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Abstract—Intracortical microelectrodes play a prominent role
in the operation of neural interfacing systems. They provide an
interface for recording neural activities and modulating their
behavior through electric stimulation. The performance of such
systems is thus directly meliorated by advances in electrode
technology. We present a new architecture for intracortical elec-
trodes designed to increase the number of recording/stimulation
channels for a given set of shank dimensions. The architecture
was implemented on silicon using microfabrication process and
fabricated 3-mm-long electrode shanks with six relatively large

m m pads in each shank for electrographic signal
recording to detect important precursors with potential clinical
relevance and electrical stimulation to correct neural behavior
with low-power dissipation in an implantable device. Moreover, an
electrode mechanical design was developed to increase its stiffness
and reduce shank deflection to improve spatial accuracy during
an electrode implantation. Furthermore, the pads were post-pro-
cessed using pulsated low current electroplating and reduced their
impedances by 30 times compared to the traditionally fabricated
pads. The paper also presents microfabrication process, electrodes
characterization, comparison to the commercial equivalents, and
in vitro and in vivo validations.

Index Terms—Functional electric stimulation (FES), intracor-
tical electrodes, microelectrode arrays, neural interfacing.

I. INTRODUCTION

F UNCTIONAL electric stimulation (FES) is a neuromod-
ulation technique developed for stimulating peripheral

nerves [1], the spinal cord [2], or the brain in order to regulate
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the activity of a cluster of neurons [3]. It has the potential to
provide invaluable medical procedures and therapies for the
diagnosis and treatment of central nervous system disorders
and to enable the development of neuron interfaces for medical
prostheses [4]–[9]. FES offers methods for restoring motor
function and regulating organ activities through direct interac-
tion with the nervous system in order to activate nerves that
innervate extremities and organs [10]. Intracortical electrodes
designed for chronic recording and stimulation are key ele-
ments in neuromodulation and functional electric stimulation
systems [11]–[14]. Electrode design influences the reliability
and efficacy of electrotherapeutic techniques, and advance-
ments in electrode technology will meliorate the quality of the
therapy delivered.
Progress in intracortical electrode design has been marked by

many innovations, beginning with glass micropipettes limited
to single-site recording and suitable for in vitro and single-cell
recording [15]. Microwire bundle electrodes then replaced glass
micropipettes for rodent and primate signal-recording proce-
dures with an increase in the number of recording spots to four
(tetrodes) or nine (niotrodes) [16]. Such electrodes are easy to
fabricate; however, they have low positional accuracy and are
limited to a single channel per wire [17]. Electrode design bene-
fited greatly from advances in microfabrication technology, and
thin-film electrodes were introduced in 1970 [18]. Thin-film
technology employed microfabrication and photolithographic
techniques to produce multisite electrodes for recording [19]
and stimulation applications [20]. Multi-shank electrodes ex-
panded the number of channels that could be incorporated and
enabled the creation of multidimensional electrode arrays with
high spatial resolution. Increasing the number of channels im-
proves the functionality of the electrode. A dense constellation
of interface channels would thus enhance the spatial accuracy
and mapping resolution of the interface, allow superior current
steering, and provide redundant channels in order to compen-
sate for post-implantation pad malfunctions.
Increasing the number of channels per shank is limited by

the dimensions of the pads and the electrode. Microelectrode
recording pads normally have small surface areas (176 m
to 703 m ) [21] for spike recordings [22] and multiunit
recordings [23], while local field potential (LFP) recording
requires a minimum area of 11 304 m [24]. The LFP is
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comprised of slow voltage waves ( 100 Hz) that result from
neural activity. These low-frequency spectral contents are con-
sidered electrographic signal precursors with potential clinical
relevance [25]. However, electrodes with smaller surfaces may
block or degrade LFP recordings, yielding higher impedance in
low-frequency bandwidths. An additional factor is that neural
stimulation requires relatively large electrode pads, but larger
pads and high-count stimulation channels necessitate expanded
electrode probe dimensions. Also, the interconnect pads and
connectors contribute to the electrode dimensions. The result
would be an increase in tissue trauma and the associated
foreign body response, and eventually, the glial scar would
form around the electrodes which would inhibit its effective
operation [26]. Stimulation pads are usually designed to have
large areas m for the delivery of sufficient elec-
tric charges to suppress abnormal electrographic seizure [27],
[28]. Expanding the pad area also reduces channel impedance,
a desirable characteristic of LFP recordings and implanted
electrical stimulation devices because it extends battery life.
In this paper, the microelectrode architecture and the asso-

