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Abstract Microelectrode arrays (MEAs) are designed to
monitor and/or stimulate extracellularly neuronal activity.
However, the biomechanical and structural mismatch
between current MEAs and neural tissues remains a challenge for neural interfaces. This article describes a material
strategy to prepare neural electrodes with improved
mechanical compliance that relies on thin metal film
electrodes embedded in polymeric substrates. The electrode impedance of micro-electrodes on polymer is comparable to that of MEA on glass substrates. Furthermore,
MEAs on plastic can be flexed and rolled offering
improved structural interface with brain and nerves in vivo.

MEAs on elastomer can be stretched reversibly and provide in vitro unique platforms to simultaneously investigate
the electrophysiological of neural cells and tissues to
mechanical stimulation. Adding mechanical compliance to
MEAs is a promising vehicle for robust and reliable neural
interfaces.
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Electrode arrays designed for recording and stimulation of
neural activity are widely used in neurological research as
well as clinical therapy. Most of these arrays are microfabricated using MEMS technology and stiff materials
including silicon, glass and metals. Dense arrays of up to
256 electrodes are used in vitro to monitor/stimulate individual neurons or acute tissue slices [14, 27] and in vivo to
treat or repair damaged brain tissues or peripheral nerves
[16, 31]. These 2D arrays interface very well with neurons’
population cultured in vitro or 2D-organized neural networks in vivo such as ganglionic neurons in the retina.
However, rigid microelectrode arrays (MEAs) do not provide long-term and robust interfaces when interfaced with
3D neural tissues such as a nerve, or when mechanical
stimulation is applied to the probed tissue.
In this article, we describe the technology and design of
mechanically compliant neural MEAs, and current prototypes for in vitro and in vivo applications. The focus of
these soft neural interfaces is on extracellular recording of
action or field potentials but extracellular stimulation can
also be implemented.
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Fig. 1 Mechanical scale
illustrating the elastic modulus
of man-made and natural
materials

The mechanical mismatch between man-made device
materials for MEAs and biological tissues and cells is
clearly illustrated Fig. 1. Cells are soft and visco-elastic
with well-defined mechanical properties characterized by
elastic modulus in the range of 100s to 1,000s Pa. In vivo,
they are surrounded by other cells and extracellular matrix.
In vitro or when interfaced in vivo with man-made implants,
cells are in contact with materials that are many orders of
magnitude stiffer. For example, silicon and glass are brittle
materials with Young’s modulus of hundreds of GPa. An
increasing number of studies focused on cells’ biomechanics highlight that cells can be extremely sensitive to
changes in the mechanical properties of their surroundings,
occurring independently of the biochemical environment
[4, 18, 29, 35]. In vivo, implanted electrodes trigger a foreign body reaction leading to chronic inflammation and scar
formation [34]. Fibrotic tissue encapsulates the recording
and stimulating sites of the electrodes, and prevents reliable
and long-term electrophysiology.
Furthermore, in vivo biological tissues withstand
moderate and repeated mechanical deformations to
accommodate movements around joints. During traumatic
injuries, neural tissues may experience violent mechanical
stretch with strains of tens of percent.
The design of electrode arrays falls into one of following
categories: planar, penetrating, cuff, and regenerating
electrodes.
Planar electrodes are metallic patterns on glass, silicon
and more recently polyimide substrates designed for
extracellular stimulation and recordings in vitro on various
types of tissues or cells, e.g., acute hippocampal slices,
primary neurons or organotypic preparations [7]. Electrodes are typically patterned in 8 9 8 or 6 9 10 grids over
a few mm2 surface area, but 16 9 16 arrays are also
available [30]. Whilst planar MEAs provide spatial as well
as temporal information about neural networks, they are
rigid MEAs and thus, cannot monitor neuronal activity
from tissues or cells subject to mechanical deformation or
injury.
Penetrating MEAs are based on needle-like structures,
which are pushed into the brain or the nerve in vivo
[15, 19]. They are fabricated with silicon or titanium. They
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may comprise a single needle bearing multiple contacts on
its shaft [20, 39] or a 10 9 10 matrix of single contact
electrodes [19, 36]. Successful penetrating electrodes are
already available to humans, e.g., cochlear implants [40]
and deep brain stimulator [10, 17]. However, stable and
long-term recording and stimulation remain a challenge.
One of the recurrent hurdles is the cellular reactive
response and increased tissue-electrode impedance due to
insertion trauma, tethering and micro-motion of the stiff
needle-like electrodes.
Cuff electrodes are insulating polymeric sleeves, which
wrap around a nerve and carry electrical contacts on their
inner surface [5, 41]. Because they do not penetrate or cut
the nerve, cuff electrodes only interface with outer axons;
distinguishing between signals from different axons in the
same fascicle is then nearly impossible.
Regenerative electrodes are devices inserted to the
proximal stump of a sectioned nerve. They provide a
structure that allows for nerve fibers outgrowth, and an array
of electrodes distributed across the nerve’s cross-section,
often referred to as sieve electrodes [6, 41]. The sieve is
prepared as ‘‘transparent’’ as possible to guarantee robust
axon regeneration. However, sieve MEAs usually have a
modest number of electrodes (up to 12) given the conflict
between hole space and lead-out space [31]. Furthermore, long-term ([12 month post-implantation) reliability
of regenerative implants has not been reported.
Therefore, the challenge lies in finding technological
routes to produce electrode arrays, which disrupt minimally
the cells’ environment so that (i) they behave in vitro like
in the body, (ii) they induce in vivo minimal inflammatory
response, (iii) they provide long-term communication
between neural fibers and electronic hardware, and (iv)
when needed, they conform and deform along with the 3D
neural tissue.
In this article, we propose to use thick polymer microtechnology to design and fabricate improved MEAs. We
report on the fabrication and electromechanical characterization of flexible (polyimide-based) and stretchable
(silicone-based) MEAs. We further illustrate the potential
of compliant micro-electrodes for neuronal electrical
interfaces.

