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Abstract

Objective.—Intracranial neural recordings and electrical stimulation are tools used in an 

increasing range of applications, including intraoperative clinical mapping and monitoring, 

therapeutic neuromodulation, and brain computer interface control and feedback. However, many 

of these applications suffer from a lack of spatial specificity and localization, both in terms of 

sensed neural signal and applied stimulation. This stems from limited manufacturing processes of 

commercial-off-the-shelf (COTS) arrays unable to accommodate increased channel density, higher 

channel count, and smaller contact size.

Approach.—Here, we describe a manufacturing and assembly approach using thin-film 

microfabrication for 32-channel high density subdural micro-electrocorticography (μECoG) 

surface arrays (contacts 1.2 mm diameter, 2 mm pitch) and intracranial electroencephalography 

(iEEG) depth arrays (contacts 0.5 mm 1.5 mm, pitch 0.8 mm × 2.5 mm). Crucially, we tackle the 

translational hurdle and test these × arrays during intraoperative studies conducted in four humans 

under regulatory approval.

Main results.—We demonstrate that the higher-density contacts provide additional unique 

information across the recording span compared to the density of COTS arrays which typically 

have electrode pitch of 8 mm or greater; 4 mm in case of specially ordered arrays. Our intracranial 

stimulation study results reveal that refined spatial targeting of stimulation elicits evoked potentials 

with differing spatial spread.
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Significance.—Thin-film, μECoG and iEEG depth arrays offer a promising substrate for 

advancing a number of clinical and research applications reliant on high-resolution neural sensing 

and intracranial stimulation.
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1. Introduction

Direct brain recordings conducted on the subdural surface of the brain (electrocorticography, 

ECoG) or in subsurface structures (intracranial electroencephalography, iEEG) provide high 

temporal resolution of local population activity. This neural activity is useful for a variety 

of diagnostic and therapeutic purposes, including epilepsy seizure localization [1–3] and 

control of brain–computer interface (BCI) systems for cursor movement [4] or prosthetic 

limbs [5]. In addition to sensing neural activity, intracranial electrical stimulation can be 

applied through these electrodes for a variety of applications. Implanted devices deliver 

stimulation for the treatment of Parkinson’s Disease and other movement disorders [6], 

neuropsychiatric diseases [7], and for the prevention of seizures [8]; intracranial stimulation 

is also well-established in the intraoperative setting to guide surgical decision-making [9]. 

Closed-loop intracranial stimulation has shown promise as a therapy for a number of 

diseases [10, 11], which relies on sensing neural activity, calculating a symptom biomarker, 

and delivering stimulation based on the real-time sensed status of the symptom biomarker.

However, many of these applications suffer in performance and utility in humans because 

of the large electrode sizes and low electrode density in FDA-cleared, commercial-off-the-

shelf (COTS) electrode arrays, despite the availability of a variety of designs. Subdural 

surface arrays have 4–64 contacts, with electrode diameters of 2–4 mm, and center-to-center 

electrode spacing of 8–10 mm; iEEG depth arrays have 4–16 contacts along the z-axis with 

spacing of 5–10 mm. COTS arrays are typically manufactured in a highly manual fashion 

using bulk electrode materials and discrete wires to form electrical connections. In COTS 

surface arrays, individual platinum disc electrodes are embedded in a polymer substrate, 

typically silicone, to form the body of the array. In COTS depth arrays, discrete platinum 

ring electrodes are bonded to a polymer tube to form the array body. These manufacturing 

steps are not able to meet the demand for higher density arrays with smaller electrodes [12]. 

More recently, commercial entities have started employing advanced solutions to address 

these challenges with newer materials and manufacturing processes. CorTec has received 

FDA 510(k) clearance for sub-chronic (<30 d implant) 64-contact grids manufactured using 

a proprietary laser-assisted process. The arrays have 10 mm electrode spacing and are made 

with 90:10 platinum:iridium electrodes on silicone substrate with or without paralyene-C 

on top. CorTec is also manufacturing higher density arrays for preclinical research (not 

FDA cleared) with 8–32 contacts, with contact size as small as 0.2 mm and contact spacing 

as small as 0.9 mm. NeuroOne has received FDA 510(k) clearance for cortical thin-film 

electrodes containing 2–16 electrodes with 10 mm contact spacing and 3 mm contact size. 

The electrodes are platinum with a polyimide electrode substrate material.
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Taking a microfabrication approach can bypass many of the scalability issues seen in 

traditional manufacturing methods. Thin-film microfabrication techniques offer unmatched 

control over device shape and feature size, down to the micron scale, while taking advantage 

of wafer-level processing. The hands-off nature of this approach coupled with its precise 

control over feature and device geometry enables the manufacture of devices with increased 

electrode density for high resolution sensing and stimulation [13] while maintaining a 

final footprint similar to that of COTS devices. Furthermore, microfabrication enables bulk 

processing in which multiple devices can fit on a single carrier substrate and all devices 

undergo identical conditions, thereby improving electrode-to-electrode and device-to-device 

uniformity and reproducibility. Such polyimide-based devices have been fabricated in the 

past with single layer metal traces [14–16] while the work here takes this further by 

introducing multiple layers, thus increasing the maximum electrode density over previous 

studies.