ciated fabrication process are developed to address the design
and fabrication challenges of multi-channel stimulation and
LFP recording electrodes. The microelectrodes were fabricated
in densely packed channels for LFP recording and stimulation
applications. The electrode architecture was designed to exploit
a given set of shank and pad dimensions and allows increasing
the number of stimulation channels without changing the shank
width to reduce tissue trauma and maintain the biocompati-
bility of the electrode. The electrode was designed to have rigid
structure in order to avoid mechanical deflection and improve
insertion spatial accuracy. Furthermore, low impedance in each
channel was achieved by increasing the pad area and utilizing
pad postprocessing technique described later. This paper also
explains the mechanical and electrical modeling and analysis
of the electrode, describes the fabrication of the prototypes,
and presents a postprocessing technique for reducing electrode
impedance. The electrical characterization and impedance
measurements are elaborately discussed, as well as in vitro
stimulation on human brain slice and in vivo recordings from
adult rats are illustrated.

II. ELECTRODE DESIGN AND LAYOUT

The metal layer of the electrode is comprised of a number
of elements including: interface pads that come into contact
with the neurons, interconnect pads for mating the electrode
to the external circuitry, and routing tracks that couple the
interface pads with the associated interconnect terminals. In
conventional electrode designs, the interface pads and routing
tracks are accommodated on the same metallization layer.
Fig. 1 illustrates sketches for the conventional (a) and proposed
(b) electrode layouts, the shown diagrams demonstrate arbi-
trary shank thicknesses which will discussed quantitatively in
the mechanical design analysis in Section III. The tracks are
considered overhead that consume the limited shank area, and
adding more channels requires expanding the shank width.
This would aggravate tissue trauma and intensifies the as-
sociated foreign body response. Using narrow tracks would
reduce the shank width; however, the minimum track width is

Fig. 1. Comparison of a conventional electrode (a) and the proposed double
metallization layer architecture (b). Conventional design accommodates the
stimulation pads (yellow) and tracks (blue) on the same metal layer. The
proposed architecture separates the pads and tracks into two distinct metal
layers, and the associated pads and tracks are connected through buried vias
(red).

bound by the resolution associated with the microfabrication
process. Narrow tracks would also contribute to the electrode
impedance. Moreover, reducing track width might aggravate
its mechanical vulnerability when used in flexible electrode
structures. In conclusion, narrow tracks offer limited improve-
ment to channel packing; and the maximum number of pads is
constrained by the shank width.
The proposed electrode architecture is comprised of two met-

allization layers separated by dielectric film. The bottom layer
forms the routing tracks, while the top carries the exposed inter-
connect and stimulation pads. The associated pads and tracks are
connected through the dielectric layer by means of buried vias.
A previously implemented commercial recording electrode in-
volved layering the routing tracks underneath the pads [21].
However, the electrode architecture presented and the associ-
ated fabrication process were developed for electrodes that ac-
commodate a large number of low-impedance stimulation chan-
nels, with the stimulation pads being characterized by surface
areas up to 120 times larger than the recording pads [27]. Such
large areas significantly lower channel impedance and can thus
extend battery life for implantable devices. The new architecture
utilizes the vertical space in order to increase channel packing,
while reducing the width of the shank to the pad dimensions.
Fig. 1 provides a comparison of conventional layouts and the

one proposed, illustrating the difference in shank width required
for packing six pads on the conventional shank (190 m) and
the proposed shank (130 m). In Fig. 1, the top view of the
electrode shank shows the stimulation pads (yellow) overlap-
ping with the tracks (red) and isolated by the dielectric layer
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Fig. 2. Sectional view of the proposed stimulation electrode; the figure reveals
portion of the stimulation pad (yellow), buried via (green), dielectric isolation
layer (red), and passivation layer (orange).

in which the buried vias (green) were created in order to con-
nect the pairs of pads. The sectional view in Fig. 2 illustrates
the anatomy of the electrode: a portion of a stimulation pad is
shown in contact with the associated track through the via, and
the top surface of the electrode is passivated with a dielectric
layer.