Med Biol Eng Comput (2010) 48:945–954

947

2 Methodological consideration
2.1 Microfabrication
Electrode arrays are composed of a substrate, a pattern of
metallic tracks defining the electrodes and their interconnections and an electrically insulating encapsulation
coating. Soft micro-electrodes are designed using structural polymer materials. The fabrication process of compliant MEAs is illustrated Fig. 2a. Depending on the
application, the polymer may be a plastic, e.g., polyimide,
or an elastomer, e.g., silicone. The overall process flow is
independent of the selected polymer.

(a)
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polymer
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Fig. 2 Micro-fabrication of
compliant neural interfaces.
a Process flow; b two
deformation modes: bending
and stretching

Compliant MEAs are processed on a rigid carrier, e.g., a
silicon wafer or a glass slide. First, the polymer substrate is
spin-coated on the carrier to form a uniform film of tens of
microns thickness, and cured according to manufacturers’
specifications. Then, the electrode stack is evaporated on
the polymer substrate and patterned using conventional
photolithography. The patterned electrodes are then
encapsulated with a second polymeric film. Electrode sites
and contact pads are opened in the encapsulation coating
either by etching away the polymer using reactive ion
etching or by UV insulating and developing the photopatternable polymer. The polymer/electrode/polymer structure
is then cured and peeled-off manually from the rigid carrier.
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Two compliant MEAs are presented in the following
sections: (1) a flexible in vivo regenerative MEA implant
based on polyimides, and (2) a stretchable in vitro MEA
based on elastomers. Polyimides are Pyralin 2611 HD Microsystems and photosensitive Durimides 7005 & 7020
Fujifilm. Elastomers are Sylgard 184 Dow Corning (polydimethylsiloxane PDMS) and photo-patternable silicone
WL5150 Dow Corning. The micro-electrodes are made of
a chromium/gold/chromium stack (Cr/au/Cr) with 3–5 nm/
50–150 nm/3–5 nm thickness. The recording sites are
defined by photolithography; minimum electrodes’ dimensions are 30 9 100 lm and 100 9 75 lm when embedded
in polyimide and silicone, respectively.
Sterilization of the compliant micro-electrodes is then
achieved by autoclave in deionized water at 121°C, 2 atm,
for 20 min or by soaking in ethanol for 3 h.
2.2 Mechanical design
Compliant micro-electrodes are designed to be flexed or
stretched as shown Fig. 1b.
In bending mode, the MEA is rolled and folded around a
central axis. The resulting strain in the electrode film
depends on the bending radius (R), the thickness of the
polymer/metals/polymer stack, the location of the metal
film in the stack and the stack profile. In order to minimize
the strain applied to the electrode, the metallic thin film
must be positioned at or as close as possible to the neutral
plane of the rolled structure (where the strain is null) [37,
38]. In order to do so, the thickness of the substrate (t) and
the encapsulation film (e) and the stack profile must be
optimized. This strategy is routinely implemented in flexible displays and thin film electronics [3, 37, 38]. The top
bending strain etop in a nonencapsulated metal film
(thickness, tf) on a plastic substrate (thickness, t) is derived
as etop ¼ ðt  tf Þ=2R with R the bending radius [37]. Typically, bending strains (which may be tensile or compressive) do not exceed 5% assuming that the stack is thin
(1 mm) and the smallest radius[150 lm. Thicker stacks
with U-shaped profiles can also be designed to guarantee
minimal strain in the embedded electrode layer [24].
In stretching mode, the MEA is extended and relaxed in
one or several directions simultaneously. Such deformations are encountered in vivo when a nerve extends and
relaxes over a joint [13, 26] or during a mechanical injury
[28, 42]. Applied tensile strains can reach up to 20% and
stretching cycles can occur within milliseconds [28].
Rigid or flexible MEAs cannot sustain such large
mechanical deformations, they are either too stiff or fail by
mechanical fracture of the metal at small strain. Stretchable
