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Brain–computer interfaces enable high-resolution neural recording, yet chronic performance is
constrained by interacting factors across materials, electrode and array architectures, and
microsystem integration. This review examines how these cross-level design layers collectively shape
recording stability, efficiency, and scalability. We summarize representative degradation patterns,
strategies for improving long-term performance, and recent advances in integrated systems, and
outline design principles for clinically scalable and reliable neural interfaces.

Brain–computer interfaces (BCIs) rely on neural recording as the foundation
for decoding brain activity and enabling interaction with external devices.
High-quality neural recording underpins a wide range of clinical and
experimental applications, including motor intention decoding, assistive
communication, rehabilitation, and closed-loopneuromodulation inpatients
with spinal cord injury, amyotrophic lateral sclerosis, and stroke1–12. While
short-term studies have demonstrated the feasibility of acquiring neural
signals, achieving stable, long-term, and scalable neural recording remains a
central challenge as BCIs move toward chronic and clinical use13–15.

During chronic implantation, the electrode-neural interface undergoes
persistentbiological andphysical changes, suchas inflammationandglial scar
formation, which increase interface impedance and degrade signal quality by
reducing amplitude, increasing noise, and diminishing recording selectivity.
Importantly, chronic recording performance is not determined by any single
design factor, but arises from the combined effects of electrodematerials and
structures, active devices, array architecture, andmicrosystem integration. As
a result, optimizing individual components alone is insufficient to meet the
stability and efficiency required for long-term clinical use, making chronic
neural recording a fundamentally cross-level, system-level challenge.

In electrode-neural interface design, materials and structures jointly
define the mechanical and electrochemical coupling with neural tissue,
thereby constraining initial signal quality, interface impedance, and
biocompatibility15,16. Electrode materials primarily govern electrochemical
stability and tissue responses, while electrode structure determines spatial
resolution and recording stability through geometric design andmechanical

compliance under chronic implantation. Accordingly, these material and
structural choices bound the achievable impedance, effective recording
volume, and long-term interface stability17–20; In Electrodes in BCI Systems,
we review representative electrode materials and architectures with a focus
on their implications for stable chronic neural recording.

However, passive electrode-neural interfaces alone are insufficient to
function as high-fidelity signal transducers, particularly under chronic
implantation, where stable detection of low-amplitude neural activity
remains challenging. To overcome this fundamental limitation, active
devices are required to perform in situ amplification, modulation, and
transmission of neural signals, thereby preserving recording accuracy and
information integrity21,22. Recent advances in low-noise amplifiers, signal
transmission schemes, and energy-efficient microelectronics have sub-
stantially improved system sensitivity and long-term stability23,24; Micro-
system Architectures for Neural Signal Recording focuses on active device
architectures and signal conduction strategies, highlighting how they
address the physical and engineering limitations of passive recording to
enable efficient and reliable neural signal acquisition.

As neural recording evolves from single-channel measurements to
multichannel acquisition, array-level design becomes critical for achieving
stable, long-term recording at the cortical scale. Even with advanced active
devices, isolated recording sites are insufficient to capture distributed neural
activity across large brain areas, motivating the development of high-den-
sity, large-area electrode arrays. While increasing array density and size
expands spatial coverage, it also influences tissue interactions, system
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stability, and long-term signal quality through array-level factors such as
channel count, power distribution, interconnect routing, mechanical
compliance, and data transmission25–27;Design Strategies of Electrode Arrays
for High-Resolution Neural Recording reviews representative large-scale
array implementations and examines how array architectures are engi-
neered to support stable, long-term neural recording.

Evidence from animal models shows that long-term neural recording
performance ultimately depends on coordinated design across materials,
device architecture, array configuration, andmicrosystem integrationunder
realistic implantation conditions. Chronic studies in rodents and non-
human primates consistently demonstrate that mismatches across these
levels lead to signal degradation, whereas integrated design strategies can
support stable recordings over extended periods. Experimental Demon-
strations and Translational Studies summarizes in vivo validation results
and identify the cross-level factors that determine the reliability of chronic
neural recording. Finally, Frontier Directions in BCI Devices and Micro-
systems discusses emerging challenges and design principles for next-gen-
eration, clinically scalable BCI recording systems.

Existing reviews often discuss performance improvements at a single
level, while providing limited systematic analysis of how different levels
influence overall recording performance under long-term operating
conditions28–32. In contrast, this review takes long-term neural recording as
the central problem and systematically analyzes design choices across
materials, active devices, array architectures, and microsystem integration,
clarifying their decisive roles in recording stability, efficiency, and scalability
under chronic implantation.

Electrodes in BCI Systems
BCIs represent an emerging neurotechnology that establishes a direct
communication pathway between the human nervous system and
external devices. Their overarching goal is to convert neural activity into
actionable outputs for fundamental neuroscience, neural repair, and
clinical rehabilitation. Neural signals originate from distributed cortical
and subcortical circuits and can be accessed through non-invasive,
semi-invasive, or invasive modalities, ranging from scalp electro-
encephalography (EEG) to electrocorticography (ECoG) and pene-
trating intracranial electrodes. Following acquisition, neural signals are
subjected to signal conditioning and decoding processes (including
amplification, filtering, feature extraction, and classification) to gen-
erate control commands for external systems. The capability of efficient
neural signal acquisition is essential for clinical translation. As illu-
strated in Fig. 1a, closed-loop or bidirectional BCI systems incorporate
feedback pathways that record neural activity from brain regions
associated with motor, visual, auditory, and language functions. The
acquired signals are subsequently processed and decoded into control
commands to drive external devices or assistive systems, enabling
adaptive interactions between neural circuits and artificial devices.
Based on their functional objectives and therapeutic strategies, closed-
loop BCI systems are primarily applied in three domains: (1) disease
treatment (e.g., epilepsy, Parkinson’s disease, essential tremor, and
major depressive disorder), (2) functional rehabilitation (e.g., stroke
and spinal cord injury), and (3) health monitoring and diagnosis (e.g.,
Alzheimer’s disease and sleep disorders; seeHuman Clinical Studies for
details)33–41. Within such systems, electrodes constitute the critical
physical interface between the brain and external electronics, funda-
mentally determining the type, quality, and long-term reliability of
accessible neural information. To support stable closed-loop operation
under chronic implantation, BCI electrodes must simultaneously
achieve high signal fidelity, long-term recording stability, high channel
density, andmechanical and biological compatibility with neural tissue.

At the material-tissue interface, recording quality determined by the
electrical conduction, electrochemical behavior, and interfacial impedance
of electrode materials, which govern amplitude attenuation, noise, and
spectral fidelity. In parallel, the structural scale, geometry, and spatial layout
of electrodes further constrain the effective recording volume, spatial

selectivity, and the ability to resolveweak, localizedneural activity. Together,
material and structural classifications provide a physical framework for
comparing neural interface performance.

Geometrical architectures of BCIs electrodes
The classification of neural electrodes by structural dimensionality
arises from the spatial organization of the brain and the distribution of
neural signals. Different brain regions impose distinct requirements on
recording depth, coverage area, and spatial resolution, leading to the
development of one-dimensional (1D), two-dimensional (2D), and
three-dimensional (3D) electrode architectures, with representative
examples summarized in Table 1 and Fig. 1b. 1D electrodes consist of
recording sites arranged along a single axis, typically enabling access to
deep brain structures through penetrating probes. 2D electrodes dis-
tribute recording sites across planar surfaces and are widely used for
cortical surface mapping. In contrast, 3D electrode architectures
achieve volumetric sampling by stacking multiple layers or arranging
probes in three-dimensional configurations, allowing simultaneous
interrogation of distributed neural networks. Thus, electrode dimen-
sionality fundamentally reflects the need to spatially match recording
architectures with the anatomical and functional organization of
the brain.

1D Electrodes. Early deep-brain electrodes were predominantly based
on metal microwire structures, developed to overcome the fragility and
high impedance of glass microelectrodes originally designed for intra-
cellular recordings42. Owing to theirmechanical robustness and favorable
electrochemical properties, tungsten microwires became a standard
platform for extracellular single-unit recording, enabling high signal-to-
noise ratios through micrometer-scale tips and localized recording
geometries43.To improve the discrimination of individual neurons within
multiunit activity, multi-contact configurations such as stereotrodes and
tetrodes were introduced. By exploiting amplitude and waveform dif-
ferences across closely spaced channels, these designs significantly
enhanced single-unit isolation, as demonstrated by the stereotrode
technique44 and the tetrode architecture developed by O’Keefe and
Recce45. Despite their effectiveness for acute and short-term recordings,
metal microwire- and tetrode-based probes exhibit intrinsic limitations
for chronic neural recording. Restricted channel scalability, susceptibility
to corrosion in biological environments, and limited long-term bio-
compatibility constrain their ability to support stable, high-density
recordings over extended implantation periods. These limitations ulti-
mately motivated the transition toward microfabricated and integrated
electrode platforms for scalable and long-term neural recording.

With the development of microelectromechanical systems
(MEMS) technology, silicon-based neural probes have progressively
emerged as an important alternative to metal microwires. These probes
typically integrate metal electrode arrays on a silicon substrate, with
electrical insulation and channel isolation achieved through dielectric
layers such as SiO2. This architecture significantly reduces parasitic
capacitance and inter-channel crosstalk noise. Wise et al. pioneered the
development of silicon-based neural probes using integrated circuit
fabrication techniques, integrating metal electrode arrays on a 50-μm-
thick silicon substrate. The probes featured tip diameters of ≥2 μm and
inter-electrode spacings of 10–20 μm46. Building on this work, Drake
et al. reduced the silicon substrate thickness to 15 μm and narrowed the
probe tip width to 20 μm. By adopting midline and diamond-shaped
electrode layouts with minimum spacings of 30–42 μm, this design
enabled the separation of 2–3 neuronal units per recording site,
achieved a neural recording range of approximately 180 μm, and pro-
duced signal amplitudes as high as 675 μV. The study also provided
systematic quantitative evaluations of in vivo recording performance
and long-term stability47. Compared with metal microwires, silicon-
based probes offer higher channel densities and more precise recording
capabilities48.
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In recent years, high-density silicon probes fabricated using Com-
plementary metal-oxide-semiconductor (CMOS) technology have repre-
sented a major direction in the development of invasive neural electrode
systems. Probes exemplified by the Neuropixels platform achieve
ultrahigh channel densities with low-noise signal acquisition by integrating
on-chip amplification, multiplexing, and analog-to-digital conversion. The
first-generation Neuropixels probe integrated 960 low-impedance
(149 ± 6 kΩ) TiN recording sites onto a single shank measuring
10mm× 70 μm×20 μm49. Neuropixels 2.0 further advanced this archi-
tecture through miniaturization and modularity, featuring dual-shank
designs with a total head-mounted weight of 1.1 g and supporting multi-
probe configurations comprising up to four probes and 5120 recording
sites49,50. Despite these capabilities, the high elastic modulus of silicon leads to
mechanical stress concentration and chronic inflammatory responses fol-
lowing long-term implantation, which limits the suitability of silicon probes

for chronic neural interfaces. This challenge has emerged as a critical bot-
tleneck in the further development of invasive neural electrode technologies.