Testing of higher density, traditionally fabricated ECoG arrays in humans has demonstrated 

improved performance or spatial resolution over standard density COTS arrays. ECoG-based 

BCI performance of a multi-degree-of-freedom prosthetic arm was improved by higher 

density arrays (2 mm diameter, 4 mm pitch) over conventional arrays (4 mm diameter, 10 

mm pitch) [17]. Comparison across patients with a standard size ECoG grid with 10 mm 

pitch, μECoG grid with 1 or 2 mm pitch, and a penetrating multielectrode array showed the 

activity recorded using the μECoG array was more similar to that from the penetrating array 

than the standard size ECoG grid in terms of correlation, coherence, and phase-locking/

phase lag index across all electrode pairs in the array [18]. Recordings using 4 mm pitch 

arrays showed that neural activity during speech-task-responsive adjacent contacts was not 

highly correlated, particularly in the higher frequency bands [19], indicating that unique 

information is encoded and represented at this spatial scale.

Research studies, primarily conducted in animal models, have developed and tested high-

density, thin-film arrays and demonstrated their utility. Chiang et al utilized a combination 

of multiple high-density μECoG arrays for a total of 294 contacts (229 μm diameter, 610 

μm pitch) during an NHP auditory decoding task to improve decoding accuracy through 

optimizing channel sub-selection [20]. In a NHP study using 96-channel surface arrays (350 

μm2 electrode area, 700 μm pitch), use of all channels provided greater prediction accuracy 

in determining which finger was electrically stimulated from recorded somatosensory 

evoked potentials; the authors found increased spatial resolution of the high density array 

was less useful for low-frequency band signatures [21]. Limited studies of thin-film surface 

arrays in humans for research purposes show the utility of higher density contacts for 

localizing responses to stimuli [13]. However, there has largely been a gap in the translation 

of these thin-film high-density research devices to clinical and therapeutic use in humans.

Poly(3,4-ethylenedioxythiophene) (PEDOT), a conducting polymer, is also increasingly 

being used as a coating on metal electrodes for high density electrode arrays; PEDOT is 

often doped with polystyrene sulfonate (PEDOT:PSS) to provide superior impedance and 

charge-transfer capacity properties [22]. However, PEDOT:PSS coatings can suffer from 

cracks and delaminate from their metallic substrates during prolonged periods of charge-

balanced biphasic electrical stimulation [23]. Additional manufacturing processes (such as 
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surface roughening) improve coating lifetime [22, 24, 25] and work is continuing to improve 

the lifetime of PEDOT:PSS. However, with an eye towards rapid translation to clinical and 

research use, we sought to use alternative materials, such as co-deposited platinum-iridium 

which does not require additional surface processing and still provides lower impedance and 

higher charge-transfer capacity properties compared to an untreated platinum surface.

Here, we microfabricated and assembled flexible 32-channel electrode arrays capable of 

simultaneous sense and stimulation. We tested the sense and stimulation capability of these 

surface and depth arrays intraoperatively in four human patients, using metrics applicable to 

clinical diagnostics and treatment (correlation across contacts and single-pulse stimulation 

(SPS) to measure corticocortical evoked potentials (CCEPs)). These higher-density μECoG 

and iEEG arrays provided more unique recorded information, evidenced by correlation 

coefficients lower than 1 between adjacent contacts, and stimulation evoked responses 

differing in spatial profile as a function of the location of the bipolar electrode pair used 

to deliver current. Together, this shows the feasibility and utility in manufacturing higher 

density arrays for human clinical and research needs.

2. Methods

2.1. Materials

Materials intended to be in contact with tissue were carefully chosen for their 

biocompatibility (table 1). These materials, as well as consumables such as cleaning solvents 

and intermediate materials, were evaluated as part of the completed, finished device. In order 

to acquire regulatory approvals for the intended intraoperative use-case, biocompatibility 

studies were used to determine suitability for implantation. These tests were conducted by 

a third-party testing laboratory that follows specific protocols in accordance with regulatory 

requirements (e.g. ISO 10993). All fabricated devices that were used in humans have passed 

such testing conducted by Toxikon Corporation.

2.2. Array design

Surface and depth arrays contained 32 channels in a grid, with 8 rows and 4 columns of 

primary electrodes (figure 1(a)). For surface arrays, the primary electrodes were 1.2 mm in 

diameter with 2 mm pitch (here and throughout, pitch refers to electrode center-to-center 

spacing). Total recording span was 15.2 mm × 7.2 mm. For depth arrays, the grid was 

‘wrapped’ around a cylinder such that the eight rows spanned the z direction. The primary 

electrodes were 1.5 mm × 0.5 mm in size, spaced 1 mm edge-to-edge axially and 0.301 

mm edge-to-edge circumferentially. Total recording span was 19 mm. Separate ground and 

reference electrodes were positioned on the periphery of the array (surface) or proximally 

(depth array).

2.3. Array fabrication

The surface and depth arrays were fabricated using standard microfabrication techniques 

[28] with a six-mask photolithographic process where each six inch silicon carrier wafer 

contained twelve 32-channel arrays (figure 1(b)). All arrays consist of two metal trace layers 

encapsulated between insulative layers of polyimide [28] with exposed platinum iridium 
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electrodes (figures 1(c) and (d)). The fabrication process steps are illustrated in figure 1(e). 

First, two layers of polyimide (PI-2611, HD MicroSystems) were spin-coated and cured at 

a final temperature of 375 °C for 30 min on the silicon carrier wafer to achieve a total 

thickness of 10 μm. Polyimide is a proven biocompatible and chemically inert material 

that is easily patterned using standard photolithographic and plasmaetching processes [29]; 

it provides a mechanically flexible device platform which can be manipulated into three-

dimensional (3D) shapes.

Next, the first metal stack was sputter-deposited and patterned using a plasma etch process. 