metallization was first reported in 2003 [1, 12, 32]: thin
gold film conductors on PDMS membrane can stretch and
relax by tens of percent strain without electrical failure and
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over thousands of cyclic loadings. The stretchability of the
metal film on PDMS relies on the built-in microstructure of
the gold film and on the extreme compliance of the elastomeric substrate [12, 23]. Such stretchable metallization is
now implemented to produce ultracompliant MEAs.
2.3 In vitro and in vivo protocols
In vitro experiments were conducted in accordance with
Columbia University IACUC, and in vivo experiments
were carried out in accordance with the United Kingdom
Animals Act, 1986.
2.3.1 Organotypic hippocampal brain slice cultures
Hippocampal slices were prepared as described previously
in [42]. In brief, hippocampi from rat pups (9 days old)
were removed and sectioned into 40-lm thick slices. The
latter were plated directly onto sterile silicone MEAs,
which were precoated with laminin and poly-L-lysine. The
slices on MEAs were maintained under standard culture
conditions (37°C, 5% CO2) for at least 5 days.
2.3.2 Sciatic nerve implants
Rolled MEA implants were sterilized in 70% ethanol for
3 h and filled with saline before implantation in adult
Lewis rats. Surgery was conducted under general anaesthesia using a mixture of intraperitoneal medetomidine
(0.25 mg/kg) and ketamine (60 mg/kg), and with sterile
precautions. The right sciatic nerve was transected at midthigh level, and the stumps stitched into the ends of the
polymeric implant. The external connector was positioned
subcutaneously. After implantation, muscle and skin were
reapproximated and sutured in layers.
2.4 Instrumentation
2.4.1 Electrode characterization
Impedance spectra (modulus and phase) of the electrodes
embedded in polyimide and silicone were recorded in
saline solution using an HP impedance analyzer in the
100 Hz to 100 kHz frequency range (25–100 mV excitation voltage) [11, 24].
The electrical response of the micro-electrodes was also
evaluated as a function of mechanical deformation (bending and stretching). Rolled micro-electrodes in polyimide
were tested over a period of 3 months in saline solution;
micro-electrodes embedded in PDMS were cycled to strain
of up to 20% in customized electro-mechanical stretchers.
The stretchers’ design is described in detail in [1, 11, 12].
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Applied strain and strain rate are in the ranges of 0.1–20%,
and 0.2%/s–0.2%/min, respectively.
2.4.2 Electrophysiology
2.4.2.1 In vitro recordings Neural activity was recorded
from hippocampal slice cultures perfused with artificial
cerebrospinal fluid and maintained at 37°C. After 5 days in
culture, spontaneous or evoked field potentials from hippocampal slices were recorded using the silicone MEAs
interfaced with a MultiChannel system [11, 42]. Evoked
signals were triggered with constant current stimulation
(0–200 lA in 10-lA steps) using one of the MEA electrodes. After initial recordings, the MEA with adherent
slice was biaxially stretched to 8% Lagrangian strain and
relaxed. Neural activity was immediately recorded postinjury from the very same electrodes thus providing an
accurate mapping of the slice.
2.4.2.2 In vivo extracellular recordings Action potentials
from regenerated sciatic nerve fibres were recorded using
rolled MEA implants. Recording sessions were performed
under terminal general anaesthesia (urethane, 1.25 g/kg,
i.p.). At 12 weeks post-implantation, the implant and
connector was exposed, and connected to external amplifying, filtering, and recording hardware. Nerve signals
resulting from cutaneous stimulation were recorded using
individual electrodes in the implant, against a reference
electrode inserted into nearby muscle. The recording
channel was amplified 1,0009–10,0009 and bandpass filtered from 500 Hz to 10 kHz. Signals were then monitored
visually and acoustically, and stored with a Tektronix
digital storage oscilloscope. Pin electrodes were inserted
transcutaneously into the foot and square wave constant
current stimuli applied (2-ms duration, 5-mA amplitude).
Responses to such stimulation were recorded and averaged,
typically for 10–100 sweeps.