To fundamentally mitigate chronic tissue responses induced by rigid
electrode structures, research has progressively shifted toward flexible
polymer-based material systems. Flexible electrodes based on polyimide
(PI) improve themechanical compliance of the electrode-brain interface by
substantially reducing bending stiffness. Rousche et al. developed aPI-based
flexible neural electrode featuring an ultrathin substrate (<20 μm, elastic
modulus ~2.8 GPa), a width of 160 μm, a buckling force of 0.003 oz, and an
in vivo impedance of approximately 190 kΩ51. By incorporating bioactive
micro perforation structures, the device enabled deep longitudinal
implantation while maintaining flexibility, thereby significantly alleviating
localized immune responses. Owing to their enhanced conformability to
brain tissue, flexible electrodes reduce immune reactions and improve long-
term recording stability. However, the low stiffness of flexible structures

Fig. 1 | A schematic of a brain-computer interface (BCI) technology workflow
and timeline of the development of BCI electrodes around the world.
a Illustration of BCI technology workflow, created with BioRender (https://
biorender.com).bTimeline charts of the evolution of neural electrodes, splitting into
rigid electrodes (Michigan Probe46, Utah electrode arrays241, etc.) and flexible elec-
trodes (post-2001, e.g., Neurotassels251, Injectable electronics94, Ultra-thin

electrode274, Circumferential electrode275, etc.), showing technological shifts in
neural interfacing94 Copyright 1970, IEEE241. Copyright 2020, American Chemical
Society251. Copyright 2019, AAAS84 Copyright 2015, Springer Nature Ltd274. Copy-
right 2023, Springer Nature Ltd275. Copyright 2024, AAAS. Different colors on the
panel represent the three dimensions of the neural interface. Details are provided in
Table 1.
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introduces new engineering challenges, particularly probe buckling and
trajectory deviation during implantation. To address these limitations,
“temporary stiffening” strategies have been developed to stabilize flexible
probes during insertion. Felix et al. temporarily bonded flexible PI probes
(elastic modulus 2–4 GPa) to silicon stiffeners (elastic modulus ~200 GPa,
thickness 20–100 μm) using a dissolvable polyethylene glycol (PEG)
adhesive. The probe-stiffener assembly enabled precise implantation
throughmicrofluidic guidance, afterwhich the stiffenerwas removedwithin
15min, resulting in a positional displacement of only 28 ± 9 μm. This
strategy effectively overcomes the implantation challenges associated with
flexible probes longer than 3mm and achieves a practical balance between
compliant materials and robust engineering design52.

Building on these advances, flexible μSEEG probes fabricated using
MEMS and display-panel manufacturing processes have been developed to
address the demands of implantation depth and scale required for human
applications. These electrodes employ ultrathin flexible substrates that
preserve the ability to access deep brain regions while integrating multi-
channel, microscale recording sites. Representative μSEEG probes feature a

thickness of approximately 15 μm, a width of 1.2mm, and lengths of up to
28 cm, supporting up to 128 recording channels with contact diameters of
30 μm (Pt nanorods, PtNR) or 20 μm (PEDOT: PSS), and an inter-site
spacing of 60 μm. The probes can be implanted using guidewires and are
capable of recording localfieldpotentials (LFPs), current sourcedensity, and
single-unit activity in both acute and chronic experimental settings. Com-
pared with conventional clinical sEEG electrodes, which typically operate at
millimeter spatial scales with 8-16 channels, μSEEGprobes offer substantial
advantages in spatial resolution, channel scalability, and manufacturing
cost. Moreover, they avoid the structural fragility associated with high-
density silicon probes, providing a practically viable engineering pathway
for high-resolution deep-brain recording and precise neuromodulation in
human applications53.

Overall, the development of one-dimensional penetrating electrodes
reflects a progressive rebalancing of competing constraints imposed by
long-term neural recording. Early microwire- and tetrode-based probes
prioritized high signal fidelity and single-unit discrimination, but were
inherently limited in channel scalability and chronic stability. Silicon-based

Table 1 | Classification and properties of neural interface electrodes

BCI Type Year Number of
electrodes

Spacing (mm) Coverage Recording
mechanism

Subject Lifetime
(days)

Ref.

1D Rigid 1970 / 0.01–0.02 15 μm2; Passive Cat / 46

1D Rigid 1988 8 0.03–0.2 0.08 × 0.015mm2 Passive Rat 12 228

2D Flexible 2000 4–400 PVC:0.635 mm;
FPC:0.1mm

12.7 mm× 12.7 mm Passive Guinea pig / 229

1D Rigid 2003 10 5.5 50mm Passive Human 7 230

2D Flexible 2004 91 4 24mm× 48mm Passive Human facial
muscles

/ 231

1D Rigid 2004 5–10 2 / Passive Human 180 232

1D Flexible 2007 16 0.1 thickness = 0.015mm Passive Mouse 60 233

1D Rigid 2007 4 0.5/1.5 10.5 mm Active Human / 234

1D Flexible 2009 4 / 1mm2 Active In vitro 30 235

2D Rigid 2010 288 0.8 14.4 mm× 12.8 mm Active Pig / 236

1D Rigid 2013 16 / diameter = 0.026m Passive Zebra Finch 107 237

1D Rigid 2014 1-3 1 length = 0.1 mm Passive Mouse 7 238,239

3D Flexible 2015 16 / / Passive/Active Mouse / 240

2D Flexible 2018 3072 0.05 23 × 18.5 × 2 mm3 Passive Rat / 78

3D Flexible 2019 16–1024 / diameter = 0.055–0.1 Passive Mouse 42 76

3D Rigid 2020 100 0.4 4 mm× 4mm Passive/Active goat heart / 241

3D / 2021 12 0.07 12.5 × 16 × 8mm3 Active Rat / 242

3D Flexible 2021 33 0.5 0.02 × 0.02 × 1.5 mm3 Active Rat / 93

1D Flexible 2022 128 0.065 0.0025mm Active Mouse / 243

3D Flexible 2022 16 / diameter = 0.04 mm Active Rat / 244

3D Flexible 2024 36 1 or 2 0.8 × 1.5 × 1.0 mm3 Active ex vivo muscle / 245

1D Flexible 2025 16 0.1 thickness = 0.015mm Active Rat / 246

1D/2D Flexible 2023 128 / 0.15 × 280mm2 Active Rat, Human / 53

2D Flexible 2023 90 0.05–0.08 thickness = 100 nm Active Mouse / 77

2D Flexible 2024 32 / 0.1 mm× 0.1 mm Passive Rat 42 79

2D Flexible 2024 256 0.5 2.3 × 0.3mm2 Active Rat / 247

2D/3D Ultra-
flexible

2024 1024 / 1000/mm3 Active Rat Multiple
days

145

3D Flexible 2024 64 (Scalable up
to 128)

0.005 / Active Rat / 248

3D Rigid 2024 128 0.1 100mm2 Active Mouse 140 249

1D Rigid 2024 384 0.02 0.07 × 0.02 × 10mm3 Active Rat / 49

1D Rigid 2025 768 0.032 10 × 0.07 × 0.024mm3 Active Mouse 168 250

1D Rigid 2025 1024 0.025 10–90mm Active Mouse 735 201
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probes enabled substantial gains in recording density and system-level
integration, yet their mechanical rigidity introduced tissue responses that
constrained long-term performance. More recent flexible and hybrid
designs aim to restore mechanical compliance at the electrode-tissue
interface, while introducing new challenges in implantation control and
system robustness. Together, these advances illustrate that stable, high-
density neural recording cannot be achieved through isolated improve-
ments in materials or fabrication alone, but requires coordinated optimi-
zation across material properties, structural design, and system integration.

2D Electrodes. By extending neural recording from discrete points to
continuous cortical surfaces, 2D electrodes fundamentally amplify the
challenge of maintaining stable, long-term signal acquisition. Their
design is therefore dictated less by geometric considerations than by
recording constraints associated with spatial scaling, interfacial stability,
and system-level scalability.

Clinical ECoG grid electrodes represent the most mature and widely
adopted form of 2D neural interfaces and are routinely used for epilepto-
genic zone localization54 and functional cortical mapping55–62. Conventional
clinical ECoG electrodes typically employ thick-film constructions with
individual contact diameters of approximately 2mm, arranged in array
formats such as 4 × 4 or 8 × 8, covering areas of 16–64 cm2. While these
electrodes enable large-area cortical coverage, their spatial resolution is
inherently limited63. To improve spatial resolution while preserving cover-
age area, high-density ECoG arrays have been developed, featuring channel
counts ranging from 256 to 1024, interelectrode spacings of approximately
500 μm, and coverage areas exceeding 10 cm2,64–70. Owing to their flexibility
and favorable bending compliance, these surface arrays conform more
closely to the cortical surface, reducing chronic interfacial responses and
improving long-term recording stability.

To further reduce mechanical loading and improve tissue compat-
ibility, ultrathin flexible surface arrays have emerged as an important
research direction.One representative example is a polyimide electrode grid
supported by a silk fibroin substrate, featuring thicknesses of 2.5–7 μm and
trace widths of 250 μm. Such electrodes can spontaneously conform to the
cortical surface via capillary forces, with a critical thickness as low as 4.9 μm.
In experiments conducted on the feline visual cortex, these arrays exhibited
high signal quality, with an average RMS amplitude ratio of 5.7 ± 3.0, as well
as strong spatial consistency across recording sites. This approachprovides a
programmable, biodegradable, and biocompatible strategy for achieving
high-resolution neural interfaces71.