III. ELECTRODE MODELING AND DESIGN OPTIMIZATION

The geometry of the electrode and the design of the metalliza-
tion layer were optimized in order to improve mechanical and
electric performances. The electrode structure was designed so
that it would survive implantation and postoperative mechanical
loads. The nonuniform structure of metal layers was modeled to
investigate the parameters contributing to the electrode electric
resistance which is required to be reduced in order to reduce
power consumption during current-controlled stimulation. Fi-
nite element parametric modeling and analysis were conducted
using Ansys Workbench 12, and sensitivity analysis was em-
ployed to investigate the effects of different design parameters
on electrode performance.

A. Mechanical Analysis

The electrode was designed to have a stiff structure in order
to reduce mechanical deflection during the surgical procedure
and also to improve the accuracy of spatial implantation into the
deep brain of rats or mice, e.g., in the hypothalamus, nucleus ac-
cumbens, or brainstem regions. Silicon was chosen for the struc-
tural layer because it provides the required mechanical proper-
ties and is suitable for microfabrication. Although silicon is con-
sidered brittle, miniaturizing the structure to micro-dimensions
reduces the probability of defects and critical cracks so that the
properties of the material can reach the defect-free theoretical
limit and the fracture strength of the structure is enhanced. Sil-
icon was therefore used to fabricate a thin probe with shank
thickness of 10 m. The thin shank exhibited flexible structure
that could be bent to angles exceeding 90 [16]. However, to
maintain the stiffness essential to maintain the spatial accuracy
of implanting the silicon probe; a brittle silicon model was em-
ployed in the mechanical analysis for bulk structures.
To minimize tissue trauma, the layout of the electrode was

developed so that brain tissue could be penetrated without
insertion devices, i.e., insertion stylus. The styli or similar

Fig. 3. Free body diagram illustrating the forces acting on the shank during
insertion.

insertion equipment increases the electrode footprint leading to
aggravated tissue damage. The design therefore incorporates
the structural rigidity required for withstanding the mechan-
ical loads inherent in insertion and operation. Reducing the
footprint of the electrode reduces tissue trauma and enhances
biocompatibility [30], [31] but also compromises structural
strength and mechanical performance. During brain issue
penetration, the electrode is subjected to buckling and fracture
failures [32]. While during operation, it experiences mechanical
loading caused by the cortical dislocation that occurs due to the
pulsating forces generated by the circulatory and respiratory
systems and by the rotational acceleration of the head [33]. The
insertion force applied to the electrode should be sufficient to
overcome the axial reaction force created during tissue penetra-
tion. The latter force is caused by the superposition of the tip,
with clamping and friction forces acting on the electrode side
walls and the tip, as illustrated in the free body diagram shown
in Fig. 3. The penetration force was estimated in the literature
to be 1 mN [34], [35], and this value was therefore assumed for
the electrode modeling.

B. Buckling Analysis

Buckling is a failure mode that vulnerates slender structures
and disturbs the structural equilibrium when the exerted axial
force exceeds a threshold value identified as the critical load.
This process drives the electrode into an unstable state and
causes its eventual collapse. The critical point during elec-
trode insertion occurs immediately prior to tissue penetration,
when the axial load and the effective length of the electrode
reach their peaks [36]. The critical load value is a function of
the geometry, material, and end support configuration of the
electrode. The buckling resistance drops with the presence
of material defects; geometrical asymmetry; and eccentric
loading, which introduce bending moments and promote cur-
vature. To prevent buckling failure, the electrode should be
designed to have a critical load greater than the force required
for tissue penetration. During tip penetration through tissue,
the electrode base is held by a stereotaxic micro-manipulator
apparatus which restricts the electrode displacement along the
direction of penetration. This condition is called fixed-pinned
loading. However, due to electrode flexibility; the accuracy of
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Fig. 4. Fixed-free Eigen buckling model for the electrode layout.

