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Abstract
We report on a novel technology for microfabricating 3D origami-styled micro electro-
mechanical systems (MEMS) structures with glassy carbon (GC) features and a supporting 
polymer substrate. GC MEMS devices that open to form 3D microstructures are 
microfabricated from GC patterns that are made through pyrolysis of polymer precursors on 
high-temperature resisting substrates like silicon or quartz and then transferring the patterned 
devices to a flexible substrate like polyimide followed by deposition of an insulation layer. The 
devices on flexible substrate are then folded into 3D form in an origami-fashion. 

These 3D MEMS devices have tunable mechanical properties that are achieved by 
selectively varying the thickness of the polymeric substrate and insulation layers at any 
desired location. This technology opens new possibilities by enabling microfabrication of a 
variety of 3D GC MEMS structures suited to applications ranging from biochemical sensing 
to implantable microelectrode arrays. As a demonstration of the technology, a neural signal 
recording microelectrode array platform that integrates both surface (cortical) and depth 
(intracortical) GC microelectrodes onto a single flexible thin-film device is introduced.

When the device is unfurled, a pre-shaped shank of polyimide automatically comes 
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off the substrate and forms the penetrating part of the device in a 3D fashion. With the 
advantage of being highly reproducible and batch-fabricated, the device introduced here 
allows for simultaneous recording of electrophysiological signals from both the brain surface 
(electrocorticography—ECoG) and depth (single neuron). Our device, therefore, has the 
potential to elucidate the roles of underlying neurons on the different components of µECoG 
signals. For in vivo validation of the design capabilities, the recording sites are coated with 
a poly(3,4-ethylenedioxythiophene)—polystyrene sulfonate—carbon nanotube composite, 
to improve the electrical conductivity of the electrodes and consequently the quality of the 
recorded signals. Results show that both µECoG and intracortical arrays were able to acquire 
neural signals with high-sensitivity that increased with depth, thereby verifying the device 
functionality.

Keywords: MEMS, origami structure, microelectrode array (MEA), thin film technology, 
glassy carbon, PEDOT-PSS-CNT coating, neural probe

S  Supplementary material for this article is available online

(Some figures may appear in colour only in the online journal)

1. Introduction

Carbon, as a technology material, is finding renewed research 
and industrial interest. As evidenced by the continued interest 
in graphene and other forms of carbon such as fullerene, carbon 
nanotubes (CNTs), carbon nanofibers, carbon nano-compos-
ites, etc, carbon is poised to become a critical technology 
material with wide application in a variety of disciplines 
[1–3]. In addition to the traditional areas where the superior 
electrical and electrochemical properties of carbon have made 
it a material of choice, recently a renewed focus on this mat-
erial has been brought by bioengineering research aimed to 
electrically interfacing it with biological tissues. In turn, these 
factors have highlighted the need for innovation in robust and 
versatile micro and nanofabrication technology of carbon-
based devices to meet this increasing demand. In response to 
that, the field of glassy carbon MEMS (GC MEMS), which 
involves the patterning of a photosensitive polymer precursor 
on a silicon substrate followed by pyrolysis of the polymer 
layer to convert it to GC, has gained traction and an increased 
range of applications [4–6].

Further, the recent introduction of a new pattern transfer 
technology that allowed GC structures to be supported on 
polymeric substrates as opposed to only high-temperature 
resistant silicon and quartz, has enabled GC MEMS tech-
nology to enter a new phase [6–8]. This new pattern transfer 
technology has been demonstrated through the microfabri-
cation of a GC-based array of microelectrodes on a flexible 
substrate for applications in neural sensing and stimulation, 
particularly for µECoG (micro-electrocorticography) systems. 
While innovation in this area is expected to continue, the next 
set of challenges in expanding the application of GC MEMS 
involve the ability to build complex 3D origami-style struc-
tures using carbon as an electrical and mechanical component, 
an approach similar to earlier 3D microprobes microfabri-
cated using standard metal fabrication processes [9]. The 
origami-type technology presented in this research addresses 
this need and consists of microfabricating GC structures on 

high-temperature resisting substrates like silicon, quartz, or 
similar materials and then transferring the patterned devices 
onto a flexible substrate like polyimide, and finally adding 
photolithographically patternable 2D layers that will open up 
to form 3D structures. It has to be noted that while there are 
other reports of out-of-plane, foldable MEMS devices, they 
often involve fabrication steps that are incompatible with the 
high temperatures required for the pyrolysis of GC [10] and 
require stiff substrates [11]. Therefore, these reported probes 
are not suitable for implantable neural electrodes and involve 
extremely precise and time consuming manual manipulation 
[12, 13].