3 Practical applications
3.1 Polymeric extracellular electrodes
Figure 3 shows optical micrographs of gold micro-electrodes embedded in polyimide (Fig. 3a) and silicone
(Fig. 3b). The polymeric arrays are first manufactured flat;
the gold tracks are embedded between upper and lower
layers of polyimide or silicone.
Polyimide arrays were prepared with a 25-lm thick
Pyralin 2611 substrate (HD Microsystems) and encapsulated with a 5-lm thick photosensitive polyimide layer
(Durimide 7505, Fujifilm). The metallic tracks were prepared by thermal evaporation of 150-nm thick gold film on

Fig. 3 Optical micrographs of flexible and stretchable micro-electrodes. a Top view of a gold electrode sandwiched between a
polyimide substrate and a photosensitive polyimide film. The
recording site, 30 9 100 lm surface area, is defined by an opening
in the top coating. Channel refers to the micro-channel shown Fig. 5
[24]. b Top view of a silicone micro-electrode array. Eleven gold
electrodes are patterned on a silicone substrate and encapsulated with
a photo-patternable silicone. Openings in the top silicone are larger
than the electrodes’ recording sites [11]

5-nm thick chromium adhesive and patterned by photolithography. Recording sites are typically 30 9 100 lm
(Fig. 3a).
Silicone arrays are prepared in a similar sequence using
Sylgard 184, Dow Corning, substrate (280 lm thick) and
photo-patternable silicone encapsulation (WL5150 Dow
Corning, 15 lm thick). Silicones are widely used in the
fabrication of hybrid cuff electrodes in combination with
platinum foils [33]. Patterning MEA directly onto the
elastomeric substrate is of a recent concern [22, 25, 26].
We have optimized the patterning of thin (\100 nm)
gold films onto PDMS allowing for the microfabrication of
robust and highly stretchable micro-electrodes [1, 11].
Features as small as 30 9 30lm2 can be defined in 40-nm
thick gold film on PDMS with 90% yield, and using standard photolithography [1]. The encapsulation silicone is
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3.2 Electrode impedance as a function of mechanical
deformation
Neural electrodes are used as the electrical point of contact
between the action potentials travelling along the neurons
and the electronic hardware. The maximum potential
change seen extracellularly is a fraction of the action
potential’s amplitude and is proportional to the ratio Rout/
(Rout ? Rin) with Rout being the electrical resistance of the
extracellular fluid and Rin the resistance inside the cytoplasm. Given the low resistivity of the extracellular medium, recordable extracellular signals are small, i.e., in the
5–100 lV range [8]. Recording electrodes have typical
impedance at 1 kHz of a few tens of kohms to 1 MX,
typically characterizes recording electrodes. In addition,
compliant neural electrodes must provide reliable response
when mechanically deformed.

