of compliance that is well suited for
in vivo applications. The composite Young’s modulus of
the electrode was experimentally determined to be 1.81±
0.01 MPa. By incorporating a high-tear-strength silicone,
Sylgard 186, the load at failure was increased by 92%,
relative to that of the commonly used Sylgard 184. The
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microcable electrodes were also electromechanically
tested, with measurable conductivity (220 kΩ) at an
average 8% strain (n=2) after the application of 200%
strain. Electrophysiological recording is demonstrated by
wrapping the electrode around a peripheral nerve, utilizing
the compliance and string-like profile of the electrode for
effective recording in nerve tissue.
Keywords Microelectrode . Neuroelectrode . Neural
electrode . PDMS . Elastomer . Elastomeric . Thin-film
gold . Brain-machine interface . DBS . Neural prosthesis

1 Introduction
Biomedical MEMS for in vivo or in vitro applications
utilize small feature sizes to unobtrusively monitor biological
processes and effectively interface with cellular-level targets
(Takei et al. 2009; Wu et al. 2005). Silicone is a low Young’s
modulus polymer with extensive applications in implantable
devices (Jackson et al. 2009; Wasikiewicz et al. 2008;
Williams 2008). Sylgard 184, a polydimethyl siloxane
(PDMS) formulation of silicone commonly used in
bioMEMS devices, has an elastic modulus lower than
other polymers commonly used in microelectronics
(Table 1). (Sylgard 184 is regarded as non-toxic, but is
not medical grade and as such is used as a cost-effective
solution in many pre-clinical settings. Comparable medical
grade silicones are Med-6215 and Med-6210 (Nusil;
Carpinteria, CA)). If the implant impedes or opposes the
movement and growth of the surrounding tissue, it can
cause injury and scarring (Chiono et al. 2009). A reduction
in the difference in stiffness or an improvement in the
mechanical coupling between the implant and surrounding
tissue results in reduced inflammation (Biran et al. 2007;

362

Biomed Microdevices (2011) 13:361–373

Table 1 Young’s modulus values for potential electrode polymer
substrates and neural tissues. References PDMS: (Sun et al. 2004),
Parylene C (Pornsin-Sirirak et al. 2001) SU-8 (Al-Halhouji et al.
2008); Kapton (DuPont 2009); Brain (Green et al. 2008), Peripheral
nerve (Borschel et al. 2003)
Polymer

Young’s modulus

PDMS
Parylene C
SU-8
Polyimide (Kapton ®)
Brain
Peripheral nerve

~1 MPa
4.5 GPa
3.5–7.5 GPa
2.4–3.2 GPa
3.15 kPa
576±160 kPa

Rousche et al. 2001; Seymour and Kipke 2007; Stice et al.
2007; Young 1989). Although the Young’s modulus range
of PDMS is higher than peripheral and brain tissues, it is
several orders of magnitude lower than several alternative
materials (Table 1). Additionally PDMS-based bioMEMS
can be molded for a specific surface topography effectively
and efficiently on the microscale (Xia and Whitesides 1998).
The prior literature on PDMS-based electronics includes
structures intended to be either compliant or both compliant
and stretchable (Meacham et al. 2008; Yu et al. 2007).
Devices with PDMS as the primary substrate are intrinsically elastomeric. Elastomeric electronics are frequently
comprised of an elastomer with embedded conductive
particulates, such as graphite, carbon nanotubes, or metal
ions (Maiti et al. 2008; Mark 2006; Rosset et al. 2009;
Someya et al. 2004). Using bulk electrically conductive
elastomers in micropatterned devices presents challenges in
patterning conductive material precisely with selectively
insulated and exposed regions. Thin-film gold metallization
of PDMS addresses these concerns. Gold is frequently
patterned in microfabricated devices and PDMS can be
patterned with metal using a subset of standard process
techniques (Yu et al. 2007). Gold has relatively soft and
ductile mechanical properties, which are advantageous for
use in elastomer electronics (Weast 1979). Additionally,
gold does not form a surface oxide, making it suitable for
electrode recording sites (Cogan 2008). PDMS shape and
topography can be controlled by several methods, including
photosensitive polymerization, laser ablation, reactive ion
etching (RIE), and micromolding (Garra et al. 2002; Graubner
et al. 2002; Sayah et al. 2007; Sia and Whitesides 2003).

array format, and shank style electrodes are available for
routine intracortical use, have been made of wire, silicon and
polymers such as polyimide and parylene C (Biran et al. 2007;
Graz et al. 2009; Lacour et al. 2004; Li and Suo 2006;
Rousche et al. 2001; Seymour and Kipke 2007). The
electrodes presented here are made of a combination of
PDMS and thin film gold, which affords them a low
compliance relative to other shank-style neural electrodes,
while maintaining a small-footprint with the shank profile.
The demonstration of electrode function, with the recording
of a compound action potential from the sciatic nerve in a
rat, is intended to show that the electrodes can wrap around
small features (diameter~1 mm), demonstrating a high level
of conformability as shown by the schematic in Fig. 1. The
cross-section of the electrode is 80×200 μm. Although many
of the initial studies of gold and thin-film PDMS have used a
relatively thick 1 mm substrate (Graz et al. 2009; Lacour et
al. 2004; Li and Suo 2006), the desirability of a thinner
substrate has been recognized with the publication of sheetlike arrays on 75 μm thick PDMS (Adrega and Lacour
2010). These thinner sheets approach the thickness of
commercially available silicon electrode arrays (NeuroNexus
Technologies; Ann Arbor, MI) The microcable electrodes
demonstrated here could be made narrower, but in this
prototype, the 100 μm wide gold leads are patterned with a