As a demonstration of this new technology, we present 
here a neural probe made of a microelectrode array platform 
that integrates both surface (µECoG) and penetrating (intra-
cortical) GC electrodes onto a single flexible thin-film device. 
This is a natural extension, as GC has been demonstrated to 
be a compelling platform for brain–computer interface (BCI) 
applications due to its superior electrical and electrochem-
ical properties and excellent surface chemistry that enables 
enhanced adhesion to conductive polymers [8]. Along these 
lines, understanding how the brain translates individual neural 
signals into behaviors, motivation, and actions, requires the 
recording of electrophysiological signals from large popula-
tions of neurons over multiple regions of the brain [14]. While 
implantable microwires [15], tetrodes [16] and multiple elec-
trode arrays (MEAs) [17] are capable of sampling single-unit 
action potentials with high spatial and temporal resolution, the 
implantation of the number of electrodes required to monitor 
such a large population of neurons may not be feasible due to 
the possible damage to the brain tissue during implantation [18]. 
On the other hand, ECoG arrays are capable of sampling from 
large neural populations as they are placed on the surface of 
the brain, but do not provide the same spatial resolution as pen-
etrating electrodes [19]. MEMS fabrication technologies have 
been applied to ECoG arrays to address these shortcomings 
and have led to improved data acquisition through an increase 
in electrode density [20–22], improved electrode materials and 
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fabrication techniques [22–24], and recordings of single unit 
action potentials from subdural ECoG arrays [25]. Following 
these improvements, ECoG arrays are becoming a platform of 
choice for BCI studies, mainly due to their ability to address 
large areas of the cortex and support chronic implants owing 
to their reduced invasiveness [26–28]. Furthermore, these 
improvements in ECoG technology have motivated the further 
investigation of the relationship between signals recorded from 
the brain surface and those generated by neurons located at 
different levels of the cortex to fully exploit the potential of 
the ECoG platform. In fact, research has already indicated a 
strong correlation between surface signals and the activity of 
underlying neurons in the visual [29] and barrel [30] cortex in 
rats and in the primary somatosensory [31] and primary motor 
[32] cortex in non-human primates.

Verification of this correlation between surface signals and 
the activity of the underlying neurons requires the simultaneous 
recording of surface and intracortical signals. However, while 
there has been significant research into ECoG array technology 
and in understanding the relationship between ECoG signals 
and signals from underlying neurons, improving the technology 
to simultaneously record these signals has been largely left 
unaddressed. Nearly all the aforementioned electrophysiology 
experiments use separate systems to record the different popula-
tions of neurons. Early experiments used single ball electrodes 
for ECoG recordings in conjunction with a penetrating tetrode 
array [31]. Later, specialized ECoG arrays were developed with 
multiple holes in the supporting substrate that allow the insertion 
of intracortical electrode arrays through the ECoG device [29–
32]; however, this approach still required fabrication, placement, 
and connection of multiple electrode systems. Some groups have 
developed integrated electrode platforms to address these needs 
using either epoxy fixation of an intracortical MEA through an 
ECoG array [29] or through specialized fabrication techniques 
to form SU8 microneedles on the surface of a thin-film electrode 
array [33, 34]. However, both designs required specialized fab-
rication techniques, with the former demanding that each device 
be individually assembled, and thereby dramatically increasing 
both the fabrication time and variability between the assembled 
devices. Furthermore, these designs introduce a new limitation, 
in that the penetration depth of the intracortical MEA is set 
during device fabrication and assembly and, therefore, cannot 
be adjusted during the implant surgery.

We submit that the new thin-film platform presented here, 
that combines both intracortical and surface GC electrodes 
into a single device through origami-like unfolding of the sub-
strate to 3D structure, addresses these needs. Such a device 
can be batch-fabricated using recently developed pattern-
transfer techniques [6] to incorporate GC electrodes, and has 
the advantage of being completely self-assembled. The device 
was initially fabricated in a 2D geometry that takes the final 3D 
form, when it is folded into a zero-insertion force (ZIF) con-
nector. In this report, we demonstrate the ability to fabricate 
3D platforms with varying geometries and multiple penetrating 
arrays. We also verify the ability of the traces to maintain their 
connectivity when folded into 3D form by electrochemical 
characterization. To verify in vivo performance of our plat-
form, we fabricated a device consisting of single penetrating 

array with several microelectrodes flanked by two µECoG 
arrays with a spring like system that allows the intracortical 
array to be inserted to varying depths without changing the 
µECoG electrode placements. As PEDOT coatings are useful 
to guarantee low impedance and ideal electrode conductivity 
of miniaturized electrodes [33], we coated the 30 µm diam-
eter GC microelectrodes with PEDOT-PSS, reinforced with 
CNTs, which further improve their mechanical and electrical 
properties [35–39]. Following fabrication, we performed an in 
vivo validation of the device by recording neural activity from 
the vibrissae representation of the rat primary somatosensory 
cortex (S1 (stacks.iop.org/JMM/28/065009/mmedia)), namely 
the barrel cortex, leveraging the well-known cytoarchitecture 
and the physiology of this region [40–43].

2. Materials and methods

In this section, we discuss the design of origami-style poly-
meric substrate supported GC MEMS neural probes, their 
microfabrication, and characterizations.

2.1. Microfabrication GC microelectrode arrays

The basic core fabrication method for the pattern transfer of a 
GC microelectrode array on a polyimide substrate is described 
in detail elsewhere [6–8]. Here, we extend the technology by 
adding a new reinforcing layer that is selectively deposited 
and patterned at areas of interest that allow a 3D origami-style 
unfurling. This modified process is summarized in figure 1.