This process uses both physical (ion-bombardment) and chemical etch process to remove 

material. A second 10 μm layer of polyimide was then deposited to insulate the patterned 

metal from the previous step. Interconnection vias were patterned and etched on this 

polyimide layer, so the next metal layer could make electrical contact with the metal layer 

below. After the second layer of metal was deposited, the top layer of titanium from the 

metal stack was removed at the electrode and connector sites via a chemical etch process 

in diluted hydrofluoric acid to expose the PtIr metal and then patterned. The last 10 μm 

layer of polyimide was spin-coated and cured. Finally, polyimide covering the electrode and 

connector sites and the device outline was patterned. The process wafers with 30 μm thick 

polyimide-based arrays were then soaked in warm deionized water before device release.

Each trace metal layer consisted of a 2.04 μm thick Ti/PtIr/Au/PtIr/Ti metal stack with 

the top titanium layer, on the second metal layer, etched to expose the 0.25 μm thick co-

sputtered platinum iridium contacts below. Three-quarters of the metal trace layer thickness 

was gold, which both helped to reduce electrical trace resistance down to 140–240 Ω 
and provided a malleable and ductile material to prevent defects and facilitate coiling and 

formation of the array into 3D shapes during the device assembly process.

The platinum-iridium layer served both as the active electrode surface and the diffusion 

barrier between titanium and gold to prevent interdiffusion, which can lead to increased 

trace resistance. Titanium-gold interdiffusion occurs at temperatures in the range of 250 °C 

to 325 °C [30–32], which is below the polyimide cure temperature used in the fabrication 

process. Without a barrier layer of platinum-iridium, this interdiffusion results in measurably 

higher resistivity in the trace metal. Since high-density arrays require smaller electrodes, 

signal-to-noise (SNR) ratio typically decreases because of increased electrode impedance 

[12, 33]. To maintain sufficient SNR and increase electrode charge storage capacity and 

charge injection efficiency for stimulation, deposition parameters for the PtIr metal electrode 

were optimized to provide low impedance, high charge-storage capacitance and high double-

layer capacitance without requiring post-fabrication surface modifications. Untreated thin-

film Pt is reported to have a double-layer capacitance (Q) of 0.01–0.06 mF cm−2 [25, 34] 

while post-processed surface roughening of thin-film Pt contacts achieved a Q of 2 mF 

cm−2, or approximately 40 times higher than that of untreated Pt film [25]. The co-sputter 

process developed here (60% Pt and 40% Ir) resulted in a measured Q of approximately 

3.1 mF cm−2, at least 50 times increase without post-processing when fit with the same 

model. In comparison, the Q of co-sputter deposited PtIr is 1.5 times greater than that of 

electrodeposited 60%–40% PtIr alloy [35].
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2.4. Array assembly

Once the microfabricated arrays were removed from the wafer, the devices were ball-bonded 

to an interface board with one end connected to the array and the other connected 

to a 36-channel Omnetics connector for intraoperative testing (figure 2). The Omnetics 

connector could easily be substituted with a different connector to facilitate connection to 

data acquisition and stimulation equipment. The ball-bonded connection was encapsulated 

with biocompatible epoxy (EpoTek 301–2, Epoxy Technology Inc.) to provide mechanical 

stability. Surface arrays were attached to a silicone support tube (AlliedSil Silicone Tubing

— Implant Grade, Implantech) and the cable region of the device was wrapped helically 

around the support tube. The coiled subassembly was placed into a polycarbonate mold 

and over-molded with silicone (Nusil MED-6215, Avantor, Inc). The silicone coat holds 

the coiled cable in place and provides mechanical support for the electrode region of the 

device. The support tube, which accepts a stainless steel stylet, runs the full length of 

the device, including behind the electrode region, to allow the surgeon to steer the array 

into regions of the brain not easily accessed without increasing the size of the craniotomy. 

Once over-molded in silicone, the interface board was over-molded in biocompatible epoxy 

(EpoTek 301–2FL, Epoxy Technology, Inc).

For the depth arrays, the assembly process differed slightly following ball-bonding to the 

interface board (figure 2). The electrode region was formed into a cylinder to take the shape 

of a typical depth probe. The depth arrays were pre-formed into a ‘U’ shape by heating the 

electrode region of the array to 260◦C and pressing it into a stainless-steel mold, electrode 

side down. To protect the electrodes from abrasion, a thin sheet of polyimide, 10 μm thick, 

was placed between the electrode array and the stainless-steel mold during the pre-forming 

process. The pre-formed array was temporarily bonded to a thermoplastic polyurethane 

(TPU) support tube (Carbothane TPU PC-3585 A, Lubrizol Corporation) using a small 

amount of UV-cure adhesive (Loctite 4310, Henkel Corporation) applied at the pointed tip 

of the electrode array. The sub-assembly was pulled into a polytetrafluoroethylene (PTFE) 

mold and heated to 150 ◦C to permanently bond the electrode region of the array to the 

TPU support tube. At this point, the thin sheet of polyimide and pointed tip of the electrode 

array were removed, and UV-cure adhesive (Loctite 4310) was used to form a rounded tip 

at the distal end of the device to enable blunt dissection of tissue during insertion. Next the 

cable region of the array was helically wrapped around the support tube and over-molded 

in silicone (Nusil MED-6215) using a polycarbonate mold. As with the surface array, 

once over-molded in silicone, the interface board was over-molded in biocompatible epoxy 

(EpoTek 301–2FL). All design, fabrication, and assembly were conducted under a Quality 

Management System and with design controls, to enable rapid translation to human clinical 

applications [36].