2 Electrode design
The electrodes presented here, with a microcable geometry,
are intended as a demonstration of small-footprint conformal
electrodes. Highly conformal electrodes of PDMS have been
previously demonstrated in several instances in a sheet-like

Fig. 1 (a) A schematic of flexible, string-like electrodes arrays is
shown above, with (b) a cross-section of the recording site. (c) The
electrodes are designed to be highly conformal and have a small footprint to facilitate contact with small or high-curvature anatomical
features such peripheral nerves
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stencil, which is easily aligned by hand on the 200 μm wide
substrate. The small footprint of the microcable profile,
when used in an array format, improves the conformability
to irregular surfaces compared to an electrode array patterned
on a planar sheet. By creating a web or net-like electrode
array, the electrodes can be clustered together or spread apart
as needed and the conformation of one microcable does not
impede the conformation of the neighboring cables.
Conversely, for a sheet-like substrate, the electrode
spacing is fixed and the surrounding features can limit
or prevent contact between the device and target
surface. Additionally, the open construction of the
microcable array makes it “breathable,” which is
desirable for sensors and electronics placed on the skin
for functional prosthetics (Lacour et al. 2004). A second
benefit of compliance is that decreasing the difference in
mechanical properties between the implant and the
surrounding soft tissue has been shown to reduce the level
of inflammation at the implant site (Rousche et al. 2001).
For comparative purposes, the Young’s moduli for brain
and peripheral nerve are 3.15 kPa to 576 kPa, respectively
(Borschel et al. 2003; Graz et al. 2009).
The PDMS substrate, although it was chosen for its low
Young’s modulus, is intrinsically elastomeric. Because the
electrodes will be prone to elastic deformation during
handling, the integrity of the electrical connection under
strain must also be considered. The use of very thin-film
metal for the conductive part of the electrode allows the
electrode to be stretched out of shape, repeatedly, without a
permanent loss of conductivity upon release. (It also
minimizes the increase in bending stiffness found with a
thicker metallic film.) Because of its elastomeric properties,
the electrode may be stretched during handling and
placement or during bodily movement after implantation.
The movement of the implant within the body may vary
from tens of microns, as described in a rodent model of
cortical electrode implants (He and Bellamkonda 2008), to
levels significant enough that the electrode must be
designed to minimize strain coupling to the extent possible,
as in the case of implant locations in the peripheral nervous
system, (Scheiner et al. 1994, 2008). To realistically
estimate the percent strain in an implant environment, the
electrode length, tension and site of implantation must be
considered with respect to the geometry (Kumar et al.
2006). As a preliminary and general demonstration of these
elastomeric microcable electrodes, we are testing the
electrode tolerance for deformation during handling and
implantation.
The technique used to fabricate the microelectrodes
described here is a derivative of micromolding technology.
The advantages of micromolding include the reusable mold
and bench-top fabrication. The use of spin-cast micromolding (SCμM) is simpler and easier to implement than
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RIE etching or laser (Garra et al. 2002; Graubner et al.
2002; Sayah et al. 2007; Sia and Whitesides 2003). Spincasting techniques are also gentle in the sense that no
high-energy ablation mechanism or harsh chemicals are
required, which can be a concern when dealing with
polymers and very thin-film metals. The spin-casting
technique, which creates through-hole features in a
PDMS sheet, was initially developed to create patterned
membranes for tissue engineering applications (Ostuni et
al. 2000). However, PDMS is an effective insulator that
can be difficult to etch, especially for microscale patterns,
so the SCμM process has also been applied to patterning
insulation for microscale, electrically-active devices
(McClain et al. 2009; Nam et al. 2006). The through-holes
created by SCμM can be used to create simple vias, as well
as microcables and web-like sheets which can be used in
electrically-functional structures (Fig. 2) (McClain et al.
2009). The microcable length can be tailored to the
application as it is determined by the length of the troughlike features in the mold (Fig. 2(a)-(b)). The posts on the
mold retain a PDMS, sheet-like frame around the microcable
array for packaging purposes.
The packaging was designed for versatility in testing and
to demonstrate potential electrode configurations. The
mechanical testing required a resistance measurement
across the length of the microcable, so the length of the
microcable includes a contact pad at each end. Handling the
microcables was facilitated by framing them within a larger
PDMS sheet. The microcables were fabricated in a quadarray to demonstrate the packaging configuration available
for applications requiring an electrode array format. The
individual or pairs of microcables were cut from the array
as needed for testing. The microcables (Fig. 2(b), (d)) were
designed to span two millimeters before the gold trace
continues onto the contiguous PDMS frame. The two
millimeter length was chosen because it was long enough
for both mechanical and electrophysiological testing.