The microfabrication process starts with spin-coating SU8 
negative photoresist (Microchem, MA) at 1000 rpm for 60 s 

Figure 1. MEMS process for fabricating the multi-layered thin-film 
GC electrodes: (a) spin-coat negative photoresist (SU-8); (b) pattern 
SU-8 through lithography; (c) pyrolysis; (d) spin-coat and pattern 
polyimide base layer; (e) metal deposition and lift-off for traces and 
bump-pads; (f) spin-coat and pattern the polyimide insulation layer 
to get bump-pads access; (g) spin-coat and pattern the polyimide 
folding layer (Durimide 7520); (h) etch SiO2 with BOE to release 
device from wafer.
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and soft-baking at 65 °C for 10 min and 95 °C for 30 min fol-
lowed by UV exposure at ~400 mJ cm−2. Post-exposure bake 
consists of 65 °C for 1 min and 95 °C for 10 min. This was 
followed by development of SU8 for 3–5 min and curing at 
150 °C for 30 min. Pyrolysis (1000 °C in an inert N2 environ-
ment) of the negative resist layer follows protocols described 
elsewhere [6–8]. After the pyrolysis step, 6 µm layer of photo-
patternable polyimide (HD 4100) (HD Microsystems) was 
spin-coated on top of GC microelectrodes at 2500 rpms for 
45 s, soft baked at 90 °C for 3 min and at 120 °C for 3 min, 
then cooled down to room temperature, and patterned through 
UV exposure at ~400 mJ cm−2. Post-exposure bake consisted 
of 80 °C for 1 min. Development was performed using a spry-
puddle process where QZ3501 (Fuji Film) was dispersed to 
form a puddle on a stationary wafer. A rinse was applied after 
a set time of 15 s, followed by spin-drying of the wafer (2000 
rpms for 15 s and 500 rpm s−1 ramp). The cycle was repeated 
three times and then the wafer was rinsed with SU8 developer 
(MicroChem). Subsequently, the polyimide layer was partial 
cured at 300 °C for 60 min under a N2 environment.

Following this, metal traces were deposited using NR9-
1000PY negative photoresist (Futurrex) as a sacrificial layer. 
Futurrex was spin coated at 500 rpms for 45 s and ramped 
down for 10 s, then prebaked for 2 min at 150 °C followed by 
380 mJ cm−2 UV exposure. Post exposure bake was done at 
100 °C for 2 min and the sample was developed in pure RD6 
developer (Futurrex Inc) for 3 s. Subsequently, a 20 nm chro-
mium adhesion layer and 200 nm gold layer were deposited 
through sputtering. After metal deposition, a lift-off process 
was performed and the sacrificial layer was removed in ace-
tone. To electrically insulate the device, 6 µm of polyimide 
HD4100 (300 rpms) was spun, patterned (400 mJ cm−2), and 
cured (350 °C for 90 min under a N2 environment). An addi-
tional thicker layer (30 µm) of polyimide (Durimide 7520, Fuji 
Film) that eventually became a 3D structure was spin-coated 
(800 rpm, 45 s) and then patterned (400 mJ cm−2) on top of the 
insulation layer to selectively reinforce the penetrating portion 
of the device. Then it was developed, as previously described, 
and final cured at 350 °C for 90 min.

Subsequently, the device was released from the wafer through 
selective etching of silicon dioxide with buffered hydrofluoric 
acid. The device was assembled into the final 3D form and held 
in place by inserting both ends of the device into a custom PCB 
that served as the connector to the electrophysiological recording 
system. Representative images of devices after being released 
from the carrying wafer in their 2D form and of the origami-
styled unfurled device assembled into connecting PCB in their 
3D conformation are shown in figures 2 and 4.

2.2. Design of GC MEMS origami structures—example of 3D 
GC microelectrode array

To demonstrate the versatility of the new architecture and 
modified pattern transfer technology introduced here, we 
highlight the device design of a portfolio of origami-type 3D 
probe structures. The devices were initially designed in a 2D 
geometry that could be batch-fabricated on a carrying wafer 
and when released, folded, and inserted into a ZIF connector 

would take on 3D form (figures 2 and 3). The 2D geometry 
consisted of a series of cut-outs that, when folded, allowed 
the penetrating portions of the device to remain ‘in-plane’, 
while the folded areas formed the ECoG portion of the device. 
Figure 2 shows a portfolio of such devices with (i) single or 
multiple shanks that unfurl from a 2D configuration to a 3D 
form and (ii) flat and foldable flaps that support the structure 
and contain pads for electrical connections. The combination 
of such geometries allows probes to assume a wide variety of 
conformations, and hence applications. It should be stressed 
that the flaps that contain surface microelectrodes were pat-
terned from polyimide (HD4100) whereas the shanks that 
form the penetrating microelectrode array were typically pat-
terned from thicker polyimide, Durimide 7520.

Figure 3 shows a schematic of the device folding. Due to the 
cut-outs in the 2D geometry, when the device is folded upon 
itself, the penetrating portion of the device does not experience 
this backward force, and therefore remains in-plane, while 
the bulk of the device is folded back upon itself, and thereby 
forms the out-of-plane, 3D geometry of the ECoG portion. An 
additional layer of thicker polyimide (Durimide 7520) was pat-
terned over the penetrating shanks to increase their mechanical 
robustness during 3D unfurling and allow penetration through 
the cortical tissue without the need for a penetration aid. The 
thickness of the layer of polyimide was determined by com-
paring the force required to penetrate the cerebral cortex of the 
rat, ~1.5 mN with the dura mater removed [44], to the critical 
buckling load of the penetrating shank calculated using the 
form ula for Euler’s critical load given below,

Pcr = (π2EI)/(KL)2,

where Pcr is Euler’s critical load, E is the Young’s modulus of 
the material, I is the area moment of inertia, K is the column 
effective length factor, and L is the length of the column. 
The critical loads for the penetrating portions of the different 
designs is given in table 1.