2.5. Data collection

The experimental protocol was approved by the University of California, San Francisco 

Institutional Review Board. Four participants were included in the study (table 2) and all 

provided written informed consent. Surface arrays were tested in three patients (LA08, 

LA10, LA11) and depth arrays were tested in three patients (LA10, LA11, LA12). All 

patients had medically-refractory seizures requiring surgical management due to temporal 
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lobe epilepsy. Stimulation and recording were conducted in the operating room, using 

the 32-contact μECoG and/or iEEG depth arrays described above. Surface arrays (figures 

2(h), 3(a) and (b)) were placed on the cortical surface following durotomy, and depth 

arrays (figures 2(g) and 3(a)) were inserted into healthy tissue that was scheduled to be 

removed later in the surgery due to clinically-indicated need to access epileptic tissue. 

Data acquisition and stimulation were conducted using a Neuro Omega (Alpha Omega) 

system sampled at 22 kHz (LA08, LA10, LA11) or a Tucker Davis Technologies system 

(PZ5M-512 and RZ2) sampled at 24.4 kHz (LA12). The Neuro Omega system has ±23 

mV dynamic range and 16-bit resolution, and the TDT has ±500 mV dynamic range and 

28-bit resolution, each enabling rapid signal recovery following delivery of stimulation. 

Reference and ground contacts built into the arrays were used for all recordings. The 

array was connected to the Neuro Omega headbox modules or TDT S-boxes using 

an Omnetics connector terminating in touch-proof connectors, connected to touchproof 

extenders to provide sufficient distance out of the sterile surgical field. The arrays, 

Omnetics-to-touchproof cable, and touchproof extenders were all sterilized using ethylene 

oxide prior to use.

2.6. Electrode stimulation

All electrical stimulation was delivered below accepted current density limits (30 μC cm−2) 

[37] and using charge-balanced biphasic pulses (zero inter-phase delay) to ensure safety. 

SPS was delivered between bipolar contacts on surface arrays, selected at two distances 

from each other (referred to as varying proximities)—4 mm and 10 mm center-to-center 

distances. SPS was delivered with the following parameters: blocks of 10–30 s duration, 1 

Hz, 400us pulsewidth, and 0.68 mA. Blocks of SPS were alternated with recording at rest 

(no stimulation) or other stimulation tests. A live stream of recordings was monitored during 

stimulation to check for stimulation-induced after-discharges (which may indicate that tissue 

is seizure prone if stimulation is continued), which were not seen in any of the participants. 

For LA10, the stimulation experiments were conducted while the participants were under 

anesthesia. For LA11, the stimulation experiments were conducted when the participant had 

been woken up during surgery and was resting quietly. No other sensory stimuli or tasks 

were co-administered during electrical stimulation.

2.7. Signal processing

Offline analyses were conducted using custom scripts in MATLAB (Mathworks, Inc. Natick, 

MA). Electrodes which were known to be shorted or open (based on impedance values 

measured in saline, prior to intraoperative testing) were excluded from all analyses. These 

excluded channels included LA08: channel 16, surface array; and LA12: channels 19 and 

26, depth array. For resting-state correlation analyses, the following preprocessing was 

conducted: data were bandpass filtered from (2 250)Hz using a fourth order zero-phase 

butterworth filter; common average referencing; notch filtering at 60 Hz and harmonics 

using a fourth order zero-phase butterworth filter; downsampling to 512 Hz. When analyzing 

stimulation data, the electrode contacts used to deliver stimulation were excluded from 

analysis, as no recoverable neural sense data was present on these contacts. The following 

processing was conducted to calculate stimulation-evoked potentials: each SPS pulse was 

identified in the raw data using peak detection; a segment of data (typically 13 ms total) was 
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removed around that stimulation time to remove stimulation artifact and was replaced with 

generated data using a cubic spline interpolation [38]; data were bandpass filtered from [1 

100] Hz using a fourth order zero-phase butterworth filter; 60 Hz line noise was removed 

using a fourth order zero-phase butterworth filter. Separately for each block of stimulation, 

the data were then segmented into trials (one trial = one biphasic stimulation pulse) with 

500 ms of data prior to the stimulation pulse and 500 ms after the stimulation pulse. On a 

trial-by-trial and electrode-by-electrode basis, the preprocessed voltage data were z-scored 

−300 to −100 ms relative to the stimulation pulse start. Following these calculations, the 

period previously identified as stimulation was replaced with nans.

2.8. Quantification and statistical analysis

In order to ascertain if electrode contacts on arrays with this pitch recorded unique 

information, we calculated Pearson correlation coefficients on resting state data. 

Correlations were calculated between the preprocessed time series of all electrode pairs 

on data segments of 7–42 s in length. Prior studies have found that activity during resting 

state recordings was more highly correlated across electrodes compared to activity evoked 

by sensory stimulation or task [19], so the combination of this experimental paradigm and 

analysis represents a challenging scenario. We calculated the Euclidean distance between 

the electrode pairs, and each participant’s data were fit to a Lorentzian regression model (1) 

with correlation is a function of distance:

y = (1 − c) B2

B2 + x2 + c . (1)

We next asked if more refined spatial control of stimulation delivery, using the μECoG 

surface arrays, changed stimulation-evoked responses. For each subject and recording 

electrode, the voltage peak induced by SPS was taken from the 200 ms following stimulation 

of each trial. This peak voltage values were paired with the center-to-center distance of the 

closest stimulation electrode and then fit to a power regression model (2) where voltage peak 

is a function of center-to-center distance from the closest electrode:

y = A * Xb .

3. Results

We microfabricated and assembled subdural surface μECoG and iEEG depth arrays for 

human use with 2 mm and 0.8 mm 2.5 mm pitch, respectively. Our intraoperative sense 

and stimulation studies conducted in four human patients demonstrated that these higher 

density arrays provided additional sensed information and greater control over the spatial 

spread of stimulation. To quantify the similarity of the recorded signals, the relationship 

between pairwise center-to-center contact distance and signal correlation was fit using a 

Lorentzian regression model for each participant (1) using methodology similar to that 

reported previously [13]. As expected, the models fit well for surface arrays (LA08 R2 = 
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0.6360; LA10 R2 = 0.3554; LA11 R2 = 0.4023) and depth arrays (LA10 R2 = 0.4422; LA11 

R2 = 0.3695; LA12 R2 = 0.4947) (figure 4).