(a)
impedance (kΩ)

typically 10–50 lm thick and allow for the definition
of large openings, [50 lm side. Figure 3b illustrates an
11-electrode silicone array with 100 9 200 lm2 openings
in the top silicone defining *75 9 100 lm electrodes [11].

Med Biol Eng Comput (2010) 48:945–954
10000
e3 unrolled
e9 unrolled
e3 rolled
e9 rolled

1000

100

10
100

1000

10000

100000

frequency (Hz)

(b)

3.2.1 Bending
Metallic electrodes embedded in flexible polyimide films
can withstand prolonged bending in biological medium,
both in vitro [24] and in vivo. Figure 4a illustrates the
impedance modulus spectra of two polyimide micro-electrodes as a function of mechanical deformation. The electrodes are either held flat (unrolled) or rolled into a 1.5-mm
outer diameter silicone tube. No changes are observed in
the electrode response with bending, Z * 1 MX.
The impedance of the rolled electrodes was measured
in six implanted animals at 3 months post-implantation
(the implant design and functions are detailed in the next
section). The exposed area of each electrode was 100 9
50lm2, positioned halfway through the length of the
implant. About 80% of the micro-channel electrodes (20
per implant) had relatively low impedances, which averaged about 1.2 ± 0.3 MX (at 1 kHz). The remaining
electrodes were open circuited or had high impedances of
[5 MX.
3.2.2 Stretching
Silicone electrodes can bend and stretch reversibly. Thin
gold film on PDMS can sustain uni-axial stretch up to
100% strain without electrical failure and fatigue little
when cycled by 20% strain thousands of times [12].
Mechanical deformation in vivo is often multidirectional.
Therefore, the response of silicone electrodes to multi-axial
strain must be evaluated. Figure 4b presents the electrical
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Fig. 4 Electrical impedance of compliant electrodes. a Impedance
spectra of polyimide electrodes as a function of bending. The rolled
electrodes are held under compression into a 1.5 mm inner diameter
tube [24]. b Electrical impedance of a stretchable micro-electrodes as
a function of applied radial strain. The electrode is cycled to 10%
strain in 1 and 2% strain. Inset: sketch of the radial stretcher [11]

impedance of a stretchable micro-electrode prepared on
PDMS (0.3 mm thick) and encapsulated with patternable
silicone (15 lm thick) as a function of applied radial strain.
Figure 4b inset shows a schematic of the experimental setup: the silicone electrode array is placed against a hollow
tube and pulled down against the tube inducing radial
stretch in the elastomer. Before stretch, the electrode
impedance at 1 kHz was 50–150 kX; it increased with
applied radial strain and recovered during unloading to
about its initial value. At biaxial strains of a few percentages, the impedance was found suitable for extracellular
recording (Z * 0.1 MX–1 MX) [42].
The stretchability of the metallic electrodes relies on the
built-in morphology of the gold film on PDMS. When a
thin (\100 nm) evaporated gold film is deposited on
PDMS substrate, the metal does not form as a continuous
film but rather as a network of coalescent gold islands
separated by micron scale cracks randomly dispersed
throughout the film surface. Upon mechanical stretching,
the gold ligaments, well adhered to the PDMS, tilt and
deflect out-of-plane whilst the microcracks open and close
[23]. This mechanism minimizes the mechanical stress and
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related strain within the gold film, which can, therefore,
expand up to twice its length without irreversible fracture.
Further, electrode impedance characterization as a
function of maximum strain and strain rate, strain directions, cycling and extracellular fluid exposure is on-going
to clarify the stretchability mechanisms, and to establish an
accurate electrical model of stretchable micro-electrodes.