As the thicker layer of polyimide was only patterned 
over the penetrating shanks, the ECoG portion of the device 
would remain ultra-flexible to promote contact between the 
electrodes and the surface of the brain. Alternatively, a single 
foldable flap platform (figure 2(d)) was designed for chronic 
implantations in free moving animals, where disconnections 
between the ZIF connector and the device pose a greater con-
cern. The ultra-flexible flap containing the ECoG electrodes 
can be simply held away from the penetration site using tether 
or forceps and following the implantation of the penetrating 
portion be allowed to fall back into contact with the cortex.

Assessment of the biocompatibility of the specific poly-
imide used (Polyimide HD4100 and Durimide 7520) for 
implantable medical device use, along with their suitability 
for peripheral nerve and cortical implants and epiretinal stim-
ulation, has been reported in earlier studies [46–51].

2.3. Assembly of GC MEMS origami structure

To validate the patterning technology, we chose to fabricate 
a single-shank penetrating array as seen in figure 4 specifi-
cally designed for an acute in vivo validation study in a rat. 
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The curved conformation the µECoG array substrate assumes 
when folded into its 3D form acts as a spring-like structure that 
allows the penetrating array to be inserted at varying depths, 
while the parts of µECoG array made of polyimide remains 
stationary. For this study, the device was designed to record 
from the barrel cortex in rats. The electrodes in both arrays 
are 30 µm in diameter and have a center to center pitch of 
300 µm in the intracortical array and 500 µm for the µECoG 
array. The intracortical array contains five electrodes stacked 
vertically, with the deepest electrode reaching a depth of at 
least 2.3 mm. A detailed schematic of the device, reporting the 
overall dimensions, diameter of the electrodes and center to 
center distance is provided in supplementary figure  1. This 
penetration depth and electrode spacing allows the device to 
record signals from at least one electrode for each cortical 
layer (from layer II to layer V). The µECoG array contains 
additional six microelectrodes (three on each side of the intra-
cortical array) to allow comparison of surface recordings at 
different locations with depth recordings through the cortex.

2.4. PEDOT-PSS-CNT electrochemical deposition

Poly(3,4-ethylenedioxythiophene) (PEDOT) and carboxyl-
ated MWCNTs (COOH-CNTs, NC 3151, <4% of COOH 
functional groups, Nanocyl SA, Belgium) nanocompos-
ites (PEDOT-CNT) were co-electrodeposited from a 0.5 M 
3,4-ethylenedioxythiophene (EDOT, Sigma-Aldrich, USA) 
aqueous solution containing 1 mg ml−1 of suspended COOH-
CNTs and 0.6 wt% of poly(sodium 4-styrenesulfonate) (PSS) 
(Sigma-Aldrich, USA). COOH-CNTs were suspended in 
ultrapure water (Milli-Q, Millipore, USA) by horn sonica-
tion (Vibra-Cell VCX130, Sonics and Materials, USA) (6 s at 
66% duty cycle pulses, 4 W ml−1) for 30 min while keeping 
the solution cooled with an ice bath. PSS and the monomer 
were added to the suspension immediately afterwards, and the 
solution was kept deoxygenated by bubbling nitrogen. The 
electrochemical deposition was carried out using a polymer-
ization potential of 0.8 V versus the reference electrode for 10 
CV cycles. Depositions were carried out using a potentiostat/
galvanostat (PARSTAT 2273, Princeton Applied Research, 

Figure 2. Origami MEMS portfolio. (a) and (b) Four-shanks origami probes. (b) and (c) Magnifications of two possible probe designs. (d) 
Single-shank origami probe with foldable flap.

J. Micromech. Microeng. 28 (2018) 065009
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USA) connected to a three-electrode electrochemical cell 
with a platinum counter electrode and an Ag/AgCl reference 
electrode.

2.5. Device characterization

Once the devices were assembled in 3D fashion, the electro-
chemical characterization of the devices was carried out in 
0.9% NaCl aqueous solution through electrochemical imped-
ance spectroscopy (EIS). EIS measurements were performed 
by superimposing a sine wave (10 mV RMS amplitude) onto 
the open circuit potential, in the frequency range from 1–105 
Hz. EIS were carried out using a potentiostat/galvanostat 
(Reference 600, Gamry Instruments, USA) connected to a 
three-electrode electrochemical cell with a Pt counter elec-
trode and a Ag|AgCl|KCl (sat.) reference electrode.