Signals between adjacent contacts in the same row or column of the surface array, with 

2 mm pitch, had correlation coefficients lower than 1, indicating that even during highly 

correlated resting state activity, this density of electrodes recorded unique information. 

However, it was not clear if even higher density electrodes would also provide meaningfully 

different signal. To address this, we took advantage of the grid design of the surface arrays 

and compared correlations between adjacent contacts in the same row or column (2 mm 

pitch) and diagonally adjacent contacts (2.83 mm pitch) (figure 4(a)). Interestingly, pairwise 

correlations differences between these sub-millimeter electrode spacings were highly 

significant in all participants (Wilcoxon rank-sum p-value, pairwise electrode distance 2 

mm versus 2.83 mm: LA08 p < 8.99 × 10−8, LA10 p < 2.93 10−5, LA11 p < 2.17 × 10−9), 

providing further ×evidence that sub-millimeter pitch μECoG arrays would provide unique 

information even when applied to human intraoperative recording.

We conducted a similar analysis for the depth arrays, taking into account their 3D geometry. 

These arrays have four recording contacts at the same insertion depth (figure 4(b), top), 

distributed around the cylinder of the full assembly. With this configuration, the electrodes at 

the same depth of insertion are a cord center-to-center distance of 0.7 mm (0.8 mm around 

the cylinder, on the array~surface) for neighboring electrodes, and a cord center-to-center 

pacing of 1 mm spacing for the next closest contact (the diameter of the cylinder). At this 

submillimeter difference in spacing (adjacent electrodes at the same depth, ~0.7 mm, and 

electrodes on the other side of the 3D structure, 1 mm), one of the three subjects tested 

had a significant correlation difference (p-value for Wilcoxon rank-sum at the same depth 

or within same axial ring, pairwise electrode distance ~0.7 mm versus 1 mm: LA10 p < 

0.022, LA11 p < 0.121, LA12 p < 0.06). Next, the pairwise correlation between contacts at 

the same depth were compared to those at adjacent depth. As described above, contacts at 

the same depth have center-to-center differences between ~0.7 mm and mm, while those at 

different depths have a ~1 cord center-to-center distance of 2.5 mm to ~2.7 mm. Pairwise 

correlations were significantly different between electrodes at different depths among all 

participants (p-value for Wilcoxon rank-sum between contacts of neighboring insertion 

depths, pairwise electrode distance ⩽1 mm versus 2.5 mm to 2.7 mm: LA10 p < 4.64 10−9, 

LA11 p < 0.0023, LA12 p < 3.57 ×× 10−5). This demonstrates that depth arrays with this 

pitch, and even smaller pitch, are effective at recording different information on adjacent 

contacts.

We next sought to investigate if more refined spatial delivery of stimulation changed evoked 

responses. The area of activated tissue is in part a function of the position and proximity 

of the two stimulation electrodes. SPS was delivered at electrodes with 4 mm or 10 mm 

center-to-center spacings with simultaneous recording from the other electrodes on the array 

(figure 5). The stimulation-evoked voltage peaks were largest on the contacts closest to 

either stimulation electrode with a drop-off increasing with distance from either electrode.

There were significant differences in the SPS evoked potential peak amplitudes, even 

when comparing the closest recorded electrodes (2 mm, horizontal or vertical, versus 2.83 
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mm, diagonal) across all participants and stimulation proximities (all p-values reported for 

Wilcoxon rank-sum: LA10 10 mm center-to-center spacing, p < 1.72 × 10−14, LA11 10 mm 

center-to-center spacing, p < 3.14 × 10−64; LA10 4 mm center-to-center spacing, p < 1.00 × 

10−9; LA11 4 mm center-to-centerspacing, p < 2.12 × 10−64).

The drop-off of stimulation evoked peak over center-to-center distance from the closest 

stimulation electrode for every subject and every stimulation electrode spacing was fit to a 

power regression model (2). Power regression models fit better for participant LA11 and for 

larger center-to-center spacings (LA10 10 mm center-to-center spacing, R2 = 0.17, LA11 10 

mm center-to-center spacing, R2 = 0.45; LA10 4 mm center-to-center spacing, R2 = 0.06; 

LA11 4 mm center-to-center spacing, R2 = 0.40) (figure 6), suggesting that many factors, 

such as local biological architecture, may heavily influence the evoked potentials from 

electrical stimulation. Taken together, these results demonstrate that higher spatial specificity 

of delivered electrical current afforded by μECoG indeed influences the tissue activated, and 

thus the evoked responses.

4. Discussion

The use of ECoG for diagnostic and therapeutic sensing and stimulation in humans has 

been hampered by the relatively low density and large contact size found in existing 

COTS arrays. Prior studies in animal models using higher-density research arrays have 

demonstrated improved decoding performance and sensitivity through the use of these 

higher channel count arrays [20, 21]. However, current manufacturing practices used for 

COTS arrays preclude continued miniaturization and increased density of electrode contacts. 