3 Methods
3.1 Microfabrication
This fabrication process and its rationale have been
previously described in more detail (McClain et al. 2009).
The steps are briefly recounted here, with modifications
noted. The mold for the array was photolithographically
patterned with SU-8 photoepoxy according to the manufacturer datasheet (Microchem; Newton, MA). The photomasks were emulsion-printed mylar sheets (Fine Line
Imaging; Colorado Springs, CO). A test-grade silicon wafer
was coated with a 2 μm layer of SU-8 2002, flood exposed
and hard baked. A second 80 μm thick layer of SU-8 2025
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Fig. 2 (a) The SU-8 mold shows the straight troughs that define the
microcables and the posts that act to retain PDMS in the spin-casting.
The mold was designed to create a microcable array within a larger,
framing, PDMS membrane. The variations in post spacing facilitated
alignment of the metallization stencil. (b) A close up view of the
microcable troughs with a released microcable shown top right (inset).
The elliptical feature in the microcable is an electrode recording site
(inset). The side-tabs on either side of the mold’s microcable defining

walls were included to help anchor the walls to the substrate during
SU-8 processing. (c) A microcable array is shown from the underside
after release. The top surface is smooth. The cross-sectional thickness
of the post-imprinted sheet is 100 μm. The post height is 80 μm, and
the PDMS thickness above the post height is 20 μm thick. (d) A
microcable that has been cut apart from the array has been folded to
show both the underside and the top surface

was spun-cast, patterned, and developed as the mold
substrate. The heights of the mold features were confirmed
with an optical micrometer (Quadra-Chek 200; Metronics;
Bedford, NH).
The release layer, 20% v/w dextran (Sigma; St Louis
MO) in DI water, was spun on the mold after a 30 s oxygen
plasma treatment (Plasma Cleaner; Yield Engineering
Systems, Inc.; Livermore, CA). The dextran was applied
twice, spun 40 s at 800 rpm, and each layer was air dried
before the next application. Sylgard 184 and Sylgard 186
PDMS were mixed together in a 1:1 wt ratio and spun onto
the mold at 4,000 rpm for 30 s. The thickness of the spun
cast silicone was 85 μm in the microcable region.
The gold for the leads was thermally deposited. The
stencils to pattern the leads were made of 125 μm thick
brass sheets, cut using an IR laser (Resonetics; Nashua,
NH). The stencils were aligned to the substrate by hand,
under a stereomicroscope, and taped into place. Prior to
deposition, the wafer was oxygen plasma treated for 60 s. A
PVD 75 filament evaporator (Kurt J Lesker; Clairton, PA)
was used for the thermal deposition of a 5 nm chrome
adhesion layer and a 30 nm gold layer. The deposition was