Fig. 5. Histogram of critical loads for different electrode layouts: Fixed-free
Eigen buckling analysis.

the spatial implantation was sometimes compromised when
thin silicon substrate or polyimide-based flexible probes were
used. As a result, the electrode was designed to have stiff
structure and a safety factor of 10 was applied in order to
ensure the strength, straightness, and stiffness of the silicon
probes [33]. The electrode was modeled for Eigen buckling
analysis, and unity axial force was applied to its base. Different
layouts were modeled and analyzed, and the critical loads were
estimated to represent the forces that can provoke buckling
failure for different electrode designs and thicknesses Shanks
with uniform cross-sections were modeled in order to calibrate
the simulator using analytical techniques. A parametric model
was created for the optimization of the design, and the shank
width was fixed at 130 m, with a thickness varying from 20
to 200 m. The complete design model is shown in Fig. 4 and
critical loads for select 3-mm-long electrode thicknesses are
demonstrated in Fig. 5. The results of the analysis show that a
3 mm shank with a thickness of 20 m has a critical load of
5 mN, which drops to 0.9 mN for a 6 mm shank. A safety factor
of 10 that corresponds to 10 mN was applied to find thickness
of the shank [33].

C. Lateral Bending Stress Analysis

During implantation and operation, the electrode is affected
by lateral forces normal to the shank, which induce bending mo-
ments and create out-of-plane deformation that can cause frac-
tures in brittle structures. Fixed-free support condition that rep-
resents loading according to the worst case scenario was as-
sumed, and two sets of analyses were executed. The first was
an extension of the buckling analysis in order to estimate the
maximum principal stresses in response to compressive axial
loading. This study was followed by a static structural analysis,

Fig. 6. Safety factor distribution for lateral bending loading of 200 m silicon
electrode.

in which the electrode was loaded with a 1 mN lateral bending
force equivalent to the value of the force required for electrode
insertion. When a brittle silicon beam is subjected to mechan-
ical stress, it undergoes minor elastic deformation followed by
a sudden fracture as the stress exceeds the yield strength; there-
fore, the fracture analysis of the brittle structures included con-
sideration of the maximum principal stress theory (Rankine cri-
terion), based on the assumption of the ultimate tensile strength
(UTS) being the maximum loading limit. The safety factor was
calculated based on a comparison of the failure load with the de-
sign load according to (1), and a value equal to or greater than 10
was considered acceptable. To identify high stress spots, safety
factor distribution contours were plotted in order to indicate the
ratio between the maximum stress and the maximum strength
for the different models, and the electrode layout was modified
so that points of concentrated stress would be avoided. Stress
Safety Factor

(1)

where the failure load is the yield stress, and the design
load is the allowable stress.
Lateral bending forces applied to the shank of the electrode

created tensile stresses on one side and compressive stresses
along the other. Consequently, the side subjected to the com-
pressive stresses does not fail because the ultimate compressive
strength for a brittle material is greater than the tensile strength.
Through stress analysis, the principal stress exerted on the shank
in response to the applied forces was estimated, and the results
implied that the minimum thickness at which the silicon elec-
trode could achieve a safety factor of 10 throughout its structure
was 200 m, as shown in Fig. 6. The results of the mechanical
analyses were thus considered to be design guidelines for pre-
venting mechanical failure.
The complete single-shank electrode layout was extended to

create a quad-shank array that provides 2-D constellation of in-
terfacing channels with 1 mm shank spacing. The array was
modeled in order to investigate its response to lateral bending
loading. Lateral force of 10 mN was applied normal to the base
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Fig. 7. Lateral loading of quad-shank electrode array: (a) force is applied to
base edge and (b) force is divided equally and applied to base sides.