One way to bypass many of the scalability issues seen in traditional manufacturing methods 

is to use microfabrication. Fundamentally, microfabrication is a 2.5D process by which 

materials, such as metals ceramics, or polymers, are deposited onto a carrier substrate, 

typically silicon, in a layer-by-layer fashion. These materials are then patterned via photo-

lithography and selectively etched to form functional devices. Microfabrication techniques 

allow for control over device shape and feature size, down to the micron scale, and allow 

for bulk wafer level processing where multiple devices can be processed simultaneously 

on a single carrier wafer. Since devices on the same carrier wafer undergo identical 

processing conditions, they exhibit excellent electrode-to-electrode and device-to-device 

consistency. Here, we described the manufacture, assembly, and human intraoperative 

testing of microfabricated thin-film surface and depth electrode arrays. The higher density 

arrays provided increased spatial specificity and precision for both sensing and stimulation.

4.1. Advantages of thin-film microfabrication

Surface and depth electrode arrays manufactured using thin-film microfabrication provide 

a number of advantages over currently available COTS arrays. The precision of the 

manufacturing process allows for higher channel count, greater density, and smaller 

contact size. The surface array described here (32 electrodes, 1.2 mm in diameter, 2 

mm pitch) has an electrode density that is 4–25 times greater than commonly available 

COTS subdural surface arrays. The cylindrical depth array (32 rectangular electrodes, 

0.5 mm circumferentially and 1.5 mm axially, 2.5 mm pitch axially and 0.8 mm pitch 
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circumferentially) has an electrode density that is 3.5–16 times higher than commonly 

available COTS depth arrays. While we manufactured and tested 32-channel arrays in the 

present study, the described microfabrication procedure can be scaled to make individual 

arrays with upwards of hundreds of channels and contact sizes down to 15 μm and 26 

μm pitch, respectively. Currently, these high-density and high-channel count arrays are 

limited by the number of connections needed to interface with supporting electronics, rather 

than the microfabrication process itself. Thin-film arrays also have multiple mechanical 

properties that facilitate high signal quality. The microfabricated surface arrays consist of 

a 30 μm layer of polyimide encased in a 750 μm layer of silicone, approximately the 

same thickness as COTS surface arrays. By keeping the polyimide layer extremely thin, 

the microfabricated cortical device remains flexible enough to easily conform to the surface 

of the cortex which helps to limit the distance between electrode and neural activity. The 

ability for the microfabricated surface array to conform to the surface of the cortex is also 

aided by uniform array stiffness across its surface. This stems from the flexibility of the 

array resulting from the mechanical properties of the silicone and the polyimide and that 

the metal layers were relatively evenly distributed throughout the body of the array. Though 

COTS surface arrays are similar in thickness and material set to the microfabricated surface 

arrays, the bulk metal electrodes of COTS arrays (approximately 50 μm thick), lead to stiff 

regions that impede conformal contact with the cortex. Furthermore, in the arrays described 

here, the flexibility resulting from keeping the polyimide layer extremely thin also allows 

us to process the initially flat devices into 3D structures to achieve various mechanical 

characteristics. By bending the array around thermoplastic tubing and bonding it in place, 

the microfabricated depth array is transformed from a flexible 2D structure to a cylinder that 

is rigid enough for insertion into the brain. While previous work demonstrates two different 

methods for wrapping a grid array into a cylinder [39, 40], the present work is the first time 

a multilayer approach is used. This increases the available surface area for the electrodes 

while maximizing the available space for interconnects (metal traces) such that they can be 

placed underneath electrodes. Furthermore, the design here also allows for the integration 

of a central hollow lumen to allow a stylet or mandrel to be inserted if desired, modulating 

device stiffness.

An additional critical benefit of the thin-film microfabrication process is the combination of 

repeatability and design flexibility. Recent advances have introduced segmented depth leads 

to enable electric field steering and radial sensing [41, 42]. The thin-film microfabrication 

processes described above allow for highly custom designs to meet the needs of individual 

use cases [43]. Arrays can be designed with arbitrary electrode layout and density, and 

afterwards undergo post-processing to form the device into a depth probe. The combination 

of increased density and segmented electrodes can further improve the accuracy of 

stimulation and resolution of sensing in multiple radial directions and along the length of the 

probe.

4.2. Benefits for sensing

The findings presented here compliment and extend prior work in several ways. Previous 

studies in humans have tested ECoG arrays manufactured using standard platinum 

microwire techniques of greater density than COTS arrays: 3 mm pitch arrays were used 
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to link neural signals to individual and synergistic finger movements [44] and decode control 

of individual prosthetic fingers [45]; 4 mm pitch arrays were used to map speech processing 

in human nonprimary auditory cortex [46]. Recordings on adjacent 4 mm pitch electrodes 

showed raw local field potential correlations coefficients of 0.6, with significantly lower 

correlations during speech~ task periods compared to non-task periods [19]. In the present 

study, we show that adjacent contacts at 2 mm pitch still provide unique information, even 

when recording during rest periods in absence of a task. This finding was robust across 

individuals, indicative of consistent high-quality recording using the fabricated thin-film 

arrays.

A number of studies using PEDOT:PSS arrays have also demonstrated that increased density 

of human brain surface recordings are beneficial; arrays with 0.4 mm pitch were superior to 

lower density arrays at classifying task conditions from neural activity alone [47]; 0.4 mm 

pitch arrays demonstrated frequency-specific spatial correlations, with spatially structured 

activity down to the sub-millimeter scale [48, 49]; PEDOT:PSS electrodes with 50–800 μm 

pitch were able to detect novel microscale events recorded from the surface of human cortex 

[50]. Arrays have been manufactured and tested with inter-electrode spacing as small as 23 

μm, as with NeuroGrid arrays (23 μm inter-electrode spacing; tetrodes at 2 mm intervals) 

[51].