done at 10-5 Torr. After deposition, the stencils were
removed by hand.
The photoresist posts used to pattern a sacrificial mold
for the recording sites were patterned with NR9-8000
photoresist (Futurrex; Franklin, NJ), spun 30 μm thick, preand post-exposure baked in an oven at 85°C, for 5 min,
patterned with an exposure dose of 850 mJ, and developed
with RD-6 developer (Futurrex). The bond pads on either
end of the microcables (rectangles 2×4 mm) were protected
with Riston dry film resist (DuPont; Wilmington, DE).
Rectangular pieces of resist (~ 5 mm x 1 cm) were cut to
cover the row of bond pads at each end of the array, and the
contact side of the protective cellophane backing was
removed prior to application. The pieces were pressed in
place over the bond pads by hand and soft-baked on the
hotplate to improve adhesion (80°C, 5 m). The PDMS was
then spun-cast on the substrate (4,000 rpm, 8 min; cured at
100°C for 10 min.) Immediately after the PDMS was
spun-cast, the top layer of cellophane of the Riston was
removed, leaving the dry film resist exposed. After
curing the PDMS (100°C, 10 m, then overnight at RT),
the NR9-8000 photoresist at the recording sites was
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removed with acetone, leaving the metal exposed at the
recording site. The Riston dry film resist was dissolved
with Riston developer (DuPont). The array was then
released in a water bath to dissolve the dextran, and the
array was pulled off the mold with a pair of tweezers.
3.2 Mechanical testing
Tensile tests were performed on Sylgard 184 and 184/186
samples to characterize the tensile strength of the substrate
prior to the fabrication of the microcable electrodes (n=3/
group). The tests were conducted using distance and ratecontrolled millimeter and sub-millimeter displacement
(Bose Electroforce 3100 test instrument, Bose; Eden
Prairie, MN). Individual PDMS microcables were mounted
on paper frames, which were then coupled to the force
sensor (1.0 N Interface Advanced Force and Torque
Measurement; Scottsdale, AZ), mounted in-line with the
displacement actuator. After the sample was mounted, the
sides of the paper frame were cut so that only the tensile
properties of the microcable were measured. Each microcable was tested with a monotonically increasing displacement to the point of failure (0.1 mm/s). The paper frame
dimensions were measured for each sample to accurately
calculate the strain rate per sample (7.8%–10% s-1) and
strain at failure.
The Young’s modulus calculations were done on the
stress–strain curve of a separate set of samples (n=3/group)
that was strained from zero to ten percent. The composite
Young’s modulus of the electrode microcables was obtained
over the same strain conditions. The microcable electrodes
were tested at ten and forty percent strain to assess the
tensile modulus of the electrodes and to determine if
cracking of the gold film from increased strain levels
would measurably reduce the modulus as (Begley and BartSmith 2005). The strains were applied and the resulting
tensile force was concurrently recorded five times to
monitor the stability of the stress–strain relation under a
short sequence of cycles.
3.3 Electromechanical response to strain
Fatigue testing was performed using the Bose Electroforce
3100 test instrument (n=2 pairs of microcable arrays). The
resistance was recorded during the strain with a maximum
resistance measurement of 110kohm. Resistances above
110 kΩ were considered to be effectively open circuits. The
electrodes were measured in pairs to increase the strain over
which the resistance was measurable (parallel resistance
behavior was verified, data not shown). The strain was
applied as a linear-slope, cyclic displacement (80%
strain s-1). Because of the large number of cycles in the
test, the strain was set at approximately an order of
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magnitude higher rate than used in the mechanical
characterization. The microcable samples were mounted
onto a frame with a thin layer of silicone adhesive so that
only the microcable region received the applied strain. The
3D printed frame (Eden 250 3D Printer; Objet; Billerica
MA) was designed with flexible elbows to isolate the
testing area and provide a mechanically stable platform for
the electrical connections. The electrical resistance was
measured with a resistance-tracking program created using
SignalExpress (National Instruments; Austin, TX) that
measured the resistance, from 0–110 kΩ, as a function of
time. The resistance measurement was done after the first five
cycles, and after 1,000 and 5,000 cycles of applied strain.
3.4 Electrophysiological measurements
Compound nerve action potentials were recorded from the
sciatic nerve of an adult Sprague–Dawley rat to assess the
capability of the microcable electrodes to record electrophysiological signals (Clements et al. 2009). The rat was
deeply anesthetized with 5% isoflurane gas (in O2), and a
skin incision was made along the femoral axis. The
underlying thigh muscles were delineated with a blunt
probe to expose the sciatic nerve, which was freed from
overlying connective tissue. The microcable electrodes
were pulled under and around the nerve with a pair of
forceps, and the area was coated with mineral oil warmed to
37°C. Three microcable electrodes were wrapped around
the nerve. A double electrode array had a separation of
1 mm. A third microcable electrode was placed on the
nerve separately, separated from the double array by
approximately one cm. Next, a portion of the posterior
tibial nerve branch, located near the ankle, was exposed,
and attached to a pair of stainless steel bipolar hook
electrodes. This distally positioned pair of electrodes was
attached to a stimulator (Model S88, Grass Technologies)
and stimulus isolation unit (Model SIU5B, Grass), which
were used to stimulate the nerve with 100 μs square pulses
of variable amplitude, applied at a rate of 1 Hz. The ground
electrode (a coiled wire) was placed approximately five cm
from the recording electrodes. The experiment was conducted measuring the differential of the evoked action
potential between the three electrodes on one animal.
Evoked compound nerve action potentials were recorded
upstream from the microcable PDMS electrodes and
amplified (G=1,000), band-pass filtered (300-5,000 Hz,
Model 1700, A-M Systems), and digitally sampled, (25 kS/
s, Multichannel Systems DAQ card.) The recordings were
averaged up to 128 times, using a trigger signal provided by
the stimulator. The recording set-up was designed for
differential recording between two electrodes. The microcables were either divided into pairs or isolated into single
electrodes so that inter-electrode spacing could be varied

366

for the differential measurements. The in vivo experiments
were done using an IACUC approved protocol.

4 Results
4.1 Microfabrication
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shorter spin time and thicker layer of PDMS. The PDMS
polymer was changed from Sylgard 184 to a mix of Sylgard
184/186 in a 1:1 wt ratio. The Sylgard 186 has a higher
tensile strength and was added to improve the durability of
the microcable arrays without compromising the ability to
spincast the substrate into a smooth film. Sylgard 186 was
not used exclusively because it does not spin-cast into a
smooth film without the addition of a solvent-based diluent.
The combination of Sylgard 184 and 186 was found to
improve the strength of the substrate without changing the
Young’s modulus (Table 2).

The devices were created using spin-casting of PDMS on a
mold of micro-topographical features. The topographical
features have two functions: 1) forming through-holes or
borders in the PDMS and 2) retaining material between the
mold features during the spin-casting, with the amount of
material retained being a function of the feature geometry
and spacing. Photoresist posts create the through-holes that
form the electrode recording sites, while the SU-8 walls in
the mold create the microcable profiles. The materialretaining property determines the thickness of both the
microcable electrode substrate and the PDMS film that
connects the microcable electrodes and facilitates electrical
packaging. The SU-8 posts do not form full through-holes
in the connecting PDMS sheet, in this process, although the
fabrication process could be adjusted to do so, if desired.
The pattern of the substrate thickness is visible on the
underside of a quad-array (Fig. 2(c)-(d)). The microcables
are 85 μm thick, including the insulation layer, which is
approximately 5 μm. The connecting PDMS sheet in the
packaging region is thicker, approximately 100 μm, with a
20 μm thick membrane on top of the thicker grid- or netlike sheet, which is equal to the mold height, 80 μm.
The straight microcables are shown after release in
Fig. 3(a)-(c). The microcable thickness was 80 μm for the
bottom PDMS substrate and 5-6 μm for the top insulating
PDMS layer. The elliptically shaped recording site was
100 μm x 50 μm. The arrays were fabricated with the
following changes to the published procedure (McClain et
al. 2009): 1) The substrate thickness was increased (80 μm)
to improve the tensile strength of the microcables. 2) The
height of the features on the SU-8 mold features was
increased for a thicker microcable substrate and the spacing
between the posts was increased to accommodate the