TABLE I
PARAMETRIC MODEL VARIABLES

of the electrode, and the shank tips were fixed, in accordance
with the assumption of fixed-free support conditions. As shown
in Fig. 7, the forces were loaded in two different configurations:
the first was applied to the top edge of the base, and the second
was divided into two equal components applied to each of the
sides of the base. The results show a slight drop in the resistance
of the array to lateral bending failure, so in order to achieve the
required safety factor; the minimum thickness was increased to
250 m. The electrode was also subject to lower stresses when
the force was applied at the sides of the base than when it was
applied to its tip, findings that suggest that the sides of the elec-
trode base should be supported during penetration.

D. Electrical Analysis

The electrode architecture contains two metal layers com-
prised of several components: routing tracks, stimulation pads,
interconnect pads, and buried vias. The hypothesis was that
components with narrow cross-sections, e.g., the routing tracks
and the vias at the stimulation pads, would be the predominant
contributors to the impedance of the metal structure. A finite el-
ement model was created in order to estimate the dc resistance
of the metallization layers and to explore the effects of different
electrode components on its value. The ac impedance was ex-
perimentally characterized, as described in Section V-A.
A unity voltage was applied at the stimulation pad, and the in-

terconnect pad was grounded. The current through the metallic
structure was estimated, and the resistance was calculated. The
modeling produced a resistance of 70.94 , a simulated result
in good agreement with the experimentally measured resistance
discussed elaborately in Section V-A. The results obtained from
the postprocessing and parametric model sensitivity analyses
were helpful for the investigation of the effects of different vari-
ables and parameters on the electrode resistance. The dimen-
sions of the components were varied within a range of prac-

Fig. 8. Postprocessing results of the parametric model: sensitivity analysis ex-
hibiting the influence of electrode dimensions on the current flow. Based on the
components dimensions, track length dominates the contribution to the track dc
impedance, while its cross section has moderate effect.

Fig. 9. Electrode fabrication process: Starting with clean silicon wafer (a), an
oxide layers is deposited (b), then the first metalization layer was formed and
patterned (c) followed by spin coating and curing the polyimide dielectric layer
(d). The polyimide layer was patterned, dry etched, and coated with metallic
layer to create the burried vias (e). The second metallization layer was deposited
and patterned to create the pads (f), and finally the electrode was released.

tical fabrication values, and two operation temperatures were
configured to represent ambient lab (20 ) and human body
(37 ) conditions. The values of the parametric model are
listed in Table I. The results of the sensitivity analysis were
plotted as shown in Fig. 8, and the lengths of the bars indicate
the relative contribution of each component to the dc resistance.
Based on the given of constraints and boundaries for the com-
ponents dimensions; the sensitivity analysis exhibited the dom-
inance of the track length to the dc impedance value, whereas
the cross section of the track and the width vias have only mod-
erate effects, and the other parameters appear to have a negli-
gible influence. A thermoelectric model was created as a means
of investigating the joule heating and the resultant rise in tem-
perature caused by the current flow. The simulation, executed
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Fig. 10. Fabricated electrodes. (a) Single shank electrode with six gold stimulation pad. (b) Quad shank electrode with six gold stimulation pads per shank pro-
viding 2-D array of stimulation channels. (c) SEM picture of the electrode shank. (d) Close up view for the electrode tip.

at 20 and 37 , revealed a temperature rise of less than
1 , which is within the allowable limit [37]. The results of
the parametric model and sensitivity analysis demonstrate that
track length is the most dominant factor in dc impedance and
joule heating. Based on these findings, the thickness of the metal
layer and cross-sectional area of the track can be chosen so that
reliable mechanical performance and satisfactory adhesion to
other layers in the structure of the electrode are ensured.