4 Discussion—example applications
We now proceed with the description of two novel neural
interfaces using flexible or stretchable electrode arrays.
4.1 Bundle of micro-channel electrode arrays
for peripheral nerve interface
Figure 5 presents a polyimide electrode implants designed
for peripheral nerve repair. The neural interface is a 3D
bundle of parallel micro-channels in an insulating PI substrate (Fig. 5a, b) hosting embedded micro-electrodes that
are exposed to the interior of the channels (Fig. 3a). The
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outer dimensions of the polyimide implant are 4 mm in
length and 1.5 mm diameter, matching the diameter of an
adult rat’s sciatic nerve. Each channel has a 100 9 100 lm
cross-section. The implant is housed within a silicone tube,
into the ends of which the proximal and distal stumps of the
severed nerve are sutured. The micro-channel nerve interface is made initially as a flat plastic strip with open-topped
channels and embedded micro-electrodes in polyimide
using the processes described above. The strip is then
rolled up into a cylinder so that the base layer of each turn
of the roll roofs over the channels in the previous turn,
yielding an array of closed micro-channels. The embedded
electrodes (Fig. 3c) are connected by conductive tracks
within the substrate to contact pads at the side of the device
that can be linked to external electronic circuitry using a
compliant cable. The polyimide contact pads are interfaced
with electronic hardware using a commercial connector
such as a zif connector. The recording sites are typically
100 9 50 lm2 9 150 nm gold pads; 20 electrodes per
implant are distributed in micro-channels in the third rolled
layer where the bending radius is *600 lm [2]. Note that
this third rolled layer was selected as it supports the most

Fig. 5 Flexible micro-electrode
arrays. a Cross-section of a
rolled MEA obtained by
scanning electron microscopy.
The implant accommodates
*190 micro-channels, of which
20 hosts one rolled microelectrode (distributed in the
third roll) [2]. b Macroscopic
view of rolled MEAs inserted in
silicone tube for implantation in
rat’s sciatic nerve. The tube has
a 1.5 mm inner diameter. The
compliant connector is sticking
out of the roll for subcutaneous
insertion. c Schematic crosssection of the channel pattern
showing the structure neutral
plane (strain & 0%) at the
electrode layer. d In vivo nerve
activity recorded by a rolled
micro-electrode at 12 weeks
post-implantation. The
recording site is positioned at
the midpoint of the microchannel, 2 mm away from each
end. The sensory signals were
generated by stimulating the
rat’s toe with needle electrodes
(conduction distance
approximately 70 mm) and
averaging the potentials
recorded by a single electrode
(10 sweeps). A single
stimulation pulse on the rat’s toe
excites several sensory fibres
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robust axon outgrowth compared to channels located on the
outer roll of the implant [21]. The metallic leads and
electrodes are positioned at the mechanical neutral plane of
the structure: the thickness of the polyimide substrate,
encapsulation and channel along with the profile of the
channels (Fig. 5b) were optimized to minimize the strain in
the metal [21, 24].
The polyimide micro-channel electrode arrays support
axon regeneration and vascularisation. Electron microscopy images taken from the distal nerve immediately after
the implant illustrate regenerated ‘‘mini-nerves’’ along with
blood vessel and regenerated myelinated axons. Robust
vascularisation is observed through most micro-channels
[21].
Action potentials can be reliably recorded extracellularly using the 3D polymeric implant. Figure 5d shows a
typical extracellular recording in vivo obtained from one of
the rolled micro-electrodes when stimulating the one toe
with needle electrodes. The graph illustrates compound
action potentials (typically [50 lV) and single fibre action
potentials (typically [10 lV). More than half of the electrodes tested recorded waveforms, which demonstrates the
robustness of our compliant electrode technology.
These first prototypes had 120 micro-channels each, 20
of which had a single electrode positioned at the midpoint
of the channel. In theory, the micro-electrode layout could
be designed to provide one electrode per channel
throughout the cross-section of the device to maximize the
number of efferent and afferent fibers that the interface
could communicate with in the regenerated nerve. Furthermore, previous in vitro experiments indicate that a
tripolar electrode configuration is recommended to minimize electrical noise and ensure that APs can be accurately
discriminated [9]. More than 300 electrodes per implant is
not realistic at this stage, mainly because of difficulties
with lead-out from the device to external circuitry, but a
few selected channels could host tripolar electrodes to
enable optimal signal to noise performance.
The rolled micro-channel MEA sets the ground for
promising bidirectional peripheral neuroprosthetics.
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deformation of a hippocampal slice plated on a stretchable
MEA, and field potentials monitoring before and immediately after injury. Figure 6a shows a top view of the
experimental set up: the stretchable MEA is mounted
between two PCBs (as shown Fig. 6a) fitted in the Multichannel Systems hardware, and sits above a cylindrical
indenter (central ring Fig. 6a). The hippocampal slice is
plated at the centre of the silicone MEA.
Figure 6b shows four graphs of field potentials recorded
from a non-injured then injured slice. The top graphs
illustrate stimulation-evoked activity from the hippocampal