The PDMS microcables without gold were used to
determine the load and strain at failure as well as the
Young’s modulus of the substrate (Table 2). The load at
failure was significantly increased (n=3; 1-way Anova,
95% confidence interval) while the strain at failure showed
an upward trend that was not statistically different. The
microcable electrodes, with gold were approximately two
and half times stiffer than the unmetallized samples. (The
effect of the 5 μm insulating layer was included in the
thickness calculations but was otherwise assumed negligible). The microcables patterned with gold were tested at
two strain ranges (0–10% and 0–40%) to measure the effect
of increasing the crack density on the Young’s modulus of
the sample, which was calculated from the 0–10% strain
region of both sample sets (Table 3). This is confirmed
because modulus of the microcables after 40% strain is
lower than the modulus after 10% strain, while unmetallized samples did not show a change in modulus after 40%
strain. Because the calculation for the Young’s modulus of
PDMS and gold considers a continuous gold film it is
expected to give a higher value than the values experimentally obtained from samples with cracks in the gold film. As
seen in Fig. 4, some cracks are present in the film after the
device was released, due to handling and packaging of the
array. The crack morphology is shown for a sample that has
been exposed to minimal strain (from being released from
the mold) and then 2.5 and 10% strain. The morphology of

Fig. 3 The device is shown in several configurations to highlight the
flexibility and conformability of the array. The design shown here was
chosen for ease of use in electrical resistance monitoring both during

process development and during cyclic strain tests. The design is
adaptable to a shank-like profile by physically cutting the array at the
end of the window defining the microcables. Scale bar: 1 cm

4.2 Mechanical testing
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Table 2 Mechanical properties of the microcable substrates (n:3 for
failure; n:4 for Young’s modulus). The stress strain curves are
provided in the supplementary data (S1-2)
Sample

Avg strain at
failure (n=3)

Avg load
at failure
(n=3)

Young’s modulus
(n=4)

Sylgard 184

242% SD 6%

Sylgard 184/186

308% SD 16%

4.0 MPa
SD: 0.38
7.68 MPa
SD: 0.29

0.72 MPa
SD: 0.08 MPa
0.69 MPa
SD: 0.18 MPa

the cracks changes from a shear or diagonal orientation to one
that is more orthogonal with the direction of applied strain.
The composite Young’s modulus was used to compare
the theoretical bending stiffness (i.e. the product of the
Young’s modulus and second moment of inertia of the
microcable electrodes to that of the expected values of
silicon or polyimide electrodes (Young 1989). The dimensions of the silicon and polyimide electrodes were obtained
from the literature. The cross-sectional dimensions used for
the calculations were 15×80 μm for silicon (NeuroNexus
Technologies) and 30×80 μm for polyimide (Rousche et al.
2001). The PDMS microcable electrodes were 85×200 μm.
The Young’s moduli used in the calculations for silicon,
polyimide, gold and Sylgard 184/186 were 200 GPa
(Subbaroyan and Kipke 2005), 2.4 GPa (DuPont 2009),
43 GPa (Greer et al. 2006), 0.69 MPa (reported above),
respectively. The effect of the gold in the silicon and
polyimide calculations was not included for simplicity. The
inertia was calculated using Eq. 1 and the equations for the
bending stiffness of a composite beam (Eqs. 2 and 3) were
used to calculate the expected bending stiffness of the
microcable, modeled as a bilayer beam of composed of
85 μm of 184/186 Sylgard and 30 nm of gold (Young 1989).
The variables are defined as follows: I: second moment of
inertia, E: Young’s modulus, w: width, t: thickness. The
subscripts a and b refer to the gold and Sylgard in the bilayer
beam and EIeq refers to the equivalent bending stiffness.
I¼

wt3
12

ð1Þ

 2   3   
ta
Ea
ta
Eb
tb
K ¼4þ6
þ
þ
tb
Eb
tb
Ea
ta

ð2Þ

Table 3 Mechanical properties of microcable electrodes. The stress
strain curves are provided in the supplementary data (S3)
(n=3)
Microcable electrode