IV. ELECTRODE FABRICATION

Several materials were investigated with respect to their
suitability for use in the electrode components, including the
structural, metallization, insulation, and passivation layers.
Silicon, which is appropriate for multilayer microfabrication,
was chosen as the structural layer. Single- and quad-shank elec-
trodes were implemented on a 385 m silicon wafer, with the
shanks designed to be 3 mm long and 130 m wide. Each shank
accommodated six m m pads, and the tracks were
10 m in width. The fabrication process is outlined in Fig. 9.
To prevent short-circuiting the adjacent tracks due to the low
wafer resistance, the wafer was RCA cleaned and passivated
with PECVD silicon oxide. The oxide layer was deposited to
a thickness of 300 nm using the following process parameters:
pressure: 900 mTorr, temperature: 250 , RF power: 60W, gas
flow rate: silane: 5 sccm, : 118 sccm, : 140 sccm, and
deposition was run for 300 s. The first metallization layer was
formed of chromium (200 nm) and gold (300 nm) deposited
using e-beam evaporation and dc sputtering deposition standard
recipes for Intlvac Nanochrome Deposition System. The second
dielectric layer was made of 1.2 m of polyimide PI-2562.
Polyimide precursor was spin coated at 5000 RPM and cured
using standard polyimide recipe to a maximum temperature of

Fig. 11. Electrode assembly. (a) Single shank electrode with six gold stimu-
lation pads. (b) Quad shank electrode with six gold stimulation pads per shank
providing 2-D array of stimulation channels. (c) Flexible interconnect cable tips.

300 . The buried vias were patterned and dry etched using
oxygen plasma in Trion RIE Phantom RIE system using the
following process parameters: pressure: 250mTorr, ICP: 100W,
RIE: 50 W, : 30 sccm for 400 s. The second metallization
layer was formed of chromium (200 nm) and gold (800 nm) and
was patterned to create the exposed interface and interconnect
pads. Gold was sputtered to achieve reliable via coverage and
to provide a biocompatible tissue contact with chromium as the
adhesion layer for the gold. Thefinal step involved the patterning
of the contour of the electrode with an aluminum hard mask
(500 nm) and its release by means of a standard Bosch deep
reactive ion etching process.
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Fig. 12. Scanning electron microscope images of (a) SME and (b) NME, 3-D views of surface morphology of SME in (c) and NME in (d), and roughness of SME
in (e) and NME in (f).

The single- and quad-shank electrodes are depicted in
Fig. 10(a) and (b), and the electrode shank and its attributes are
illustrated in the photograph of the scanning electron micro-
scope (SEM) provided in Fig. 10(c). A close-up of the electrode
tip is shown in Fig. 10(d), with the routing track, buried via,
and stimulation pad for one of the channels indicated.
The electrode was coupled to external circuitry using

custom-designed flexible interconnect cables fabricated on
a 50 m polyimide substrate. Multiple layers (copper–tita-
nium–chromium: 1500 nm 150 nm 150 nm) were deposited
and patterned to form the tracks and pads. The surface was
passivated with a second layer of polyimide and patterned
using an aluminum hard mask (300 nm) and oxygen plasma
to expose the pads. The final step was the etching of the mask
and the release of the cable using laser micromachining [38].
The cable was then attached to the electrode with a conductive
silver epoxy. The final assembly is shown in Fig. 11(a) and (b).
As depicted in Fig. 11(c), the cable tip was designed to have
triangular pads in order to enhance the conductive epoxy
bonding of the electrode pads to the electrode channels.
The implemented electrodes surface profiles were visually in-

spected in high-resolution SEM images and quantified corre-
sponding 3-D profile data using Atomic Force Microscope (Ag-
ilent Technologies, Inc.). The smooth and rough surfaces were
initially differentiated visually from the high-resolution SEM
images. Later, root mean square (rms) values were quantified
from the 3D profile data. The RMS value below 300 nm visu-
ally represents smooth surface in SEM images; however, above
the 300 nm value visually represents rough surface.

The fabricated smooth-surface microelectrodes (SME)
demonstrated higher electrode impedance; thus, pad surface
modification technique was developed using low-current
pulsed electroplating process. The resulting nanotextured elec-
trodes (NME) exhibited rough surface and lower impedance.
Fig. 12(a) and (b) presents SEM images of smooth surface
electrodes and the postprocessing rough surface electrodes.
The 3D profile data illustrate the electrodes surface profiles
in Fig. 12(c) and (d). The roughness (R) of the surface in
Fig. 12(c) and (d) is measured using following:

(2)

where is the normalized individual height value of the
surface and the mean value of all the height data points. The
number of measurement points is m, where
and m. The rms roughness is calculated from
the standard deviation of the height data according to (3) [39].

describes the deviation of the measurement points to the
centerline and this way describes the variability of the measured
profile from centerline [40]

(3)

Rq of the SME and NME are 128 and 562 nm, respectively.