4.2 Stretchable micro-electrode arrays for in vitro brain
trauma study
Traumatic brain injury (TBI) is caused by acceleration or
blow to the head. As a result, brain tissues (often from the
hippocampus involved in learning and memory) are suddenly deformed to strain levels inducing cell damage and
ultimately death [43]. At the cellular level, normal neuronal
electrophysiology is altered. In order to mimic such abrupt
mechanical deformation and better assess its consequences
on neuronal communication, we have designed an in vitro
injury set-up allowing for simultaneous mechanical
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Fig. 6 Stretchable micro-electrode array. a Experimental set up. A
hippocampal slice is seeded on a stretchable MEA and mounted over
a hollow cylindrical indenter. Upon stretching, the stretchable
membrane slides against the indenter and stretches the MEA and
slice simultaneously. The SMEA is interfaced with a commercial
MultiChannel Systems MEA60 recording system. b Typical field
potentials recorded with the silicone MEA from a healthy (top) and
mechanically injured, 8% radial strain, (bottom) slice. The slice was
injured 5 days after plating (5DIV). Evoked activity was first
recorded at 2DIV (top left graph). The four recordings were obtained
from the very same electrode/slice interface [42]. Biphasic stimulating pulses are applied through two other electrodes of the array
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slice recorded with one electrode of the stretchable MEA at
two time points (2 and 5 days in vitro). Biphasic stimulating pulses are applied through two other electrodes of
the array. The bottom graphs show the tissue response to
sudden biaxial strain: before stretch, little activity is
detected following onto the electrical stimulation. However, immediately after 8% strain biaxial stretch (within a
few seconds of injury), both stimulated and spontaneous
activities are recorded [42]. Note that the stretchable
electrodes are not affected by the biaxial stretch, and do not
impair the quality of the extracellular recordings. Such
stretch signature could not be detected with conventional
non-stretchable MEAs, which require the transfer and
repositioning of the injured slice onto the array. Clearly
stretchable MEAs provide a unique research platform to
study TBI, and may possibly be implemented for in vivo
neural interfaces.

5 Conclusion
Neural electrodes rely on an accurate and reliable interface
between the neuronal cell(s) and the electrode recording
sites. Advanced microtechnologies using polymers offer
new opportunities for the development of active neural
interfaces that go beyond the design of rigid and planar
MEAs. We have optimized a set of fabrication processes
for highly compliant interfaces without compromising on
electrode performance, and demonstrated promising in
vitro and in vivo extracellular recordings using flexible and
stretchable micro-electrodes.
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