The capacitive charging ability of the PEDOT-PSS-CNT 
coated GC microelectrodes was evaluated by cyclic voltam-
metry (CV) and voltage transient in a physiological aqueous 
solution (NaCl 0.9%). For CVs, the potential on the working 
electrode was swept between 0.8 and  −0.6 V versus Ag/AgCl 
at a scan rate of 100 mV s−1, starting at open-circuit potential 
and sweeping in the positive direction first. The charge transfer 
capacities (CTC) were calculated as the time-integral of an 
entire CV cycle between 0.5 and  −0.5 V, or between  −0.6 and 

0.8 V (CTC2). For voltage transient, a cathodic-first charge-
balanced biphasic symmetric current pulse with 400 µs 
cathodic half-phase period was used. The charge injection 
limit, defined as the maximum quantity of charge an electrode 
can inject before reaching the water electrolysis potential, was 
calculated as the time integral of the current in the loading 
phase normalized by the geometric area of the microelectrode.

2.6. In vivo test

The device with GC microelectrodes coated with PEDOT-
PSS-CNT was in vivo validated. The surgical procedures 
were performed on one Long–Evans male rat (weight 400 g). 
The experimental plan was designed in compliance with 
the guidelines established by the European Communities 
Council (Directive 2010/63/EU, Italian Legislative Decree n. 
26, 4/3/2014) and the protocol was approved by the Ethics 
Committee for animal research of the University of Ferrara 
and by the Italian Ministry of Health (authorization n° 
332/2015-PR). The animal was anesthetized with a mixture of 
Zoletil (30 mg kg−1) and Xylazine (5 mg kg−1) delivered intra-
peritoneally. The depth of the anesthesia was monitored for 
the entire duration of the experimental session by testing the 
absence of hindlimb withdrawal reflex and was maintained 
by additional doses of anesthetic (i.m.). Under anesthesia, 

Figure 3. Schematic of the folding process and implantation of a 3D integrated intracortical and epicortical neural probe. (a) Overhead 
schematic of the device immediately following release from the wafer. (b) Schematic of the device folding to the final 3D form by the 
insertion of both ends into the ZIF connector. Due to the 2D geometry of the device, the penetrating portion is not subjected to the force 
back towards the ZIF connector, and therefore remains in-plane, while the ECoG electrodes are folded back towards the connector creating 
the 3D structure. (c) Schematic of the device implanted in the cortex of a rat. Due to the ultra-flexibility of the ECoG portion, the device 
is able to follow the surface of the cortex, promoting contact between the electrodes and the surface of the brain. The probe is able to bend 
through almost 180° angle, if needed.

Table 1. Critical buckling load calculation for the penetrating portions of the different probe designs.

Device Width (mm) Height (µm) Length (mm) Young’s modulus (GPa) Critical load (mN)

Figures 2(b) and (c) 1 30 2.5 2.5 [45] 8.8
Figure 2(d) 1 30 3.5 2.5 [45] 4.53
Figure 4 1 30 5.7 2.5 [45] 1.7

J. Micromech. Microeng. 28 (2018) 065009
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the animal was placed on stereotaxic apparatus (David Kopf 
Instruments, USA) and an incision of 2 cm was made along the 
midline of the cranium. The underlying muscle and connec-
tive tissue were retracted to expose the skull and a craniotomy 
of 5  ×  5 mm was made on the parietal bone to expose the pri-
mary somatosensory cortex (S1) [52].

To record the intracortical neural activity, the shaft was 
lowered into the vibrissa region of S1 (A-P coordinates 
between  −1.5 and  −5.0 mm and M-L coordinates between 
3.5 and 5.5 mm) at the maximum depth of 2 mm to enable 
the five penetrating electrodes to acquire signals from the dif-
ferent layers of the cortex. To test the recording capability of 
the six surface electrodes, somatosensory evoked potentials 
(SEP) were elicited through mechanical whiskers stimula-
tion (see below). Eight 25 min sessions of evoked activity 
and two 10 min of spontaneous activity were recorded. To 
elicit neural activity, a vibrating system was used to pro-
duce a multi-whiskers deflection along the horizontal plane. 
Three different mechanical stimulation patterns were used. 
The whiskers, contralateral to the recorded cortex, were cut 
1 cm from the base and included in a Velcro strip attached to 
a rod moved by a shaker (Type 4810 mini shaker; Bruel & 
Kjaer) controlled by a National Instruments board (Austin, 
TX, USA). The deflection stimulus consisted of 10 trains of 
10 truncated Gaussians of 12 ms duration at 9 Hz followed by 
a 5 s pause. The amplitude of the stimulus was changed after 
each train to obtain multi-whiskers deflections respectively of 

250, 500, and 800 µm. Each train of the different amplitude 
was repeated 20 times with a 60 s pause between cycles.

Electrophysiological data were acquired using a TDT multi-
channel recording system 3 (Tucker Davis Technologies, USA) 
including a ZIF-Clip® head-stage with unity (1×) gain, RZ2 
real-time processor, and PZ2-256 battery-powered preampli-
fier. Data was digitized at a sample rate of 24 414 samples s−1 
(18-bit resolution) and transferred from RZ2 to the PC by fast 
fiber optic connection. Evoked and spontaneous activity data 
were thus stored on a PC for the subsequent offline analysis.

To analyze the recording performance of the five pen-
etrating electrodes, the signal-to-noise ratio (SNR) was 
computed on the high frequency components of the signal. 
The SNR was calculated as the peak-to-peak amplitude of the 
mean waveform detected, divided by twice the standard devia-
tion (σ) of the noise.