2D architectures are not restricted to cortical surface interfaces; some
array designs extend along the depth axis to enable simultaneous recording
from subcortical and even deep brain regions. As 2D structures expand into
the third dimension, mechanical modulus mismatch becomes a primary
limiting factor. Conventional deep 2D arrays are predominantly fabricated
from high-stiffness materials such as silicon, whose Young’s modulus
(>50 GPa) is orders of magnitude higher than that of brain tissue
(~1–10 kPa). This severemismatch readily induces chronic tissue responses
and leads to signal degradation over time. Representative early imple-
mentations include the microelectrode array (MEA) reported by Thomas
et al., which comprised 30 electrodes with tip dimensions of approximately
7 μmdistributedover a 0.5mm×1mmarea72.Gross et al. developeda glass-
based electrode array consisting of 36 gold traces (12 μm wide and 2 μm
thick). Following UV laser ablation to create ~10 μm openings, the elec-
trodes exhibited impedances of 2-4 MΩ and enabled simultaneous in vitro
recording from different neuronal types in the cochlear ganglion73. A pro-
minent example of a rigid 2D penetrating architecture is the Utah array,
which consists of a 10 × 10 grid of electrodes (100 channels) with 400 μm
spacing, 50 μm exposed tips, and a total coverage area of 4.2mm× 4.2mm.
The Utah array enables simultaneous recording from small neuronal
populations with a signal-to-noise ratio of approximately 6:1, capturing an
average of 3.4 neurons per electrode74. While these systems established the
technological foundation for 2D deep-brain electrode arrays, their

long-term implantation performance remains fundamentally constrained
by the physical properties of rigid material platforms.

To alleviate chronic immune responses and signal degradation
induced by rigid electrode structures, research has progressively shifted
toward flexible 2D deep-brain electrode systems, with design priorities
transitioning from structural strength-dominated approaches to strategies
centered on mechanical matching with neural tissue. Common substrate
materials include polyimide, Parylene C, PDMS, and hydrogels, whose
Young’s moduli more closely approximate that of brain tissue, thereby
substantially improving mechanical compatibility. One representative
example is the e-dura electrode, which employs a 120-μm-thick silicone
substrate integrated with microcracked gold interconnects and 300-μm
platinum-silicone electrodes. The device exhibits an impedance of
approximately 5.2 kΩ and can withstand millions of stretch cycles at 20%
strain, while incorporating microfluidic drug-delivery channels to support
functional recovery following spinal cord injury75. Another example is the
Neurotassel probe, which consists of individual flexible fibers with dia-
meters below 10 μm that can be scaled to hundreds of channels and
assembled into 2Darrays covering areas exceeding 1 cm² through capillary-
force-driven self-assembly. Its exceptionalmechanical flexibility arises from
ultrathin polyimide encapsulation of nanoscale metal layers, resulting in
extremely low bending stiffness and markedly improved mechanical
matching with neural tissue76. The NeuroWeb probe represents an alter-
native ultrathin 2D flexible architecture, composed of stacked hexagonal
boron nitride (h-BN) and graphene layers with a total thickness of
approximately 40 nm.Thedevice achieves anoptical transparencyof 97.2%,
a unit signal amplitude of ~122 μV, and a coverage area of ~25mm²,
enabling intimate conformal contact with curved cortical surfaces while
supporting optogenetic experiments77,78.

These 2D architectures reduce interfacial and mechanical constraints
for large-area recording, but are inherently limited in probing volumetric
neural activity, motivating three-dimensional designs.

3D Electrodes. Although conventional 2D electrodes have established a
mature technological framework for planar cortical signal acquisition,
they remain fundamentally surface-covering interfaces and are therefore
limited in their ability to capture the volumetric structural and functional
complexity of neural systems. In applications such as electrophysiological
recording in the spinal cord79 or the cochlea80, neural activity is dis-
tributed across layered or spiral anatomical architectures. These intrinsic
anatomical features directly motivate the development of 3D volumetric
electrode systems capable of accessing neural activity throughout a tissue
volume81–91.

Early implementations of 3D architectures were realized by introdu-
cing vertical dimensions into conventional planar fabrication processes.
Representative designs include 3D microelectrode arrays (3D MEAs) fab-
ricated using two-photon polymerization (2PP), which enable direct
printing of high-aspect-ratio probe structures on planar substrates. Fol-
lowing metallization and conductive polymer deposition, these electrodes
can achieve impedances as low as 35.2 kΩ at 1 kHz, supporting high signal-
to-noise ratio recordings in 3D neuronal cultures and multilayer tissue
models92. However, such architectures are largely limited to in vitro systems
or shallow tissue applications, with restricted spatial coverage in volumetric
neural tissues.

Building on these approaches, foldable and self-deploying archi-
tectures have been introduced to improve in vivo adaptability. A
representative example is a pop-up flexible array fabricated using planar
processing techniques, which exploits built-in mechanical stress to
transform into a 3D configuration after implantation. The structure
comprises nine surface electrodes with a spacing of 500 μm and four
penetrating shanks, each carrying six electrodes with a spacing of
200 μm. Electroplating with platinum black reduces the electrode
impedance from approximately 1.3 MΩ to ~20 kΩ at 1 kHz. This design
enables simultaneous recording of cortical surface activity and signals
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from multiple intracortical layers within a single integrated system,
thereby extending the high-resolution capabilities of 3DMEAs to in vivo
applications93.

For larger and more anatomically complex targets, the localized 3D
architectures described above remain insufficient. To address this challenge,
the i360 spinal cord electrode array employs an ultrathin (4 μm)Parylene-C
membrane to achieve full 360° circumferential coverage of the spinal cord.
The system integrates 32 interleaved channels that support simultaneous
neural recording and electrical stimulation. In addition, topographic map-
ping enabled by this architecture allows functional discrimination between
sensory and motor pathways79.

As recording volumes expand substantially, long-term stability and
tissue integration emerge as major bottlenecks for 3D neural interfaces.
Injectable mesh electronics represent a representative strategy to address
these challenges by achieving “structural conformality” with neural tissue
through ultraflexible, highly porous architectures. For example, devices
developed by Charles Lieber’s group employ ultraflexible mesh structures
with bending stiffness as low as ~0.1 nN·m and porosities approaching
~90%, enabling intimate integration with neural tissue. Delivered into the
brain via syringe injection, the mesh electronics seamlessly interpenetrate
the host environment. After 12 weeks of implantation, neuronal densities
inside and outside the device recover to approximately 95% of baseline
levels, with no significant increases in astrocytic or microglial responses,
demonstrating excellent long-term biocompatibility and structural
integration94.

From a clinical translation perspective, endovascular approaches are
increasingly emerging as an important direction for 3D neural interfaces.
Compared with conventional craniotomy-based implantation, intravas-
cular strategies substantially reduce surgical invasiveness and accelerate
postoperative recovery95,96. For example, the Stentrode system is delivered
via the jugular vein into the superior sagittal sinus, where recording elec-
trodes are deployed intravascularly to enableminimally invasive, long-term
ECoG recording97,98. Although the CereVasc eShunt system is primarily
designed for cerebrospinal fluid diversion in communicating hydro-
cephalus, its clinical implementation demonstrates the engineering feasi-
bility of delivering miniaturized devices through vascular pathways99,100.
Collectively, these studies indicate that vascular routes may serve as a pro-
mising avenue for developing minimally invasive neural interfaces, while
simultaneously imposing stringent requirements on device dimensions,
bending stiffness, and structural flexibility. Building on endovascular stra-
tegies, Wang et al. developed an ultraflexible intravascular neural electrode,
uFINE-1, which was successfully delivered to the occipital cortex of sheep.
Thedevice enabled recordingof both spontaneous andvisually evokedLFPs
as well as single-neuron activity. Imaging and histological analyses revealed
only minimal tissue damage and limited immune responses, underscoring
the potential of intravascular microelectrodes as minimally invasive and
stable neural interfaces101.

Electrode dimensionality defines spatial sampling in neural recording,
with 1D architectures enabling depth access and 2D architectures providing
planar coverage.While these geometric choices establish the structural basis
of neural interfaces, they are insufficient to ensure stable long-term per-
formance. Under chronic implantation, recording stability is dominated by
material properties, including electrical behavior, mechanical compliance,
and interfacial biocompatibility. As BCIs move toward long-term and
scalable operation, geometry-only optimization becomes inadequate,
underscoring the need for material-centered frameworks and coordinated
material-structure co-design.

As recording scale and system complexity increase, mechanical com-
patibility between neural electrodes and soft brain tissue becomes a critical
factor governing long-term performance. Traditional rigid electrodes can
induce chronic tissue response and micromotion-induced damage, which
degrade signal stability over time. This has driven the transition toward
flexible and compliant electrode structures that better conform to neural
tissue and reduce mechanical mismatch. Such mechanically adaptive
designs are essential formaintaining stable chronic recordings and enabling

high-density, large-scale neural interfaces. Detailed system-level design
strategies for achieving high-resolution neural recording will be further
discussed in “Design Strategies of Electrode Arrays for High-Resolution
Neural Recording”.

Electrode materials for BCI
Conductive materials constitute the core component of brain-computer
interface electrodes, serving as the physical and electrical interface between
neural tissue and external electronic systems. Their primary role is to pro-
vide a stable electrical interface that enables coupling betweenneural activity
in the biological environment and external recording or stimulation cir-
cuitry. The electrical conductivity and interfacial stability of these materials
directly determine key electrode performance metrics, including impe-
dance, noise level, and the safe operating range for electrical stimulation.
Consequently,material selection critically influences signalfidelity aswell as
the long-term reliability of neural interface devices. Table 2 provides a
comparative overview of representative electrode materials across these key
performance metrics, highlighting their respective advantages and limita-
tions. These performance dimensions are discussed in detail in the following
subsections, organized by material class.

Metal electrodes. Metallic materials have long been regarded as the
most reliable conductive systems for neural electrodes. Commonly used
metals include gold (Au), platinum (Pt), iridium (Ir), platinum-iridium
alloys (Pt-Ir), and tungsten (W), as well as metal-based oxides and
nitrides such as iridium oxide (IrOx) and titanium nitride (TiN). The
primary advantages of these materials lie in their high electronic con-
ductivity, wide electrochemical stability windows, and favorable bio-
compatibility, which together provide long-term structural and
electrochemical stability in complex physiological environments. In
addition, metallic materials are highly compatible with conventional
microelectronic fabrication processes, facilitating the realization of high-
channel-count neural interface devices. However, the intrinsically high
Young’s modulus of metals (typically exceeding 100 GPa) leads to a
pronounced mechanical mismatch with soft neural tissue (Young’s
modulus ~1 kPa)102. Moreover, the limited effective surface area of dense
metallic electrodes leads to relatively high impedance, which constrains
the acquisition of weak neural signals and exacerbates noise under
chronic implantation conditions. To reduce impedance, surface rough-
ening and functional coatings are widely employed to improve the per-
formance of metallic electrodes by increasing the effective surface area
without compromising the intrinsic stability of the metal103. Nanoporous
platinum represents one of the earliest and most mature approaches, in
which electrochemical deposition creates a 3D interconnected porous
structure on the platinum surface, substantially increasing the electro-
chemically active area and improving signal-to-noise ratio. Similarly,
sputtered iridium oxide films (SIROF) have proven highly effective as
functional coatings. Optimized SIROF layers with thicknesses of
approximately 660 nm exhibit impedances as low as ~4.8 kΩ at 1 kHz
and a maximum reversible charge storage capacity of ~2.3 mC cm−2.
More importantly, SIROF-coated electrodes demonstrate high electro-
chemical durability, showing negligible changes in impedance and charge
storage capacity after up to 2.76 × 108 cycles of high-intensity electrical
stimulation, and maintaining stable performance over months of in vivo
operation104. Beyond oxide coatings, alternative surface-structuring
strategies have also been explored. For example, Ag-Au co-electro-
deposition followed by selective etching has been used to generate 3D
honeycomb-like porous structures on gold films with pore sizes on the
order of 100–500 nm, effective electrochemically active surface area by
several tens of times. Microelectrodes fabricated using this approach
exhibit impedances of ~15 kΩ at 1 kHz and charge injection capacities of
~1 mC·cm−2, while retaining structural robustness under mechanical
agitation, making them suitable for high-resolution cortical microelec-
trode arrays105. Collectively, these surface roughening and pseudocapa-
citive coating strategies simultaneously achieve low interfacial
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impedance, high charge injection capacity, and excellent long-term
electrochemical stability, thereby significantly improving the quality of
weak neural signal recording (Fig. 2a)106.