Young’s modulus
after 10% strain

Young’s modulus
after 40% strain

1.81 MPa,
SD: 12 kPa

1.62 MPa
SD: 8.7 kPa

Fig. 4 The gold film is shown after the microcable electrodes have
been released, from left to right, at 0, 2.5 and 10% strain. The cracks
in the zero strain view are visible, with a generally diagonal
orientation. The crack density increases with applied strain, as shown
at 2.5 and 10%. The microcable is conductive at 2.5% strain because
even though the film is cracked, there is still a conductive path. At
10% strain, the microcable is not conductive and the gold islands are
visibly separated. The scale bar is 50 μm



wtb3 ta Ea Eb
EIeq ¼ K
12ðta Ea þ tb Eb


ð3Þ

The calculations for the real and calculate value of the
microcable and the calculated values for the silicon and
polyimide electrodes are given in Table 4.
4.3 Electromechanical response to strain
The fatigue profile of the electrodes was investigated in a
preliminary manner with the 200% strain tests. An example
of the strain profile with the resistance measurement is
shown in Fig. 5(a). After five cycles of strain, the strainresistance profile showed a measurable resistance at 7% and
9% strain for the two microcable pairs and less than a 2%
variation in the baseline resistance (Data table available in
supplementary documents). The strain-resistance profile of
the two samples has been overlaid for comparison in
Fig. 5(b). A decrease in the range of strain with measurable
conductivity and increase in the baseline resistance is found
both at 1,000 and 5,000 cycles (Fig. 5(c)-(d)). The value
was taken from the average resistance variation within three
sequentially applied strains after a given cycle number was
reached.

Table 4 The theoretical bending stiffness (EI) for the microcable
electrodes is compared with the calculated value for a bilayer PDMS:
gold beam and with estimated values for polyimide and silicon
electrodes based on the dimensions provided in the literature
Shank-style electrodes of
varying substrate materials
PDMS microcable electrode
PDMS microcable electrode, expected value
Polyimide electrode
Silicon electrode

Theoretical bending
stiffness (MPa·m4)
1.9∙10-11
2.7∙10-11
4.3∙10-10
4.5∙10-9
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Fig. 5 (a) The electromechanical response to 200% applied strain is
shown above over multiple cycles with the corresponding strain
profile. The strain rate is 80% per second (absolute displacement:
1.92 mm/s, 4.8 mm per 5 s, 0.2 Hz. (b) An expanded view after five
cycles of strain is shown with the resistance profile of two sets of

microcables overlaid for reference. The two samples tested had a
measurable conductivity to 7 & 9% strain, respectively. (c-d) The full
test, measuring resistance after 1,000 and 5,000 cycles, for each
microcable pair is shown

4.4 Electrophysiological measurements

was obtained from the microcable-pair array, with a recording site separation of 1 mm. The recording in Fig. 6(c)
shows the differential amplitude between one of the
electrodes in the pair array and the third microcable, with
a recording separation of 1 cm.

The array of two microcables was threaded around the
sciatic nerve with a pair of forceps (Fig. 6(b)-(c)) similar to
the electrodes wrapped around the nerve in Fig. 1. An
additional single microcable was threaded around the nerve
approximately 1 cm distal from the double electrode array
(Fig. 6(b)-(c)). The electrophysiological recordings are
shown in Fig. 6(a)-(c). Control recordings were measured
with a pair of uninsulated stainless steel wire electrodes
2 mm apart (wire diameter: 0.5 mm; cross-sectional area:
0.19 mm2 vs. 0.017 mm2 for microcable electrodes). The
sharp initial peak is the stimulus artifact, while the
differentially recorded compound action potential is visible
several milliseconds afterward. The two differential recordings from the microcable electrodes are shown in
Fig. 6(b)-(c). The differential recording in Fig. 6(b)-(c)

5 Discussion
The microcable electrodes were designed to function in
electrophysiological applications with irregular or highlycurved surfaces that require a small footprint. The compliance and elasticity of the microcable electrode necessitates
benchmarking the mechanical properties to identify functional parameters. The microcable substrate cross-section
was minimized by using a mix of Sylgard 184/186, rather
than using Sylgard 184, which improved the ultimate
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Fig. 6 The differential recording is shown (a) between a pair of hook
electrodes spaced 2 mm apart, (b) between a pair of microcables
spaced 1 cm apart and (c) between a pair of attached microcables
(1 mm apart). In (b) and (c) the microcable arrays are in close contact
with the nerve, conforming around its circumference. The electrodes
were threaded under the nerve and pulled through to the other side
with tweezers for positioning. The recording demonstrates that the
electrodes can be curled around a small anatomical feature and obtain
a successful recording. For reference, the circular ground wire is 7 mm
in diameter