For each penetration, the signal was digitally high-pass fil-
tered (Butterworth, 4-poles) above 250 Hz and the waveform 
discrimination was performed at a voltage threshold of two 
times the root-mean square voltage of the background noise. 
The signal amplitude was taken as the mean peak-to-peak 
amplitude of the waveform detected and the σ noise was the 
standard deviation of the data stream after all waveforms have 
been removed. The Off-Line Sorter software (Plexon Inc, 
USA) on the continuous traces was used.

To extract the SEPs from the surface, the signal was 
down-sampled at 3051.8 Hz and digitally low-pass filtered 
(Butterworth 2nd order) below 300 Hz using MATLAB 
software (Mathworks, USA). The evoked responses for 
each amplitude of whiskers deflection were averaged from 
0–100 ms after trigger pulses using the EEGLAB MATLAB 
toolbox and OriginPro (OriginLab, USA).

3. Results

3.1. GC MEMS origami structure

We were able to design and fabricate a platform that incorpo-
rated GC electrodes into a 3D thin-film flexible substrate that 
is capable of recording both epicortical and intracortical elec-
trophysiological signals in a robust and reproducible manner. 
Additionally, the platform is compatible with a number of 
different device geometries and can be tailored to the elec-
trophysiological study of particular interest. Folding and 
assembly of the different devices was accomplished in the 
same step and simply involved inserting both ends of the 
device into the ZIF clip of the PCB (figure 4(b)). The two ends 
of the device were designed to fit snugly into the connector 
(<200 µm difference between the width of the device and 
connector) and the device folding could be done quickly and 
repeatedly. Alternatively, for devices with a smaller footprint 
(figures 2 and 4), the 3D form came about naturally when 
inserting the device into an agar phantom. The insulating 
polyimide layers around the µECoG arrays had a total thick-
ness of approximately 8 µm allowing them to be ultra-flexible 
and conform to the surface of the brain. The addition of a 30 
µm thick polyimide layer (that appears dark in appearance in 

Figure 4. (a) Single-probe origami (Epi-Intra) device after being 
released from the carrying wafer in its 2D form. (b) Representative 
images of the Epi-Intra folded device assembled into the connecting 
PCB in its 3D conformation.
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figures 2(d), 4(a) and (b)) over the penetrating array, increased 
the stiffness of the penetrating portion of the device, allowing 
it to penetrate both the cortical tissue and dura.

PEDOT-PSS-CNT composite was successfully polymer-
ized on the 30 µm diameter microelectrodes with very high 
localized precision, as can be seen from a representative 
picture of a PEDOT-PSS-CNT coated GC microelectrodes 
(figure 5(b)). A High-resolution SEM image of the PEDOT-
PSS-CNT layer shown in figure  5(c) demonstrates a very 
porous morphology from which emerges a fine nanoscale 
CNT scaffold structure, similar to what was reported in a 
previous study on flat and spherical Au electrode surfaces 
[53, 54]. As expected, after the deposition of the PEDOT-
PSS-CNT composite, there was a significant reduction in the 
impedance (nearly three orders of magnitude at 1 kHz) of the 
electrodes (figure 6(a)), from 555.1  ±  128.1 kΩ to 3.6  ±  1.2 
kΩ at 1 kHz. The impedance of the PEDOT-PSS-CNT coated 
µECoG GC microelectrodes before and after folding remain 
constant (4.2  ±  0.7 kΩ at 1 kHz). This indicates that the 
folding of the device does not damage the gold traces or the 
GC electrodes. EIS plots are reported in supporting figure S3 
of the supplementary information.

The PEDOT-PSS-CNT coated GC microelectrodes present 
CTCtot of 300 mC cm−2 in the  −0.5/0.5 V EW and of 458 
mC cm−2 the  −0.6/0.8 V EW. The experimentally verified 
charge injection limit (Qinj) is 7.2 mC cm−2. These results are 
comparable to previously reported CTCs and charge injection 
limit of PEDOT-PSS-CNT coated nanostructured gold micro-
electrodes [54, 55]. An example of CVs of PEDOT-PSS-CNT 
coated GC microelectrodes with two different electrochem-
ical windows (EWs) is shown in supporting figure S2 of the 
supplementary information.

To validate its ability to penetrate the brain tissue and its 
functionality, the combined MEA was tested in vivo through 
acute intracortical and epicortical recording sessions in a rat 
model. The shaft of the device was able to penetrate the rat 
brain tissue and the two µECoG array areas adhered well to 
the brain surface without interfering with the intracortical part. 

After implanting the device, we did not observe a significant 
change in impedance of the microelectrodes, which remained 
nearly identical to the impedance measured during prelimi-
nary in vitro tests, for both the intracortical and epicortical 
recording sites (3.6  ±  1.2 kΩ at 1 kHz before and 3.7  ±  1.3 
kΩ at 1 kHz after). The impedance spectra of a representa-
tive PEDOT- PSS-CNT-coated electrode before and after an in 
vivo intracortical recording session are shown in figure 6(b).