4.3. Benefits for stimulation

We demonstrated that higher spatial control of stimulation can be used to target the effects 

of stimulation. Single pulses of electrical stimulation have been used in a variety of 

applications to study CCEPs. These stimulation evoked responses represent causal local and 

distant responses that depend on the effective connectivity between the stimulated region 

and the site of recording. CCEPs have been used to assess functional network organization 

[52–54], potentiation and suppression of cortical activity induced by continuous stimulation 

[55], and to aid determination of epileptogenic zones from healthy regions [56, 57]. In this 

study, we measured CCEPs local to the stimulation contacts to characterize how the spacing 

of the stimulation contacts themselves influences the evoked responses. We found that the 

area of activated tissue, indicated by amplitude of evoked responses, varied depending on the 

proximity of the two stimulation electrodes. Studies often treat the stimulation location as a 

singular entity, but in practice stimulation is typically delivered between a bipolar electrode 

pair. The distance between the electrode contacts of that bipolar pair may fundamentally 

change the spread of current (and thus the neural population activated), resulting in different 

patterns of CCEPs in local and distant areas. While effective connectivity represented by 

CCEPs can change over time or as a function of intervention, we would not expect marked 

changes in effective connectivity during our experiments between the administration of SPS 

using the different electrode contacts. Therefore, we can interpret differences in locally 

evoked CCEPs as resulting from the current flow and tissue activated based on the distance 

between the stimulation contacts.

Prior human studies have also demonstrated the value in delivering more spatially precise 

intracortical stimulation. By using arrays of individual penetrating probes, stimulation was 

applied to precise regions of somatosensory cortex in order to evoke tactile sensations felt 
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coming from specific areas of the hand in a paralyzed individual [58] or in the arm of a 

tetraplegic individual [59]. However, the recording span of these electrode arrays is vastly 

smaller (2.4 mm × 4 mm), and the penetration by all contacts is a more× invasive implant.

4.4. The future of high-density μECOG and iEEG

While increasing density over current COTS arrays has been shown to be beneficial for 

sense and stimulation, there is an upper limit on utility of increasing μECoG and iEEG array 

density and decreasing contact sizes. Impedances increase and SNR ratio decrease with 

smaller contact size. Theoretically, at some point, adjacent contacts would have such highly 

correlated activity that no new information is gained. However, our results demonstrate that 

we have not yet reached this point. Work using recordings from both humans and animal 

models indicate that sub-millimeter electrode spacing is advantageous across a variety of 

cortical areas and frequency bands of interest, indicating continued miniaturization should 

continue [60]. Furthermore, research continues to optimize array geometry in terms of 

contact diameter vs pitch [33].

New materials and processes are being investigated and tested for μECoG arrays [51, 61–

64], particularly with an eye towards reducing immune system activation. Ideally, novel 

arrays would incorporate biocompatible materials, reproducible manufacturing and assembly 

techniques, and provide high SNR recordings and stimulation capabilities. Arrays may 

increasingly have electronics included on or near the device in order to amplify, digitize, 

and multiplex signals and reduce the need for independent wires [65, 66]. Multiple emerging 

applications for intracranial sense and stimulation require sub-chronic (<30 d) or chronic 

(>30 d) implant. Additional testing and regulatory approval of thin-film arrays such as 

those described here will be required prior to this extended duration use, in particular to 

ensure mechanical stability and lack of any delamination [67]. In order for arrays to obtain 

FDA approval for human clinical use, arrays must be manufactured to meet quality control 

standards in sufficient quantity.

5. Conclusion

Subdural surface μECoG and iEEG depth arrays fabricated using thin-film microfabrication 

provide a robust and reproducible process for generating human-grade arrays for increased 

spatial resolution for neural sensing and stimulation.
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Figure 1. 
Surface and depth array design and manufacture. Surface and depth arrays consist of (a) 

32 PtIr electrodes that span a region of 15.2 mm × 7.2 mm and 19 mm × 2.9 mm (when 

laid flat), respectively, with surface array electrodes of 1.2 mm diameter and the depth 

array electrodes dimensions of 1.5 mm × 0.5 mm. Both arrays have a set of counter and 

reference electrodes (colored in purple and green, respectively; on surface arrays the two 

reference electrodes were electrically shorted thereby increasing the surface area used for 

reference; same for the two counter electrodes). (b) Twelve arrays were fabricated on each 

silicon carrier with the cables tiled radially in a spiral layout to assist coiling during device 

assembly, maintain elasticity and length, and increase kink resistance. (c) Optical image of 

the electrode region showing electrical traces run underneath the electrodes; the topography 

of the electrode contact does not hinder its performance. Scale bars represent 0.5 mm. 

(d) Cross-sectional schematic of both arrays illustrating the two Ti/PtIr/Au/PtIr/Ti metal 

layers (each 2.04 μm thick) separated by a 10 μm thick insulative polymer, polyimide. (e) 

Process flow of the fabrication steps for both type of arrays: (e.1) polyimide spin-coated 

and cured on a silicon wafer, (e.2) first metal layer deposited, (e.3) metal layer patterned 

via plasma etch process, (e.4) polyimide spin-coated and cured to insulate first metal layer, 

(e.5) interconnection vias patterned on polyimide to enable electrical contact with next 

metal layer, (e.6) second metal layer deposited, (e.7) top titanium layer removed from 

connector and electrode region to expose underlying PtIr surface, (e.8) second metal layer 

patterned, (e.9) polyimide spin-coated and cured, (e.10) polyimide patterned to expose 

connector/electrode surfaces and device outline, and finally, (e.11) the wafer was soaked in 

warm water and devices were peeled to (e.12) release the flexible device.
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Figure 2. 
Assembly and post-fabrication modifications to arrays. After being removed from the carrier 

wafer, surface and depth arrays underwent several post-fabrication processing steps. Steps 

(a)–(d) apply to depth arrays only: (a) the flat depth array was heated to 260 °C and formed 

into a ‘U’ shape using a stainless-steel forming tool (b). Once cooled, the forming tool was 

removed and the pointed array tip was temporarily bonded to a thermoplastic polyurethane 

(TPU) support tube using UV-cure adhesive. (c) The ‘U’ shaped device was then pulled 

through a polytetrafluoroethylene forming tool to form it into a cylinder; the mold was 

heated to 150 °C to reflow the TPU which permanently bonds the array to the support tube. 