V. RESULTS

The fabricated microelectrodes were characterized electri-
cally, and later, the microelectrodes were validated in vitro



876 IEEE TRANSACTIONS ON NEURAL SYSTEMS AND REHABILITATION ENGINEERING, VOL. 21, NO. 6, NOVEMBER 2013

Fig. 13. FRA of electrode–electrolyte interface: Pad impedance magnitude.

experiment for their effectiveness with respect to human brain
slice stimulation and in vivo experiment for EEG recordings
performance from an adult rat. Details of the measurements
and validations were described below.

A. Electrode Characterization

The electrical properties of the electrode were characterized
by measuring the dc resistance of the channels and estimating
the ac electrode–tissue interface impedance. The dc channel re-
sistance was measured using a two-wire microprobe station,
a controlled voltage source, and a digital multimeter. The I-V
characteristics were plotted, and the resistance was calculated
to be 72 , a result in good agreement with the simulated resis-
tance value (70.94 ).
The electrode–tissue interface impedance was estimated

using frequency response analysis (FRA) and electrochem-
ical impedance spectroscopy (EIS). A two-electrode standard
electrochemical cell was set up using a 0.9% sodium-chlo-
ride saline solution, a platinum counter electrode, a Solatron
SI 1287 Electrochemical Interface, and a Solatron SI 1260
Impedance/Gain-Phase Analyzer. To obtain impedance mea-
surements, a 10 mV signal was swept from 1 MHz to 0.1 Hz,
and the current was recorded. The measurements were repeated
for different pads on the test electrodes. A commercial micro-
electrode (CME) (Neuronexus: part # mm-150-703))
and microwire (CMW) (PlasticsOne: part # MS303/1-B/SP).
The resulting average impedance values recorded were 2160
and 424 at 100 Hz, respectively.
Stimulation using high impedance electrodes required an

increase in the driving current, which is not appropriate for
battery-powered implants. Accordingly, it was necessary to
reduce the electrode impedance and this was achieved through
expanding the electrode–electrolyte interface area. A low-cost
postprocessing technique using pulsated low current electro-
plating was developed to deposit rough thin film of gold on the
electrode pads. This technique increased the pad surface area
resulting in a significant drop in the interface impedance to an
average of 68 at 100 Hz, a level lower than that achieved
with the commercial twisted wire electrode (MS301-1/B, Plas-
ticsOne Inc., Roanoke, VA, USA). The impedance magnitude
for the normal (SME) and postprocessed (NME) pads as well
as CME and CMW are illustrated in Fig. 13, and the values at
100 Hz are listed in Table II. Table III compares the presented

Fig. 14. In vitro validation: Captured signals exhibiting stimulation pulse and
evoked potential.

TABLE II
FRA OF THE ELECTRODE–ELECTROLYTE INTERFACE IMPEDANCE

CME: commercial microwire, CME: commercial microelectrode, SME:

Smooth-surface microelectrodes, NME: Nanotextured microelectrodes

TABLE III
COMPARISON WITH THE COMMERCIAL ELECTRODES

electrode with other commercial microelectrode [21] and mi-
crowire [41]. The pads on the CME have small areas and smooth
surfaces, and exhibited high channel impedance which failed
to deliver a charge that suffices electrical stimulation from the
implantable device. Although these electrodes can successfully
detect neural spikes, they degrade themean field potential power
in theta (4–7 Hz), alpha (8–13 Hz), beta (13–30 Hz), and gamma
(30–100 Hz) frequency bands [29]. On the other hand, a SME
has a relatively wide smooth-surface electrode pad area but also
exhibits comparatively higher noise. The electrode used in this
work has a wide rough-surface electrode pad, which yields the
lowest impedance and best noise level.