tensile strength by a factor of two. The modulus did
increase with the addition of the gold film, but the
theoretical bending stiffness, calculated as a function of
cross-sectional area, was several order of magnitude less
than the calculations approximating similar electrodes
composed of polyimide or silicon (Table 4). The electrophysiological testing shows that the electrodes can be
wrapped around small features such as a peripheral nerve
for recording electrical activity.
5.1 Mechanical testing
The tensile strain test was used to characterize the PDMS
substrate because it is the expected method of deformation
in the mechanical handling of the microcable electrodes.
The strain rate of 7–10% s-1 was selected because it fell
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within the range of anticipated strain rates during handling.
The Young’s modulus of the Sylgard 184/186 mix was not
statistically different from the modulus of the Sylgard 184
(Table 2), showing that the strength of the substrate could
be increased without compromising a low-Young’s
modulus. The mechanical substrate may be further
optimized by reducing the cross-linking density of the
PDMS substrate. The reduction in the substrate modulus
would also likely reduce the conductivity of the gold
film under applied strain as the literature shows a
correlation between the Young’s modulus of the substrate and the minimization of strain localization in the
metal film (Li and Suo 2006). The modulus of Sylgard
186 structures, which were not evaluated independently
due to the uneven surface of the spun-cast 186 films, have
a literature reported modulus of 700–750 kPa (Bergbreiter
et al. 2006; Pelrine et al. 2000). Previous reports of the
Young’s modulus of Sylgard 184 range from 0.4 MPA to
3 MPa (Engel et al. 2005; Schneider et al. 2008; She and
Chaudhury 2000). The experimentally obtained value of
0.72 MPa for Sylgard 184 is within this range, and may be
on the lower end of the reported range because of the short
application of heat during processing with the remainder
of curing occurring at room temperature (Schneider et al.
2008).
After 10% strain, the Young’s modulus of the microcable
array was 1.81 MPa, which is increased from 0.69 MPa of
the microcable without the metal film. Eventhough the
30 nm thickness of the gold is less than one thousandth the
thickness of the substrate, this increase is expected because
gold has a modulus of 55 GPa, approximately four orders
of magnitude greater than the modulus of the PDMS
substrate (0.69 MPa). Given the difference in the materials’
Young’s moduli, the approximately three-fold increase in
the composite moduli, at 1.8 MPa, is still lower than the the
moduli of other substrates (Table 1). Because the layer of
metal was very thin, and cracked, its increase in the
composite Young’s modulus is lower (Begley and BartSmith 2005). As the crack density increases under the
higher strains (40%), the modulus decreases by about 10%
to 1.62 MPa. This decrease agrees with the theory previously
described in the literature, although the mathematical relations
describing the relation between crack density and modulus are
approximate (Begley and Bart-Smith 2005). The cracks also
may reduce residual stress in the film (Ye et al. 1992). Stress
accumulation might be cause for concern in a device
intended to be highly compliant and conformal; however,
because of the low substrate modulus, the any stress
accumulation appears to be concentrated in the gold film,
visible by the wrinkles in the metal.
The experimentally obtained Young’s modulus of the
microcable electrodes was used to calculate the theoretical
bending stiffness using an analytical model. The experi-
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mental modulus accounts for the reduced stiffness in the
gold film due to strain-induced cracks, while the bilayer
beam model does not. This difference is expected to
contribute to the discrepancy in the calculations: 1.9*10-11
vs 2.7*10-11 MPa ·m4. Additionally, the modulus for gold
was taken from the literature and the effective value for the
30 nm gold film may be different due to the stress induced
from the mismatch in thermal expansion coefficients,
crystallinity and thin-film related phenomena (Bowden et
al. 1998; Qi et al. 2003; Van Swygenhoven and Weertman
2006).
The theoretical bending stiffness is an order of magnitude lower than the estimated value for a polyimide
electrode, and two orders of magnitude lower than that for
a silicon electrode. This suggests that the compliant
microcable electrodes might elicit a reduced inflammatory relative to that of the conventionally used silicon
electrodes when used as cortical implants. This trend
has already been demonstrated with parylene electrodes
that have a ladder like-architecture to reduce the
bending stiffness (Seymour and Kipke 2007). The
difficulty in using highly-compliant electrodes for intracortical applications is the availability of an accompanying
effective and reliable insertion technique. The composite
modulus is still stiffer than that of the brain (690 kPa vs.
3.5 kPa (Green et al. 2008)) but is not stiff enough to
insert without the addition of a guiding shuttle or a
degradable coating. Examples of these strategies have
been successfully demonstrated. Functionalized shuttles
with water-activated coatings are able to both deploy and
release PDMS structures with shank-style electrode geometries
(Jaroch et al. 2009; Kozai and Kipke 2009). Alternatively,
biodegradable coatings to ease insertion could also be used
(Paralikar and Clement 2008).
5.2 Electromechanical response to strain
The application of strain to the microcable electrodes
causes elastic deformation in the PDMS substrate and
plastic deformation and crack formation in the gold film. A
conductive path forms in between the cracks of the gold
film (Lacour et al. 2006). The stability of this path at low
numbers of relatively large applications of strain suggests
that the electrodes are not likely to suffer damage either
during acute use or during implantation procedures. The
increasing baseline resistance with increasing strain cycles
suggests a lack of reconnection at low strains between the
conductive islands, either due to wear at the island
interfaces or to creep in the substrate from the cyclic
application of stretch. The increase in the percent standard
deviation with each of the measurements may be due to an
increase in the potential number of connective paths from
the increased crack density or, possibly, the presence of
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delaminated particles from the metal film which move and
alter the path of conductivity with each strain.
The stretch tests were designed to determine if the
microcable electrodes could be tugged or pulled into
position during placement. As such, the strain was applied
along the long axis of the microcables. The electrodes may
also be expected to encounter strain across the width of the
microcable from compressive forces if the electrode is