(d) A rounded tip was then formed at the end of the array. (e) For both the surface and 

depth arrays, the cable region of the device was helically wound around the support tube and 

over-molded in silicone. (f) The interface board was then molded in biocompatible epoxy. 

Fully fabricated and assembled depth array (g) and surface array (h)—surface array may 

also be over-molded in silicone.
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Figure 3. 
Intraoperative human testing of thin-film μECoG and iEEG arrays. (a) Intraoperative array 

placements in LA08, LA10, and LA11. (b) Rendering of right hemisphere (top) and left 

hemisphere (bottom) with color-coded approximate locations of surface array placement for 

participants, all placed over the anterior temporal lobe with differing degrees of coverage of 

the middle temporal gyrus and superior temporal gyrus. In patients where depth electrodes 

were placed, they were also placed within the anterior temporal lobe. (c) Power spectral 

density plot of raw data from channel 1 of LA08. (d) Time domain traces from channel 1 of 

LA08. Time shown in bottom plot corresponds to shaded area in top plot. (e) Preprocessed 

time domain traces and spectrograms taken from 10 s of resting state recording in LA08. 

Subplots organized according to surface array organization, with channel 1 in the top left 

corner; time domain traces correspond to spectrograms in the top row.
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Figure 4. 
Inter-electrode correlations decrease over distance. (a) Top: Euclidean center-to-center 

inter-electrode distances were calculated on the surface array; neighboring horizontal and 

vertical contacts are separated by 2 mm while the next closest contacts on the diagonal are 

separated by ~2.83 mm. Bottom: pair-wise Pearson correlation coefficient was calculated 

between all electrode pairs (y-axis) using pre-stimulation baseline data and fit to a 

Lorentzian (1) function of the inter-electrode distance (x-axis, mm). (b) Depth arrays: top, 

schematic depicting a subsegment of the depth array with electrode contacts outlined in 

red. Euclidean center-to-center inter-electrode distances were calculated among all depth 

arrays as estimated as a three-dimensional surface. The closest neighboring contacts are at 

the same depth of insertion are separated by ~0.7 mm and 1 mm, with the closest contacts 

at a different depth at a center-to-center distance of 2.5 mm. Bottom, same as (a) bottom, 

with~the pairwise Pearson correlation coefficient (y-axis) plotted against inter-electrode 

Euclidean distance (x-axis, mm), fit using a Lorentzian regression model (1).
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Figure 5. 
SPS administered with different bipolar inter-electrode distances changes evoked potentials. 

(a) Top, schematics of surface arrays with contacts as circles and stimulation electrodes at 10 

mm center-to-center distance highlighted in purple (left) or 4 mm center-to-center distance 

highlighted in blue (right). Below, average SPS-evoked voltage potentials 1 standard 

deviation for participant LA10, shown in geometric distribution of electrode contacts 

corresponding to above array±schematics. Colors correspond to above schematics. 300 ms 

data plotted, with stimulation occurring at 100 ms. Scalebar insert. (b) Same as (a), but for 

participant LA11.
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Figure 6. 
SPS-evoked potential peak decreases with distance from stimulation sites. (a) SPS peak 

responses by distance for 10 mm spaced electrodes. Y-axis, stimulation evoked peak 

voltage; x-axis, center-to-center distance to closest stimulation electrode in mm, with 

average peak for each recording electrode for each participant shown as an open circle, 

and fit power relationship (2) as line. (b) Same as (a), but for stimulation electrodes with 4 

mm center-to-center spacing.
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Table 1.

Materials selection, manufacturability, and known compliance.

Material Manufacturability Known compliance (if any)

Polyimide PI-2611 (HD Microsystems) Widely available Various studies, e.g. [26, 27]

Loctite 4310 (Henkel Adhesives) Widely available Meets ISO 10993 per vendor

EpoTek 301–2FL (Epoxy Technology) Widely available Meets ISO 10 993 per vendor

EpoTek 301–2 (Epoxy Technology) Widely available Meets ISO 10 993 per vendor

AlliedSil Silicone Tubing—Implant Grade 
(Implantech)

Widely available Indicated by vendor for use in chronic (⩾30 d) implant applications, 
510(k) # K955433

Carbothane TPU PC-3585 A (Lubrizol 
Corporation)

Widely available Indicated by vendor for use in chronic (⩾30 d) implant applications

Nusil MED-6215 (Avantor, Inc) Widely available Indicated by vendor for use in chronic (⩾30 d) implant applications, 
FDA Master File available
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Table 2.

Participant information.

Participant
Age 

(years) Gender Side
Surgical 
indication State Anesthesia during recording

Surface 
array

Depth 
array

LA08 55 Female Right Epilepsy Anesthetized N2O, dexmedetomidine, 
remifentanil

Yes No

LA10 22 Male Right Epilepsy Anesthetized N2O, dexmedetomidine, 
remifentanil

Yes Yes

LA11 28 Female Left Epilepsy Awake Propofol and remifentanil 
held

Yes Yes

LA12 29 Female Right Epilepsy Anesthetized during recording 
N2O, dexmedetomidine, 
remifentanil

No Yes
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