In vivo results are schematically summarized in figure 7. 
The surface electrodes were able to record typical SEPs with 
amplitudes following those of whiskers deflection [56] (see 
table 2). For the penetrating electrodes, the amplitude of the 
recorded high frequency signals depends on their position, with 
smaller values detected by electrodes nearest to the surface 
and larger ones by the deeper electrodes, both for stimulated 
and spontaneous activity (see table 3 and figure 7). A similar 
trend was found for the mean value of the SNR calculated for 
each channel both for spontaneous and for stimulated activity, 
as shown in figure S3 (supporting information).

4. Discussion

The origami-style 3D platform presented here, to the best of 
our knowledge, is the first combined epicortical and intracor-
tical recording platform in which the electrode material, size, 
and fabrication method are identical between the penetrating 
and surface electrodes. A challenge in creating such a hybrid 
device stems from the fact that the ideal mechanical properties 
for penetrating and µECoG arrays are different, most notably 
penetrating devices require a stiffer substrate to penetrate 
the tissue, while µECoG arrays need to remain ultra-flexible 
to better conform to the brain surface. Therefore, for many 
combined epicortical and intracortical recording set-ups, the 
penetrating and µECoG recording arrays are fabricated using 
different materials and methods, and as a result the electrode 
material and geometries are not consistent between the epi 
and intracortical arrays [30–32, 34, 35]. This makes direct 
comparison between the acquired signals more difficult as 
the differences in the electrodes must be taken into account. 
Our platform employed the same fabrication method for 
both the epicortical and intracortical arrays, and therefore 
the electrodes were consistent across both portions of the 
device. Polyimide was chosen as the substrate material due 
to its mechanical and insulating properties and its ability to 
be deposited at significantly different thicknesses based on 
its initial viscosity and spin-coating speed. By varying the 
thickness of the polyimide layers over the µECoG and pene-
trating arrays, we were able to tune the mechanical properties 
of the different portions of the device. Particularly, polymide 
HD-4100 was used as insulator layer for the foldable segment 
of the device because of its excellent mechanical properties 
and excellent resistance to thermal and chemical extremes. 
Durimide 7520 was added as a thickening layer of the pen-
etrating shank because it allows for a cured film thickness up 
to 50 µm. Additionally, it presents superior mechanical prop-
erty retention after extended pressure cooker test (>1000 h) 
and excellent adhesion.

Figure 5. (a) Magnification of Epi-Intra Device. (b) Magnification 
of the PEDOT-PSS-CNT coated microelectrodes. (c) SEM image of 
the PEDOT-PSS-CNT morphology.
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As can be seen in figures 2 and 3, we are able to fabricate a 
variety of geometries depending on the electrophysiological 
study. In the example used to validate the platform (figure 
3), the µECoG arrays were arranged on a slight convex 
curve. This arrangement was beneficial in two ways: (1) it 
improved the contact between the µECoG electrodes and 

cortical surface and (2) it acted like a small spring, allowing 
the penetrating portion of the device to be inserted at var-
ying depths without disturbing the position of the µECoG 
electrodes. Unlike other examples of combined epicortical 
and intracortical MEAs where the vertical distance between 
the penetrating and intracortical electrodes are fixed once 

Figure 6. (a) Impedance spectra (mean and deviation, n  =  12) of the 30 µm diameter microelectrodes before (black) and after PEDOT-
PSS-CNT (blue) deposition. (b) Impedance spectra (mean and deviation, n  =  12) of the 30 µm diameter PEDOT-PSS-CNT coated 
microelectrodes before (blue) and after (green) intra- and epi-cortical in vivo recordings in rat brain.

Figure 7. Schematic representation of a recording session on rat vibrissae region of S1. The whiskers pad, contralateral to the recorded 
cortex, was in contact with a flag to produce whiskers deflection at three different amplitudes (whiskers stimulator). The shaft of the device 
was inserted into the cortex perpendicularly to the surface, since each electrode was able to record neural signal. On the left side of the 
picture is shown an example of recorded traces from the five penetrating electrodes, from the most superficial layer with small signals (Intra 
1,2), to the deepest (Intra 3,4,5) with large signal (scale bar 300 µV and 50 ms). In the figure, each trace was associated with the respective 
cortical layers and neuron populations during recording session. The six surface channels (ECoG 1–6) were coupled with the brain surface 
to record SEPs. On the right side, the small panels show an example of mean SEPs recorded after 20 cycles for each of the three amplitude 
deflections (scale bar 100 µV and 20 ms). In black the SEPs elicited using a 250 µm whiskers deflection, in blue 500 µm, and in red  
800 µm.

Table 2. Mean SEP amplitudes for eight acquired traces under the three different whiskers stimulations (mean value µV  ±  SD).

Surface electrode (ECoG 1-6)

Whiskers deflections (µm) 250 500 800
Peak-to-peak amplitude 258.61  ±  52.73 248.53  ±  56.81 273.25  ±  48.85

Table 3. Signal amplitudes for each ‘intra’-cortical channel following eight whiskers stimulations and two recordings from spontaneous 
activity (mean value µV  ±  SD).