To address themechanical mismatch between rigidmetallic electrodes
and soft brain tissue, an effective strategy is tominimize themetal thickness
and introduce geometric patterning to achieve so-called “effective
flexibility”17. For example, ultrathin platinum conductors (~200–300 nm)
have been deposited onto polyimide substrates and patterned into serpen-
tine interconnect geometries using standard photolithography and lift-off
processes to form large-area electrode arrays. Mechanical characterization
shows that these ultrathin serpentine metal structures maintain electrical
continuity under bending radii below 1mm and after more than 104

repeated bending cycles. Meanwhile, the electrode impedance remains
stable in the range of ~20–40 kΩ at 1 kHz. This combined “ultrathin and
serpentine”designmarkedly enhances theoverallmechanical complianceof
the device without sacrificing the intrinsic electrical conductivity of metals,
making it particularly well suited for chronic cortical surface electrodes and
peripheral nerve interfaces107.

In microelectrode applications that require tissue penetration, the
mechanical strength and chemical stability of electrodematerials are critical.
Traditionally, metals such as tungsten and platinum-iridium alloys remain
the materials of choice. For example, tungsten needle electrodes with tip
diameters below 1 μm can be fabricated using electrochemical etching
combined with atomic layer deposition (ALD) insulation, enabling extre-
mely small stimulation and recording volumes. Such tungsten microelec-
trodes exhibit stable in vivo performance over periods of weeks to months,
with typical impedances of ~200–500 kΩ at 1 kHz,making themwell-suited
for single-unit and LFP recordings108–110. Another important recent trend is
the use of highly porous TiN coatings to reduce electrode impedance in
silicon-based neural probes. Under magnetron sputtering conditions,
nanocolumnar TiN films with thicknesses of approximately 200–400 nm
can be formed, yielding a rough and porous surface morphology that
increases the effective surface area. Reportedly, TiN-coated electrodes with
dimensions of ~20 × 20 μm2 achieve impedances as low as ~50 kΩ at 1 kHz

andmaintain stable performance during long-term in vivo implantation111.
These TiN-coated electrodes combine high electrical conductivity with
favorable biocompatibility, making them a key material system for high-
channel-count silicon neural probes. In summary, through nanoscale sur-
face structuring and functional coatings, metallic electrode materials can
achieve low impedance, high charge handling capability, and excellent long-
term stability, thereby providing a robust foundation for high-performance
brain-computer interface systems.

Carbon-based electrodes. Carbon-based materials, including gra-
phene and carbon nanotubes (CNTs), are widely regarded as highly
promising candidates for neural interface applications due to their
unique combination of mechanical robustness and high electrical
conductivity112. Graphene, for example, exhibits a Young’s modulus of
~340 GPa, enabling the formation of ultrathin yet mechanically stable
films that can conform closely to neural tissue. Carbon nanotubes, by
contrast, offer high carrier mobility and intrinsically fibrous, porous
architectures, which enhance electrode-tissue contact and improve
electrical performance. Early applications of carbon-based materials in
neural electrodes primarily focused on coating strategies, in which CNT
or graphene layers were deposited onto conventional metallic electrodes.
Such coatings significantly reduced interfacial impedance and increased
charge storage capacity, thereby improving signal quality without fun-
damentally altering the underlying electrode architecture.

Building on these advances, CNT-based electrodes have demonstrated
charge injection limits as high as ~2 mC·cm−2 in retinal implant applica-
tions—approximately an order of magnitude higher than those of con-
ventional metallic electrodes. This enhanced charge injection capability
enables safer electrical stimulation within a wider operational range,
allowing more efficient and reliable neural activation. More recently,
research efforts have increasingly shifted toward fully carbon-based elec-
trode systems. For example, transparent graphene-ITO neural microelec-
trode arrays with minimum feature sizes down to ~20 μm have enabled
simultaneous in vivo electrophysiological recording—including single-unit

Table 2 | Electrode materials for BCIs

Materials
Categories

Specific materials Numbers
of
channels

Coverage area(mm) Conductivity Impendance Young’s modulus Long-term
stability
(day)

Ref.

Metal-
based
materials

Zn-Mo Single
chemical
unit

100mm2 0.2Ω/mm / Zn:0.251 ± 0.092MPa;
Mo:0.509 ± 0.267MPa

19 120

Si NM, PLCL-PLGA 16
(passive)/
32 (active)

200 × Initial area
(diameter 70mm)

/ ~15 kΩ(at
1 kHz)

350MPa(PLCL-PLGA) 17 118

Semicondu-
ctors

Si-NR; Au serpentine
electrodes

2 100mm2 IOP sensor
resistance:
2147.0 ± 203.3Ω

OST sensor
resistance:
314.4 ± 13.14 Ω

/ Si-NR:GPa range
PDMS
substrate:MPa range

1 132

C8-BTBT 1 15 × 15mm2 / / / >30 251

PEDOT:PSS / 4mm2 / 6.3 kΩ(at
1 kHz)

0.4 MPa 28 128

NBR+ SEBS+OTS 54 3.3 transistors/mm² / low
impandence

Similar to human skin one third 130

Hydrogel
materials

β-peptide/carbon
nanotubes (CNT)

/ / 0.1345 Sm⁻¹ <200kΩ ~1500 Pa / 240

silver-nanowire/PVA
hydrogel/melamine sponge
(AgPHMS)

10 ~3.14 mm2 (single
electrode)

/ 6–8.5 kΩ 58.6 kPa one second 248

Carbon-
based
materials

Graphene oxide (GO) 1 (Wet
spinning)

Horizontal
dimension:0.01–0.07mm

1.50 × 105S/m / 340 ± 32 GPa / 249

Carbon nanotubes (CNT) ~0.06
tubes/mm

/ μ:64.2 cm2/V·s 180 ± 50 kΩ
per tube

/ / 250
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spike detection—and calcium imaging in freely behaving mice, combining
optical transparency with robust electrical performance113. In parallel,
chemical vapor deposition (CVD)-grown graphene thin-film microarrays
have demonstrated stable impedance characteristics (~243 kΩ at 1 kHz)
during long-term implantation periods of up to 70 days. Collectively, these
studies illustrate a clear technological progression of carbon-based neural
electrodes—from their initial use as functional surface coatings to fully
carbon-based, multifunctional, transparent, large-area, and ultrathin elec-
trode systems. Such developments position carbon materials as attractive
platforms for chronic neural signal acquisition, particularly in applications
that demand optical access, mechanical compliance, and long-term inter-
facial stability (Fig. 2b)114.

Hydrogel electrodes. As an ideal material platform for soft neural
interfaces, hydrogels excel in enabling mechanical matching with

biological tissues (modulus range: 0.1–10 kPa) through tunable network
structure and water content, while maintaining stable electrical
performance115. Their 3D porous architecture (pore size: 1–100 μm)
provides physical guidance for neuronal growth and supports tissue
integration, while also enabling functional bioactive modifications116. In
non-invasive applications, gradient modulus interfacial layers simulta-
neously match the epidermal stratum corneum (~1 GPa) and dermis
(~0.1 MPa), achieving stress buffering from rigid integrated circuits to
soft biological tissues. For invasive applications, dynamically adaptive
hydrogel systems can accommodate local physiological changes, enabling
progressive integration of electrodes with surrounding tissue (Fig. 2c)117.

Semiconductor-based electrodes. The critical role of semiconductor
materials in BCI electrodes arises from their tunable electrical properties
and their ability to interface effectivelywith both biological and electronic

Fig. 2 | Electrode materials. aMicroscopic characterization of a 6 × 6 aluminum-
based microelectrode array (MEA)106. b Mechanical flexibility of a graphene-based
CLEAR neural electrode, demonstrated by conformal wrapping around a 2.9-mm-
radius glass rod. The ultrathin carbon film provides high conductivity, optical
transparency, and mechanical compliance, illustrating key advantages of carbon-
based neural interface materials114. c Design strategy for a hydrogel hybrid probe
enabling chronic neural interfacing117.dExploded view (left) and photograph (right)

describe a 2 × 2 active electrode array mounted on a shared chassis. e The output
response of such a unit under a 100 mV pp sinusoidal input is illustrated118. Copy-
right 2024, Springer Nature Ltd. f Schematic device configuration of an OTFT.
g (Left) Schematic illustration of the off-centre spin coating (OCSC) process. (Right)
Transmission spectrum of the PVP:HDA/C8-BTBT:PS film251. Copyright 2014,
Springer Nature Ltd.
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systems. Unlike conventional metallic electrodes, which rely exclusively
on electronic conduction, semiconductors allow continuous modulation
of conductivity and carrier density through band-structure engineering,
doping concentration control, and defect-state management. This tun-
ability provides a more compliant and adaptable electrical transition
between neural bioelectrical signals and solid-state electronic circuits,
enabling a “soft” electrical interface that is difficult to achieve with purely
metallic conductors. Semiconductor materials employed in neural
interface technologies can be broadly classified into twomajor categories:
inorganic semiconductors, including single-crystalline silicon, silicon
nanomembranes, and oxide semiconductors such as ZnO, IGZO, and
In2O3; and organic semiconductors, represented by conjugated polymers
and small-molecule systems such as P3HT, and related materials. Toge-
ther, these semiconductor platforms provide diverse pathways for engi-
neering electrode interfaces that balance electrical performance,
mechanical compliance, and functional integration in BCI systems.