pinched or otherwise pinned along its length; however,
assuming the gold film and PDMS are isotropic along the
length and width of the electrode, simple cases of this
scenario can be calculated from the strain tests on the long
axis of the microcables. The 200% strain was chosen
because it was safely below the failure strain of the Sylgard
184/186 mix. As demonstrated, the conductivity is preserved after the strain is released, even after 1,000 and
5,000 cycles, although range of strain for low resistance is
shown to reduce. The resistance profile was measured up to
220 kΩ because of instrumentation limitations, but higher
measurements are of limited use because the resistance is
greater than the impedance value of the electrode site, 100 k
Ω (at 1 kHz). Relatively small resistance changes do little
to change the electrode recording capability. When the
resistance increase becomes large enough to change the
impedance value of the electrode, it interferes with the
electrode function.
The reduction in the strain with measureable resistance
after 1,000 & 5,000 cycles was not investigated but may be
due to wear in the gold film, although stress-relaxation in
the PDMS substrate may have also contributed (Smith
1993). The rate of resistance increase was different in the
two samples tested. This may be due to intrinsic sample
variation but might be improved by optimizing and refining
the consistency of the deposition parameters for the thin-film
gold. Elastomeric microelectrodes have been presented
previously and shown conductivity up to 30% strain,
although device performance at much higher strains (i.e.
200%) was not described (Graz et al. 2009; Lacour et al.
2006; Yu et al. 2006). We have not been able to replicate
the same strain-conductivity relation at 30% strain. There
were some variations between the two devices that may
have contributed to this difference. The deposition method
for the devices conductive at 30% stain was E-beam
evaporation (Graz et al. 2009; Lacour et al. 2005, 2006;
Yu et al. 2006) while the microcable electrodes were
patterned with thermal evaporation. The radiation from the
E-beam deposition may have increased the modulus of the
substrate at the surface, improving the capacity of the
substrate to dissipate localized strain (Li and Suo 2006).
Alternately, the Young’s modulus of the Sylgard 184/186 is
0.69 MPa, while the value of the PDMS substrate used for
the 30% strain conductivity measurements may have been
higher. There are a number of other variables such as the
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deposition rate or the applied strain rate that could have
contributed to this difference. We did not investigate the
discrepancy further because the electromechanical testing of
the microcables showed that they could be stretched for
acute use scenarios without failure. Under small strains, the
resistance of the film may fluctuate over a few hundred
ohms, but the change is small relative to the impedance at
the recording site, suggesting that it will not hinder the
electrical functionality. The strain-free conductivity is less
than 1% of the impedance of the recording site (<400Ω
vs.100 kΩ). Situating the electrode under tension in a
chronic implant or even in an acute setting during electrophysiological testing is likely inadvisable because of the stress
that would be transferred to the tissue. In electrode design,
avoiding tensile loading and strain in the electrode is generally
avoided in the design to the extent possible (Kumar et al.
2006; Scheiner et al. 1994). The strain-tolerant multielectrode membrane described by Graudejus et al. was
designed for use with a stretch injury protocol, which is a
rather specialized electrophysiological application (Graudejus
et al. 2009). It is possible that the microcables could be
optimized for the strain-conductivity described by Graudejus
et al. if the variables of the deposition, substrate and strain
testing were studied in a systematic manner.
5.3 Electrophysiological testing
The differential recording of the evoked compound action
potential demonstrates the recording capability of the
microcable electrodes. The signal from the microcable
electrodes is comparable to the signal measured with the
standard stainless steel hook electrodes. Although direct
comparisons between the microcable and control electrodes
cannot be made, the characteristic shape of a compound
action potential is visible in all recordings.
The impedance of the large control electrodes is minimal
because the wires were uninsulated, while the impedance
for the microcable electrodes was 100 kΩ (at 1 kHz) as
measured with an impedance conditioning module (ICM
neuro/craft; FHC Inc, Bowdoin, ME).
The integrity of the microcable electrodes under chronic
implant conditions has not yet been tested, however the
literature suggests the devices are suitable for the in vivo
environment or could be made so with design modifications
to maximize the integrity of the insulating layers (Anderson et
al. 1988; Morent et al. 2007; von Metzen and Stieglitz 2007).
Multi-electrode arrays fabricated from thin-film gold and
PDMS have been successfully used in culture-wells for
organotypic brain slices over 12 days (Yu et al. 2009). The
time-span, while shorter than that of a chronic implant, is still
a pertinent data point in the assessment of PDMS and thinfilm gold electrode durability and functionality. The recording
site would likely be modified on an application-by-
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application basis, as the area of electrode surface optimization
is a complex research and clinical issue (Cogan 2008).

6 Conclusion
Microcable electrodes have been fabricated with the
common techniques of photolithography and spin-casting
to make the process accessible to general implementation.
The resulting electrodes were shown to demonstrate
mechanical durability and electrophysiological functionality. The microcable array profile allows for the electrodes to
be wrapped around small features such as the peripheral
nerve and for variable placement. The mechanics of thinfilm metal on a compliant substrate allow the gold to crack
in numerous places without a permanent loss of electrical
continuity after the strain is released. A low Young’s
modulus was achievable because of the thin, cracked
morphology of the gold film and the low-modulus PDMS
substrate. Based on the data in the literature, it may be
possible to further improve the quality of the film so that
the electrical continuity is preserved at an strain greater than
8%. The microcable electrode mechanical properties warrant further study as a chronic implant to determine the
response of the tissue relative to other electrodes. If the
microcable electrodes were to be used in a chronic study, it
is conceivable from the compliance that they could be
wrapped around the nerve and sutured into a cuff formation
or inserted as a shank-style array with a shuttle or
biodegradable coating.
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