Signal amplitudes Intra 1 Intra 2 Intra 3 Intra 4 Intra 5

Stimulated activity 851.9  ±  153.7 871  ±  159.6 995.1  ±  280.1 1007.6  ±  264.4 1097.7  ±  421.7
Spontaneous activity 458.7  ±  92.7 524.3  ±  138.9 557.0  ±  231.7 540.6  ±  208.4 557.0  ±  277.9
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the device is fabricated [33–35], the distance between the 
two sets of electrodes of this device can be altered during 
the implant surgery. Therefore, the reported design is less 
impacted by any variations between devices caused by fab-
rication or assembly, as the penetration depth is independent 
of the µECoG portion of the device and can be used for mul-
tiple experiments where different penetration depths may be 
required. As the platform is fabricated from the thin-film, 
flexible polymer polyimide, it lends itself well to chronic 
applications where large mechanical mismatches between the 
device and brain tissue may lead to chronic inflammation, the 
formation of a glial scar, and loss of device function [6]. In 
addition, the fact that the epicortical and intracortical arrays 
are integrated on a single device with one connector makes 
this device well suited for chronic applications by reducing 
the number of connections required.

Furthermore, the PEDOT-PSS-CNT coatings drastically 
decreased the impedance of the 30 µm diameter µECoG and 
intracortical microelectrodes, guaranteeing an ideal electrode 
conductivity of miniaturized electrodes [32]. Both cortical and 
intracortical recordings would greatly benefit from reduction 
of the impedance of recording sites. In fact, a low imped-
ance is fundamental to enhance the signal recording quality, 
reduce the background noise, and, consequently, increase the 
SNR ratio [55]. At the same time, a lower impedance with no 
dimensional increase enables the injection of relatively large 
capacitive currents whilst minimizing electrode degradation 
due to Faradaic effects, as reported in our previous study on 
similar PEDOT-PSS coated GC microelectrodes [8]. We used 
electrochemical deposition because it can be performed at 
room temperature and applied to an unconstrained variety of 
materials. We adopted GC as microelectrode material for its 
superior electrochemical properties and PEDOT-PSS because 
of its high conductivity and chemical stability. Further, a com-
bination of GC and PEDOT-PSS offers an excellent adhesion 
better than Pt and PEDOT-PSS, as previously reported [8]. 
In particular, we reinforced PEDOT-PSS with CNTs because 
PEDOT-CNT composite outperforms plain PEDOT in terms 
of impedance reduction, effective surface area increase, con-
ductivity, and mechanical stability, taking advantage of the 
excellent properties of CNTs [36–39]. In fact, our study con-
firmed that PEDOT-PSS-CNT composites remain attached 
to the GC microelectrodes before and after folding as well 
as after implantation, as supported by the impedance meas-
urements that showed no noticeable changes (figure 6(b) and 
supplementary figure S3).

In summary, the recently introduced technologies [6–8] 
that allow for pattern transfer and the integration of GC elec-
trodes into thin-film polymeric substrates allow us to exploit: 
(1) GC as microelectrode substrate and (2) flexible polymer 
polyimide as substrate. This provides a great advantage even 
compared to the state-of-the-art silicon MEMS technology, 
which allows to produce smaller devices, with precise and 
highly reproducible mechanical and geometric characteristics, 
but still using metal microelectrodes and a rigid substrate.

Lastly, the in vivo test has shown that the device was able to 
record neural signals with a high sensitivity to the physiology 

of the specific cortex region where the electrodes were placed 
(i.e. the vibrissae region of S1). For ECoG, the response to 
variations of whiskers deflection amplitude was excellent, 
while for the penetrating electrodes, the waveform amplitudes 
of recorded high frequency are in good agreement with the 
anatomical characteristics of the neuronal population fol-
lowing the laminar structure of the primary somatosensory 
cortex [40–43].

5. Conclusions

In this study, we introduced a new microfabrication and pat-
tern transfer technology that allows origami-style 3D GC 
MEMS structures supported on flexible polymeric substrates. 
These devices demonstrate the versatility of the technology, 
delivering a flexible, thin-film multipurpose platform that con-
tains both surface (ECoG) and penetrating (intracortical) GC 
MEAs on a 3D device. The device can be batch-fabricated 
and is easily reproducible using pattern-transfer techniques. 
The platform can be fabricated in a variety of geometries 
and incorporates GC microelectrodes coated with PEDOT-
PSS-CNT to achieve low impedance of the miniaturized 
electrodes. We tested the manufactured device in vivo to 
confirm that the shank was able to penetrate the brain tissue 
without buckling and that the µECoG arrays could adhere to 
the cortex without damaging it or interfering with the pen-
etrating portion. We additionally validated the ability of the 
device to record neural activity from the vibrissae representa-
tion of the rat primary somatosensory cortex (S1). From the 
physiological point of view, the advantage of this platform 
is that the surface and penetrating electrode contact sites are 
equal in design, size, and material, allowing a much more 
reliable comparison between signals acquired epidurally and 
intracortically. In addition, the compact and simple design 
makes it suitable for chronic implants and long-term electro-
physiological studies. In conclusion, the innovative platform 
presented here demonstrates that there is significant potential 
for GC-based thin-film technology to successfully interface 
with the brain in different configurations simultaneously from 
a single flexible sheet of polymeric substrate. Furthermore, 
we expect foreign body response to our thin and flexible inte-
grated device during long-term implants to be less severe than 
the one arising after implanting stiff penetrating probes.
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