Inorganic semiconductors remain themostmature platform for active
neural interfaces. Single-crystalline silicon and silicon nanomembranes
benefit from highly ordered lattices and mature doping control, enabling
high carrier mobility, excellent device uniformity, and seamless compat-
ibility with CMOS fabrication. These properties underpin their widespread
use in high-performance neural recording and stimulation systems. How-
ever, even in ultrathin formats, silicon remainsmechanically stiff and brittle,
leading to significant mechanical mismatch with soft neural tissue and
increased vulnerability to fracture under chronic micromotion. Moreover,
silicon-based devices rely critically on encapsulation layers to block bio-
fluids, and failure of these barriers can cause biofluid ingress, corrosion, and
signal drift. Finally, current wireless implementations typically depend on
non-biodegradable inorganic chips, limiting the realization of fully
implantable and retrievable-free systems.

To overcome the intrinsic mechanical and biointerface limitations of
silicon-based neural interfaces, significant advances have been achieved
through improved material processing and structural design. By trans-
forming silicon into ultrathin nanomembranes and integrating them with
flexible polymer substrates, high electrical performance can be preserved
while substantially improving mechanical compliance, enabling reliable
chronic neural recording and stimulation. In parallel, chemically stable
encapsulation layers—most notably thermally grown SiO2—effectively
suppress biofluid ingress and performance degradation, supporting long-
term device stability. Figure 2d, e illustrate representative flexible neural
interface systems basedon inorganic silicon electronics.As shown inFig. 2d,
flexible silicon-based platforms integrate ultrathin semiconductor layers
with soft substrates to realize mechanically compliant and multifunctional
neural interfaces. These systems demonstrate that inorganic semi-
conductors can be engineered into flexible formats while maintaining high
performance, supporting chronic implantation and stable operation118. In
recent years, monocrystalline silicon platforms have further evolved
throughadvances inmaterials processing and structural design. Submicron-
thick silicon films have enabled flexible and stretchable devices119 while
biodegradable variants have openedpathways toward transient implantable
systems120,121. Device formats have diversified to include non-invasive
configurations such as direct scalp-mounted EEG interfaces121 and long-
term packaging strategies now support operational lifetimes exceeding
several years under accelerated physiological aging conditions122. Beyond
planar formats, three-dimensional silicon architectures have enabled in vivo
neural recording123, and multifunctional nanofilm systems have incorpo-
rated additional sensing modalities such as pressure and temperature124.
Collectively, these developments highlight the growing versatility of silicon-
based platforms in neural interface technologies.

Beyond silicon, other inorganic semiconductors offer com-
plementary advantages. III–V compounds such as GaAs and InP exhibit
high electrical performance, supporting low-noise and high-speed signal
processing125,126.Metal oxides such asZnO further expand functionality by
combining wide bandgaps with optical transparency. As illustrated in Fig.
2e, ZnO thin-film platforms demonstrate multimodal operation with

high-fidelity electrophysiological recording (32.2 dB SNR) while main-
taining optical accessibility, enabling simultaneous electrical and optical
neural interrogation127.

The development of organic semiconductors for neural interfaces has
progressed from high-mobility small molecules to mechanically robust
polymeric and composite systems. Early small-molecule semiconductors
such as C8-BTBT and TIPS-pentacene enabled highly ordered π-π stacking
and relatively high carrier mobility when combined with alignment stra-
tegies including off-center spin coating or vapor deposition. As illustrated in
Fig. 2f, g, ultra-flexible C8-BTBT OTFTs achieved mobilities exceeding
~18 cm2V-1 s−1 on flexible substrates, demonstrating that organic semi-
conductors can reach performance levels relevant for active neural
electronics128–130. Building on these advances, polymeric semiconductors
introduced in 2010s, includingDPP-based polymers, P3HT, and thiophene
derivatives, provided superior film-forming ability, mechanical flexibility,
and solution processability for large-area and stretchable interfaces.

More recently, organic materials have evolved beyond simple con-
ductive coatings toward multifunctional platforms for neural interfaces.
Functional organic systems, including transparent nanomesh electrodes for
concurrent optical stimulation and electrical recording131, self-healing
composites enhance device durability under repeated deformation132 and
biodegradable organic materials support transient implants with reduced
long-term burden133. Meanwhile, organic semiconductor-elastic dielectric
devices have achieved low-voltage operation and integrated sensing-pulse
functions134. Building on these advances, organic materials are increasingly
being developed to combine electrical performance, mechanical com-
pliance, and biocompatibility within a single platform. Improvements in
charge transport properties continue to narrow the performance gap with
inorganic semiconductors, while the inherent softness and tunability of
organic systems support stable long-term interfacingwith biological tissues.

Organic mixed ionic-electronic conductors. Organic mixed ionic-
electronic conductors (OMIECs), particularly conducting polymers such
as PEDOT:PSS, represent a unique class of electrode materials that
combine electrical conductivity with intrinsic mechanical softness and
biocompatibility. Compared with metallic and inorganic semiconductor
materials, OMIECs offer improved mechanical compliance and con-
formability, enabling stable interfacing with soft biological tissues.

Early materials such as PEDOT, PEDOT:PSS, and polypyrrole
established the foundation for organic neural electrodes by significantly
reducing electrode impedance and enabling flexible device formats135–138.
Their integration into composite materials has further improved
mechanical robustness and processability, supporting the development of
wearable and implantable bioelectronic systems. Representative examples
include transparent PEDOT:PSS-based interfaces with low impedance
(~45 kΩ at 1 kHz)139 and fully polymeric electrode arrays capable of
maintaining stable neural recording under mechanical deformation140.
Recent advances inmolecular and supramolecular engineering have further
expanded the material capabilities of OMIECs. For example, topological
polyrotaxane-modified PEDOT:PSS networks enable the development of
stretchable and photopatternable conductive films with high electrical
performance, providing new opportunities for high-density and con-
formable biointerfaces141. These material innovations have been widely
adopted in neural interface platforms. PEDOT:PSS-based systems have
demonstrated stable electrical performance and long-term reliability in
chronic cortical recording applications142, as well as improved signal quality
in soft and stretchable intraoperative neural interfaces143. In addition,
conformableOMIEC-based electrode platforms have enabled high-density
neural recording from the cortical surface in both animal models and
human neurosurgical settings144,145.

Collectively, these studies highlight the evolution of OMIECs from
early conductive materials toward mechanically compliant, high-perfor-
mance, and biointegrated platforms. Such developments position OMIECs
as an important material system for next-generation neural interfaces that
require softness, stability, and scalable integration.
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Microsystem architectures for neural signal recording
The signal transduction mechanisms described in this section are funda-
mentally governed by the intrinsic properties of electrode materials dis-
cussed in the previous section. Rather than reiterating material-specific
descriptions, this section focuses on how these mechanisms-capacitive,
Faradaic, and mixed ionic-electronic-manifest in signal characteristics and

ultimately determine system-level performance in neural recording. Neural
activity arises from ionic flux across neuronal membranes, which generates
variations in extracellular electric fields146. These physiological processes
form the basis of neural signaling, and the resulting activity can be repre-
sented and interrogated across multiple physical modalities, including
electrical, optical, magnetic, mechanical, and chemical domains147,148.
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Among thesemodalities, electrical andelectrochemical transduction remain
the dominant andmost practically deployed strategies in implantable neural
interface microsystems, due to their high temporal resolution and high
signal bandwidth148. Thus, the fundamental objective of a neural recording
microsystem is to transform theweak signals collectedat the electrode-tissue
interface into interpretable electrical information suitable for downstream
processing.

At the electrode–tissue interface, neural signals are transduced through
distinct interfacial electrochemical mechanisms, including capacitive cou-
pling, Faradaic charge transfer, and mixed ionic-electronic conduction.
These mechanisms define how ionic signals in the biological environment
are converted into electronic signals in the device.Once the neural signal has
been transduced at the interface, the rawoutput of neural electrodes consists
of a complex mixture of extracellular field potentials (LFPs, 0.1–300Hz, μV
to mV range), high-frequency action potentials (spikes, 300–5000Hz, tens
to hundreds of microvolts), and various thermal and biological noise
sources149. At this stage, the resulting neural signals are extremely weak in
amplitude, broadband in spectral content, and highly susceptible to noise,
leading to poor intrinsic signal-to-noise ratios. Therefore, an integrated
neural recording microsystem is required to route, condition, and enhance
these signals throughamplification,filtering, noise suppression, digitization,
and multiplexed acquisition, transforming them into structured data
streams suitable for decoding and wireless transmission150.

Signal transduction mechanisms in microsystems
Capacitive-coupled microsystems. Capacitive coupling is a funda-
mental interfacial transduction mechanism at electrochemically inert and
ion-impermeable interfaces, where signal transfer is governed by inter-
facial capacitance rather than charge-transfer reactions. Traditional
metallic microelectrode arrays (e.g., Pt and TiN) remain widely used and
continue to serve as the foundation of implantable neural recording
technologies151. Flexible CNT-based electrode arrays have been success-
fully demonstrated in vivo for stable and high-fidelity neural recording152,
and graphene-based implantable electrodes used in high-density flexible
micro-electrocorticography (μECoG) arrays for chronic cortical record-
ings and have enabled stable single-unit spike recording with reduced
interfacial impedance and improved long-term biocompatibility153. A
variety of other capacitive-coupled architectures have further validated the
robustness of non-Faradaic signal acquisition across extended implanta-
tion periods. Examples include NeuroGrid, a surface μECoG platform
capable of recording both LFPs and superficial single-unit activity with
stable performance in rodents and intraoperative human settings154, flex-
ible multiplexed silicon-dielectric arrays employing ultrathin dielectric
encapsulation155, and the Neural Matrix platform, which integrates ~1000
thermal-SiO₂-coupled channels with projected multiyear lifetimes
in vivo156. Together, these demonstrations demonstrate scalability across
materials, geometries, and species.