B. In Vitro Validation

The in vitro experiment was performed with ethics com-
mittee approval in the Krembil Neuroscience Centre Research,
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Fig. 15. In vivo validation: (a) rat’s craniotomy under general anesthesia,
(b) microelectrode implantation for EEG recordings, (c) microelectrode
configuration for the bipolar recordings, (d) is neural signal recording in
between 500 m tissue, (e) is frequency analysis of , (f) is neural signal
recording in between 300 m tissue, (g) is frequency analysis of , (h)
is neural signal recording in between 100 m tissue, and (i) is frequency
analysis of .

Toronto Western Hospital. The electrode was set up for the in
vitro stimulation of a human hippocampus brain tissue sample
obtained on the same day from a resective epilepsy surgery
patient. During testing, the tissue sample was secured in place
using a vacuum stage, with a stream of oxygenated (95%)
artificial cerebrospinal fluid (ACSF) sustaining its viability.
Carbon-dioxide (5%) was bubbled through the solution in order
to buffer the bicarbonates in the ACSF. This tissue sample
was stimulated using a voltage-controlled current stimulator. A
0.1 mA stimulation current pulse was generated, and the charge
was delivered to the tissue sample. Also a standard concentric
recording probe was used for monitoring and recording the
electric activities generated from the tissue. The stimulation
pulse and successive evoked potential were recorded, and the
experiment was repeated six times in order to confirm the
results. The signals captured from the individual experiments
were averaged and plotted, as shown in Fig. 15. The captured
signal demonstrates the stimulation pulse followed by the
evoked potential as a response to the successful stimulation of
the hippocampus.

C. In Vivo Validation

The microelectrodes were validated for neural signal
recording by means of an acute in vivo experiment that was
conducted at the Neurosciences and Mental Health Research
Institute, Hospital for Sick Children, Toronto. A wistar rat
( 250 gm) underwent craniotomy with general anesthesia
[Fig. 15(a)], and the microelectrodes were implanted through

the somatosensory area into the hippocampus [Fig. 15(b)]. Fol-
lowing the implantation, neural signals were recorded bipolarly
at a 200 Hz sampling rate. Fig. 15(c) shows the implanted mi-
croelectrode configuration for the recordings, and Fig. 15(d)–(i)
illustrate the signals recorded at a variety of distances between
tissues, along with their corresponding signal frequency plots.
Recordings and captured neural activities from tissues
between 500 m and 300 m, respectively. On the other
hand, Fig. 15(h) depicts the similar bipolar neural signal
recorded from 100 m tissue, highlighting the high frequency
sharp waves [Fig. 15(h)]. Because of the wider regions recorded
in and , the signal frequencies and shown in
Fig. 15(e) and (g) are relatively lower than the frequency
indicated in Fig. 15(i). The proposed microelectrode array is
thus capable of recording specific regional neural activity as
well as the local field potential.

VI. CONCLUSION

This research has introduced a novel intracortical micro-
electrode architecture developed as a means of exploiting the
available electrode area in order to maximize the number of
recording or stimulation channels accommodated per shank
without expanding the width of the shank. This architecture en-
ables the channel packing per electrode to be increased without
a corresponding expansion of the footprint. The electrode de-
sign was implemented for the creation of a rigid intra-cortical
array electrode to reduce mechanical deflection during insertion
and improve implantation spatial accuracy.
Mechanical and electrical finite element models were devel-

oped, and sensitivity analyses and correlation matrices revealed
the influence on performance of varying the design parameters
of the electrode. The layout of the electrode was optimized in
order to minimize its footprint while maintaining the required
mechanical strength. The electrode was also modeled with the
goal of optimizing the metal layer design and minimizing the dc
channel resistance. Silicon was chosen for the implementation
of the electrode, and both the implementation and the fabrica-
tion process were explained. The coupling of the electrodes to
the circuits was achieved through the design and fabrication of
flexible interconnects cables. A low-cost postprocessing tech-
nique for reducing the electrode–tissue interface impedance was
developed and resulted in the successful dropping of the channel
impedance from an average value of 2270 to 70 at 100
Hz. The experimental results of the characterization of the elec-
trode have been provided for both in vitro and in vivo testing
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