In these systems, neural signals are transferred via displacement cur-
rents across the electrical double layer (EDL) at the electrode-electrolyte
interface without real electron-ion exchange. As illustrated in Fig. 3a, a
representative implementation of a capacitively coupled array of multi-
plexed flexible silicon transistors FET system is shown156. This system is
constructed on a polyimide (PI) substrate that provides mechanical

flexibility, electrical insulation, and long-term biocompatibility. The plat-
form integrates 396 independent sensor units arranged in an 18 × 22 array
spanning a 9.5 × 11.5mm2 footprint, with each unit occupying a
500 × 500 μm pixel. A multilayer metal/PI stack (Metal 1, PI interlayer,
Metal 2) forms the local and global interconnect layers, routing signals
between the sensing nodes and the periphery while preserving mechanical
compliance. Above the interconnect stack lies a silicon nanomembrane (Si
NM) NMOS transistor array, in which each 50-nm-thick Si NM transistor
leverages its high carrier mobility for local amplification and buffering, with
its intrinsic gate-oxide stack defining the electronic input node. The entire
active area is encapsulated by a thermally grown SiO2 dielectric layer
approximately 900 nmthick,whichprovides a stable, ion-impermeable, and
electrochemically inert barrier to the surrounding tissue. As shown in the
cross-sectional schematic (Fig. 3b), neural activity in the tissue induces
variations in the extracellular potential that are coupled across the thermal
SiO2 layer through an interfacial capacitance CCAP. Because SiO2 is elec-
trochemically inert and prevents ion penetration, charge transfer occurs
purely via displacement, realizing a capacitive couplingmechanismwithout
Faradaic electron-ion exchange. The resulting voltage modulation at the
sensing pad is subsequently coupled through the top-gate dielectric (CTG) to
the gate of the underlyingMOSFET system, where itmodulates the channel
current for further on-chip processing.

As a result, the electrode output of capacitive coupling consists of weak
extracellular analog voltage waveforms determined by charging and dis-
charging dynamics at the interface. However, the purely capacitive interface
exhibits relatively high impedance, which attenuates signal amplitude and
degrades the signal-to-noise ratio. Consequently, capacitive electrodes are
less effective for long-range signal transmission and applications requiring
large charge injection, and are therefore predominantly deployed in stable,
safe, and high-frequency neural recording modalities such as ECoG grids
and microelectrode arrays for extracellular spike detection, where low
electrochemical reactivity and high temporal resolution are essential157.

Faradaic coupled microsystems. Faradaic coupling represents a
fundamental interfacial electrochemical mechanism for neural signal
transduction, in which ionic currents in the extracellular space are
converted into electronic currents through reversible redox reactions at
electroactive electrode surfaces such as IrOx, Pt black, or Ag/AgCl158.
Local potential fluctuations modulate oxidation-reduction equilibria,
enabling real electron-ion exchange across the electrode-electrolyte
interface. This direct charge-transfer process results in low interfacial
impedance and high charge-injection capability, making Faradaic
interfaces particularly suitable for applications requiring strong cou-
pling to neural tissue. As a result, Faradaic transduction is widely
employed in neural stimulation modalities, including deep-brain sti-
mulation, vagus nerve stimulation, and retinal prostheses, where effi-
cient charge delivery is essential. However, because Faradaic processes
rely on real electrochemical reactions, they also introduce inherent
trade-offs in long-term stability and biocompatibility. Repeated charge
transfer may lead to electrode degradation, interfacial corrosion, or the
generation of undesired electrochemical byproducts, which can affect
both device performance and tissue response over extended implan-
tation periods.

Fig. 3 | Active neural interfaces and signal transduction pathways. a Exploded-
view schematic illustration (left) and a photograph (right) of a completed
capacitively-coupled flexible sensing system. Inset on the right shows a magnified
view of a few nodes. b The mechanism for capacitively coupled sensing through a
thermal SiO2 layer to an underlying transistor155. Copyright 2017, Springer Nature
Ltd. c Left: mechanism for conductively coupled sensing through a hermetic-via
structure to a Si-NM transistor. Right: image of a unit cell before (inset) and after
deposition of a capping layer of Au, encapsulated by Au/p++-Si//t-SiO2. d Output
characteristics of a representative sensing node in response to an ac input of 2.8 mV
at 10 Hz159. Copyright 2018, Springer Nature Ltd. e Vertical stack configuration of
the OBJT. f (left)Transfer characteristics of the OBJT device with blocking layers

deposited on top of the base electrode for different VCE: solid lines give the absolute
collector current IC, dashed lines give added current ΔIC = IC− IC0

274. Copyright
2022, Springer Nature Ltd. gDevice fabrication: Schematic of the fabrication steps of
the n-p-n structure275. Copyright 2024, Springer Nature Ltd. h Comparison of
Neuropixels 1.0 and 2.0 probes, showing reduced shank dimensions, higher site
density, and updated on-shank CMOS amplification and multiplexing electronics.
iRaw extracellular traces from adjacent channels, illustrating simultaneous LFP and
spike capture enabled by the low-noise integrated front-end. j Example spike
waveforms recorded across multiple sites, demonstrating high signal-to-noise ratio
and spatial resolution supported by the dense electrode layout and on-shank signal
conditioning.
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In practical neural interfaces, Faradaic and capacitive contributions
may coexist, with their relative contributions determined by material
properties, surface structure, and operating conditions. This further high-
light that interfacial signal transduction mechanisms are better understood
as a continuum rather than strictly discrete categories. A practical imple-
mentation of a Faradaic coupled 2D electrode array is shown in Fig. 3c, d.
The 64-channel flexible microsystem (8 × 8 configuration, 3.2 × 3.2 mm2

active area) adopts a multilayer architecture consisting of a 1 μm thermal
SiO2 barrier, a 60 nmheavily doped p++-Si nanomembrane, and an array of
underlying NMOS transistors (channel length 16 μm, width 80 μm). Gold
electrodes contact selectively exposed regions of the p++-Si layer, forming a
nearly 100% fill factor that maximizes the effective sensing area and
enhances coupling efficiency. Neural potentials are transduced at the Au
interface via weak and largely reversible interfacial charge-transfer pro-
cesses, after which the resulting electronic currents propagate through the
p++-Si conduction layer into the transistor gate. At Faradaic interfaces,
reversible redox reactions mediate direct charge transfer between ionic
species in the electrolyte and electronic carriers in the electrode, thereby
reducing impedance and improving coupling efficiency. This direct, solid-
state faradaic pathway bypasses capacitive field-effect modulation and
enables high-fidelity acquisition of low-frequency or large-amplitude neural
signals. Themultilayer stack is hermetically encapsulated toprevent biofluid
penetration while maintaining mechanical flexibility. Accelerated aging
tests performed in PBS at 96 °C (Fig. 3d) demonstrate excellent long-term
stability, with a hydrolysis activation energy of 0.82 eV, confirming the
robustness of the SiO2/p

++-Si encapsulation and its suitability for chronic
implantation159.

Faradaic coupling enables low-impedance, high-fidelity transduction
with exceptionally large charge-injection capability,making it indispensable
for neural stimulation and for recording high-amplitude, deep-brain single-
unit activity.However, becauseFaradaic transductiondependson real redox
reactions, it also introduces challenges in long-term stability and bio-
compatibility. Repeated charge transfer may lead to material degradation,
interfacial corrosion, or undesired electrochemical byproducts, thereby
limiting long-term performance under chronic implantation. Taken capa-
citive or Faradaic interfaces together,mixed ionic-electronicmaterials allow
ions to penetrate into the bulk of the semiconductor, enabling volumetric
charge storage rather than surface-limited electrochemical coupling. This
bulk ion-electron interaction produces exceptionally high capacitance and
relatively low impedance, while simultaneously modulating the electronic
conductivity of the channel to provide intrinsic amplification. Because these
materials are soft, conformable, and operate through reversible doping
processes rather than strong redox reactions, mixed-conduction interfaces
offer enhanced mechanical compliance, long-term stability, and scalability
for high-density neural recording microsystems160. The defining feature of
mixed ionic-electronic interfaces is that the same ion-driven volumetric
coupling that lowers impedance also produces channel modulation, effec-
tively embedding a local amplification mechanism within the sensing
material itself. This paper will discuss their amplification principles and
implementations in detail in the following section.

Mixed ionic-electronic conduction. Mixed ionic-electronic conduc-
tion represents a distinct interfacial transduction mechanism in which
ionic and electronic charge transport are coupled within the bulk of the
material, rather than being confined to the electrode-electrolyte interface.
In these systems, ions from the surrounding electrolyte penetrate into the
active material and modulate its electronic carrier density through
volumetric doping and dedoping processes.

This volumetric coupling enables substantially higher effective capa-
citance and lower interfacial impedance compared to purely capacitive
interfaces, thereby improving signal transduction efficiency for weak neural
signals. In addition, because signal modulation occurs throughout the
material volume rather than at a two-dimensional interface, mixed ionic-
electronic systems can achieve intrinsic amplification, making them parti-
cularly attractive for low-amplitude biosignal acquisition.

Neural interface platforms based on organic mixed ionic-electronic
conductors (OMIECs), including PEDOT:PSS and organic electrochemical
transistors (OECTs), exemplify this mechanism161,162. Representative
examples include PEDOT:PSS-based neural interfaces such as NeuroGrid,
which enable conformal cortical recording with high signal-to-noise ratios
and simultaneous detection of local field potentials and action potentials154.
In parallel, studies by Rivnay et al. have demonstrated that OMIECs enable
volumetric capacitance and high transconductance in OECT devices, pro-
viding a direct physical basis for intrinsic signal amplification in bioelec-
tronic systems.

However, the reliance on ion penetration and volumetric charge
transport introduces trade-offs in response speed, stability, and long-term
material integrity. As a result, mixed ionic-electronic conduction is parti-
cularly advantageous for high-sensitivity, low-frequency, and biointegrated
neural interfaces, but may require careful optimization for high-bandwidth
or long-duration applications. Importantly, mixed ionic-electronic con-
duction provides a conceptual bridge between capacitive and Faradaic
processes, as it combines aspects of interfacial charge storage andvolumetric
charge transfer163. This further supports the view that neural signal trans-
ductionmechanisms form a continuumof electrochemical behaviors rather
than strictly discrete categories.

System-level functional objectives
While interfacial electrochemicalmechanisms define howneural signals are
transduced at the electrode-tissue interface, their effective acquisition and
utilization are ultimately governed by device-level architectures that control
signal routing, amplification, and multiplexing within integrated micro-
systems. In particular, neural signals, once transduced at the interface, are
conveyed through conductive pathways within the device, enabling their
transmission from distributed recording sites to local processing units.
Efficient interconnect design is therefore essential to minimize noise, signal
loss, and wiring complexity in high-density neural interfaces.

At the system level, one of the most fundamental approaches to
enhancing neural signal intensity is spatial or geometric integration, which
can be regarded as a passive form of signal amplification. This mechanism
arises from the physical area and volume over which an electrode collects
neural activity. Larger electrodes integrate extracellular potentials generated
bymultiple neurons within their recording volume, producing substantially
higher signal amplitudes, often in themillivolt range for local field potential
(LFP) recordings, comparedwithmicroelectrodes that sample only one or a
few neurons164. This population-level integration improves signal strength
and signal-to-noise ratio (SNR) without requiring active circuitry, but
inevitably reduces spatial specificity and obscures single-unit information,
as neural contributions are averaged across both space and time165. As a
result, such signals exhibit rich temporal, spectral, and network-level fea-
tures, often requiring multidimensional analysis beyond spike-based
representations.

Beyond passive mechanisms such as geometric integration, neural
interfaces rely on active electronic amplification to boost weak extracellular
potentials prior to digitization. Because neural signals typically fall within
the tens of microvolts range, dedicated front-end circuitry is required to
increase signal amplitude while minimizing additional noise. In parallel,
multiplexing strategies are required to efficiently manage large numbers of
recording channels, enabling scalable neural interfaces without excessive
interconnect complexity.

Circuit-level signal amplification. Electronic amplification in neural
interfaces is realized through cascaded MOSFET-based circuit blocks
that condition microvolt-level extracellular potentials prior to digitiza-
tion. At the core of nearly all analog front-end architectures is a low-noise
amplifier (LNA), typically implemented using a PMOS-input differential
pair with source degeneration and current-mirror biasing to achieve high
input impedance, stable gain, and low input-referred noise. Because
flicker noise is a dominant limitation in MOSFETs at low frequencies,
many neural recording integrated circuits incorporate chopper-stabilized
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stages, in which CMOS switches modulate neural signals to a higher
frequency band for amplification and subsequently demodulate them,
effectively shifting 1/f noise outside the signal passband166. Input buf-
fering is commonly provided by source followers -common-drain
MOSFET stages that offer unity gain while isolating the high-impedance
electrode-tissue interface and improving drive capability. For capacitive
or high-impedance electrodes, charge amplifiers based on MOSFET
operational transconductance amplifiers (OTAs) with capacitive feed-
back are frequently employed to convert femto- to pico-coulomb charge
variations into voltage signals with reduced sensitivity to electrode-
impedance fluctuations and baseline drift. These amplification stages are
complemented by on-chip active filters, typically realized using OTA-C
or MOSFET-C topologies, which define the recording bandwidth, sup-
press DC offsets, and separate local-field-potential and action-potential
activity167,168. Representative CMOS implementations highlight how
these MOSFET-based principles translate into practical high-
performance neural interfaces. A low-power biopotential amplifier fab-
ricated in 28 nm CMOS integrates MOSFET-based active low-pass fil-
tering andhigh-gain stages, achieving approximately 58 dB gain, a 7 kHz-
3 dB bandwidth, and 11.1 μV input-referred noise in only 2500 μm2 of
silicon169. A complementary 180 nmCMOS analog front end combines a
chopper-stabilized LNA with an automatic-gain-control amplifier using
MOSFET current-mirror and source-degeneration techniques, achieving
a dynamic range exceeding 80 dB within a 10 kHz bandwidth for closed-
loop recording-stimulation systems170. Additionally, a CMOS readout
circuit employing a differential MOSFET amplifier with capacitive-
resistive feedback achieves high linearity and a noise-efficiency factor
(NEF) of 2.53, demonstrating efficient action-potential and local-field-
potential recording in legacy CMOS processes171. Collectively, these
examples span three representative categories of CMOS neural front
ends: a high-density, advanced-node amplifier; a closed-loop AGC
architecture; and a classic NEF-optimized readout design, respectively.

As shown in Fig. 3h, a prominent example of integratedCMOS-based
neural recording hardware is the Neuropixels 2.0 probe, which combines
high-density microelectrode arrays with on-probe CMOS electronics for
amplification, filtering, multiplexing, and data transmission. Fabricated
using advanced CMOS microfabrication, this miniaturized silicon probe
incorporates over 5000 electrode sites distributed across multiple shanks,
enabling stable, long-term recordings from thousands of neurons in freely
behaving small mammals. By embedding MOSFET-level front-end cir-
cuitry directly on the probe shank and base, Neuropixels 2.0 achieves low-
noise amplification at the point of signal origin. The effectiveness of this
on-shank MOSFET-based architecture is reflected in the high-fidelity raw
extracellular recordings obtained by the probe, wheremicrovolt-scale LFPs
and high-frequency action potentials can be simultaneously captured
across hundreds of sites with excellent signal-to-noise ratios (Fig. 3i). The
clarity and stability of single-neuron spike waveforms across overlapping
channels (Fig. 3j) further highlight the performance of the integrated
CMOS front end.

Material-intrinsic signal amplification.Material-intrinsic amplification
refers to signal gain that arises directly from the physical properties and
charge-transport mechanisms of the sensing material itself, rather than
from external circuit architectures or discrete amplifier stages. In such
systems, the same material that interfaces with the biological environ-
ment actively participates in both signal transduction and gain genera-
tion. As a result, amplification is inseparable from sensing and can occur
without relying solely on conventional low-noise amplifiers or purely
electrostatic field-effect gating.

Organic electrochemical transistors (OECTs), and more broadly
organic mixed ionic-electronic conductors (OMIECs), exemplify material-
intrinsic amplification. In thesematerials, ions fromthe electrolytepenetrate
into the bulk of the semiconductor and modulate its electronic carrier
density through volumetric doping and dedoping processes. Unlike field-
effect transistors, where charge modulation is confined to a thin interfacial

channel, OECTs operate through 3D ion-electron coupling, giving rise to
exceptionally large volumetric capacitance and transconductance. This
volumetric transconductance enables substantial currentmodulation under
low operating voltages, allowing mixed ionic-electronic materials to
simultaneously transduce biological ionic signals into electronic currents
and amplify them within the same active volume. As a result, OECTs are
particularly effective for weak biosignal acquisition172. Recent advances
include vertical OECT architectures enabling high-performance com-
plementary circuits for bioelectronics173, as well as ultrathin, soft, and even
bioresorbable multichannel OECT arrays capable of high-resolution neural
signalmapping on conformal tissue surfaces174. By contrast, vertical organic
field-effect transistors (VOFETs), including organic permeable-base tran-
sistors (OPBTs), achieve high gain at low voltage through ultra-short
channel lengths and vertical device architectures. For example, Shukla et al.
demonstrated sub-50 nm channel lengths using perforated graphene source
electrodes, enabling strong current modulation175.

Beyond field-effect architectures, organic bipolar transistor concepts
provide additional routes to intrinsic gain.One representative example is the
vertically stacked organic bipolar junction transistor (V-BJT), in which
highly crystalline rubrene thinfilms enable strong current amplification and
GHz-level frequency response (Fig. 3e). These devices adopt a sandwich
structure composed of a p-doped rubrene/gold emitter, aluminum finger
electrodes with an n-doped rubrene base, and a p-doped rubrene/gold
collector, with an overall thickness of ~1 μm to suppress parasitic capaci-
tance. Amplification arises fromminority-carrier diffusion: small variations
in base current modulate the emitter-base junction, producing large col-
lector current responses. Differential current gain can exceed 100 (shown in
Fig. 3f) but decreases to ~10 as the base thickness increases from 20 to
50 nm, consistent with the measured diffusion length of ~50 nm. Notably,
this amplification mechanism is purely electronic and device-intrinsic,
distinct from ionic or mixed-conduction transistors.

Another promising strategy is the organic-inorganic hybrid pie-
zoelectric bipolar junction transistor (PBJT), which integrates piezo-
electric transduction directly with transistor amplification (as shown in
Fig. 3g). The device consists of an ITO/PET substrate with a ZnO (n-
type)-P3HT (p-type)-ZnO heterostructure capped by copper electrodes.
Under external pressure, polarization charges in ZnO generate an
internal electric field that forward-biases the emitter-base junction while
maintaining a reverse-biased collector-base junction, enabling
transistor-level current amplification. Injected carriers are swept by the
collector field, producing amplified output currents that add to the
displacement current. This architecture achieves high sensitivity (cur-
rent mode ~139.8 kPa−1; voltage mode ~88.7 kPa−1), detects both static
and dynamic inputs with response times below 110 ms, and operates in a
self-powered manner.

Taken together, material- and device-intrinsic amplification stra-
tegies represent a spectrum of gain mechanisms that move beyond
conventional circuit-level amplification by embedding signal gain
within the sensing material or device itself. Mixed ionic-electronic sys-
tems such as OECTs and OMIECs achieve intrinsic amplification
through volumetric ion-electron coupling, enabling exceptionally high
transconductance and sensitivity under low-voltage operation, albeit
with trade-offs in speed and long-term stability. Purely electronic
architectures, including vertically stacked organic bipolar junction
transistors, exploit minority-carrier diffusion to deliver high current
gain and fast response, while hybrid approaches such as piezoelectric
bipolar junction transistors integrate mechanical transduction with
transistor amplification to enable self-powered andmultimodal sensing.
By contrast, vertical field-effect architectures rely on electrostatic short-
channel control and therefore provide device-intrinsic rather than
material-intrinsic gain. Collectively, these approaches underscore that
no single intrinsic amplification mechanism simultaneously optimizes
gain, bandwidth, mechanical compliance, and stability, highlighting the
need to select or co-design amplification strategies according to
application-specific requirements in neural and bioelectronic interfaces.
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Design strategies of electrode arrays for high-
resolution neural recording
BCIs technologies have historically focused on optimizing impedance
matching, noise suppression, and interface stability at the level of individual
electrodes. While these strategies have been effective in improving single-
channel signal-to-noise ratios, they implicitly assume that neural

information can be sufficiently captured at isolated spatial points. In reality,
neural activity is inherently spatiotemporal and distributed across inter-
connected networks. Neuronal populations generate composite electric
fields with cross-regional coupling on millisecond timescales, which pro-
pagate through brain tissue via volume conduction. As a result, individual
electrodes primarily capture localized near-field signals and provide only a
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partial view of underlying neural dynamics, failing to adequately reflect
cross-regional coordinationorhierarchical networkorganization. From this
physical and informational perspective, the transition from single-point
sensing to array-based neural interfaces is not merely advantageous but
fundamentally necessary54,147.

Once neural recording shifts from isolated electrodes to spatially dis-
tributed arrays, the design problem expands from single-channel optimi-
zation to system-level considerations. In chronic implants, electrode
degradation (including impedance increases, glial encapsulation, and
mechanical fatigue) is widespread176,177. When recordings rely on only a few
sites, the failure of a single channel may compromise data continuity,
whereas array-based architectures inherently provide redundancy and fault
tolerance by enabling overlapping spatial coverage. Beyond reliability, the
microvolt-level amplitude of neural signals renders large-scale recordings
highly sensitive to thermal noise and electrochemical drift. As channel
counts and spatial coverage increase, array-based systems inevitably
encounter new scaling constraints related to signal integrity, interconnec-
tion complexity, power management, and long-term stability. Addressing
these challenges requires coordinated optimization across materials, device
architectures, and microsystem integration, which forms the central theme
of the following sections178,179.

Active 2D arrays
As electrode arrays increase in density, purely passive architectures
encounter fundamental electrical limitations, including signal attenuation,
inter-channel crosstalk, and unfavorable scaling of wiring complexity180.
These constraints mark the first critical bottleneck in array-based neural
interfaces and motivate the transition from material-driven flexibility
toward electrically active array designs.

In 2D surface arrays,flexible μECoG technologyfirst demonstrated the
feasibility of array-based chronic recording. Khodagholy et al. introduced
the NeuroGrid, which employed organic conductors and ultrathin flexible
substrates to simultaneously resolve action potentials andfield potentials on
the rodent cortex154. Building on this foundation, Tsai et al. developed the
Neural Matrix, which integrated capacitive coupling with dual-transistor
units into a flexible μECoG platform, providing an important proof of
concept for chronic, high-resolution surface recording181. The system
incorporated 1008 channels, each connected to a circuit unit composed of
two flexible silicon transistors specifically designed for chronic μECoG
applications (Fig. 4a).Using a thermally grownultrathin SiO2 encapsulation
layer, the device formed a capacitive coupling system with excellent flex-
ibility, capable of bending around cylinders with radii of 2.5mm and
1.25mm, enabling long-term adhesion to complex cortical surfaces (Fig.
4b). In acute rat experiments, a 64-channel Neural Matrix implanted epi-
durally in the auditory cortex successfully resolved field potentials under
0.5-32 kHz tonal stimuli. In chronic recordings, leakage current remained
below the safe threshold of 1 μA. Despite these advances, increasing array
density further exacerbates the limitations of partially passive architectures.
To address this challenge, Xie et al. proposed NeuroCam, a flexible high-
density μECoG array based on an active-matrix architecture employing
metal-oxide thin-film transistors (TFTs)182.

In this design, each electrode node is equipped with an independent
switching transistor, forming a 64 × 64 array with 4096 channels (Fig. 4d).
The pixel unit has a size of approximately 150 μm× 150 μm, the gold
electrode measures about 70 μm× 135 μm, and the overall device thickness
is less than 30 μm, achieving ultrathin flexibility while providing an elec-
trode density of 44 sites mm−2. The system uses an active-matrix multi-
plexing architecture, enabling high-channel-count signal readout with only
about 100 interconnect lines, effectively decoupling channel count from
wiring complexity. Importantly, the architecture is compatible with mature
display-industry fabrication processes, offering a scalable and potentially
low-cost pathway toward dense surface arrays. In a rabbit epilepsy model,
NeuroCam enabled spatiotemporal imaging of epileptiform discharge
propagation and precise lesion localization with a spatial resolution of
approximately 150 μm. However, while active-matrix architectures pri-
marily address how neural signals are locally transduced, conditioned, and
multiplexed at high channel densities, they do not fundamentally determine
where those signals are sampled in space. Consequently, complementary
design strategies have been pursued to expand the dimensionality of signal
acquisition, either by extending recording coverage across large cortical
surfaces or by enabling 3D access to distributed neural circuits.

Large-area surface arrays for extended cortical coverage
While active-matrix architectures alleviate interconnection bottlenecks
associated with high channel density, expanding array coverage to the
centimeter scale introduces a new set of constraints. As surface area
increases, interface impedance, charge-transfer efficiency, and uniformity
across large substrates become dominant factors limiting signal quality and
spatial resolution.

Moses et al. addressed these challenges by developing PtNRGrids,
which employ platinum nanorods to construct large-area 2D thin-film
electrode arrays183. Unlike transistor-based approaches, PtNRGrids inte-
grated thousands of channels on an 18 × 18 cm2 glass substrate using thin-
film fabrication. Arrays with 1024 and 2048 channels exhibited impedances
of only 11 ± 2 kΩ and 8 ± 4 kΩ at 1 kHz, respectively, ensuring high spa-
tiotemporal resolution across centimeter-scale cortex. In rodents, a 1024-
channel PtNRGrid resolved sub-millimeter whisker responses, while in
humans, the system captured fine temporal dynamics during grasp tasks
and cortical propagation patterns of epileptic discharges with 1mm spatial
resolution. These results highlight the combined advantages of high channel
density and large-area coverage, positioning such platforms as promising
bridges between experimental neuroscience and clinical electrophysiology.
Nevertheless, PtNRGrids remain limited to surface signals, lack extensive
chronic validation, and require further advances in stimulation capability
and integrationdensity. Inparallel, alternative strategies have pursued large-
area surface recording through system-level integration rather than
electrode-centric design. Flexible electronic and optoelectronic micro-
systems have enabled deterministic assembly of more than 32,000 wafer-
level functional micro-units with interconnection areas approaching brain
scale162. These platforms demonstrate good biocompatibility and long-term
stability, with projected operational lifetimes spanning several decades and
noobservable leakage or performancedegradation.Although their technical

Fig. 4 | The technical workflow of a high-density flexible neural electrode array.
a Schematic of a flexible bioelectronic system (n-channel metal-oxide semi-
conductor (NMOS) transistor array, with t-SiO2 (900 nm thick) as encapsulation.
b Image of the active region of system (>1000 channels), in flat (left) and bent
(middle) states. Scale bar, 100 μm.(right) Scalable system implanted onto the
auditory cortex of a rat, with t-SiO2 encapsulation. c (left) Leakage current at various
intervals during chronic operation in rat models (R1-R5). (right)Click-evoked
response at two nodes on different days, within 368 days after implantation156.
Copyright 2020, Springer Nature Ltd. d (i,ii) Optical and magnified microscope
images of the Neuro Cam array. The dimensions of each pixel unit and the corre-
sponding gold sensing pad are 150 μm × 150 μm and 135 μm× 70 μm, respectively.
(iii) Gain (Vout/Vin) characteristics of all 4096 channels in the array measured in
PBS, with an input sinusoidal signal of 1 mV amplitude at 12 Hz. ECoG activity

recorded from all 4096 channels during epileptic status, with insets showing
zoomed-in schematic signals from different brain regions182. Copyright 2025,
Elsevier. e Left: a micro-CT scan of an implanted NET array in a rat brain. f (up)
Representative recordings from 1024 channels in an animal typical waveforms are
depicted. Scale bars, 100 μV (vertical) and 1 ms (horizontal). Volumetric recording
enables reconstruction of unit location (right) and mapping of pairwise correlation
(left). The amplitude of units and the coupling strength are color coded145. Copyright
2023, Springer Nature Ltd. g, hDesign schematic of the Neuroscroll probe featuring
mesh-structured I/O pads. i Photograph and SEM images of a 50 mm long, 1024-
channel Neuroscroll probe connected to a flexible extender board using the FCB
method. Schematics show the top and side views of the mesh I/O pads and the
corresponding pads on the extender board. The mesh consists of metal traces sup-
ported by a single PI layer185. Copyright 2024, Springer Nature Ltd.
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pathways differ from conventional electrode arrays, such approaches
represent complementarydirections towardhigh-density, large-area surface
recording.

3D Arrays for circuit-level access
Despite continued improvements in surface array density and coverage, 2D
architectures remain fundamentally limited in their ability to access deep
and layered neural circuits. To overcome this constraint, 3D implantable
probes have emerged as a critical design direction, emphasizing ultraflex-
ibility, minimal invasiveness, and volumetric access to neural networks.
Zhao et al. developed ultraflexible penetrating nanoelectronic thread (NET)
arrays that enable scalable three-dimensional neural recording across
multiple brain regions, achieving long-term stable electrophysiological
monitoring of thousands of neurons with densities approaching ~10³ units/
mm³ in both head-fixed and freely moving animals145.

Individual probes are approximately 1 μm thick, enabling stable
recording with more than 1000 channels in mouse models. In vivo
experiments showed that the 1024-channel NET array can simultaneously
capture 8–12Hz LFPs and >300Hz high-frequency action potentials,
reconstruct neuronal spatial locations and functional correlations at a
density approaching 1000 units mm−1, and maintain recording stability for
several months (Fig. 4e, f). These NET-based architectures support chronic
volumetricmapping of neural circuits overmonths, enabling the analysis of
large-scale neuronal coupling and information flow with millisecond
resolution. Other studies pursued minimally invasive implantation of
ultraflexible microelectrode arrays into deep brain tissue, integrating them
with optogenetic tools for simultaneous recording and modulation. For
example, capillary-force-assembled elastic MEAs were combined with
adeno-associated viral vectors carrying opsin genes, forming optoelectronic
probes that enabled chronic recording and optical control in rodents184.
Although employing different strategies, these studies shared the goal of
overcoming surface array limitations and advancing chronic, large-scale
circuit recording.

Extending this concept further, Fu et al. introduced the Neuroscroll
probe, which employs a rolled architecture and flexible interconnects to
create scalable, ultraflexible electrode arrays with adjustable lengths ranging
from 10 to 90mm (Fig. 4g)185. Using flexible cold bonding (FCB), Neu-
roscroll arrays achieved robust miniature connections to external amplifi-
cation electronics through mesh I/O pads and extended cables, supporting
both linear and clustered configurations. A 50mmprototype incorporating
1024 channels demonstrated feasibility, while long-term studies reported
stable recordings over two years in rodents and high-density single-neuron
recordings across multiple cortical regions in macaques. By integrating
scalability, mechanical robustness, and adaptable form factors, Neuroscroll
outlines a promising pathway toward whole-brain electrophysiology,
advanced neuroprosthetics, and closed-loop brain-computer interfaces.

In summary, the development of array-based neural interfaces has
been guided by multiple scaling constraints that emerge as recording
systems move beyond isolated electrodes. Electrically active 2D archi-
tectures provide an essential foundation by alleviating channel-density
and interconnection bottlenecks. Building upon this foundation, dis-
tinct design strategies have been explored to address additional chal-
lenges associated with large-scale neural recording. Large-area surface
arrays prioritize extended cortical coverage and low-impedance
interfaces, while 3D probes pursue minimally invasive access to dis-
tributed and layered neural circuits. Together, these complementary
approaches underscore that reliable, high-resolution neural recording
cannot be achieved through a single design paradigm, but instead
requires coordinated optimization across materials, device archi-
tectures, and scalable fabrication strategies. While these technological
advances establish the structural foundation for next-generation BCIs,
their ultimate impact depends on rigorous experimental validation in
living systems. The following section, therefore, focuses on in vivo
demonstrations that assess device performance, biocompatibility, and
translational potential.

As neural interfaces scale toward 103–104 channels, they enable sub-
stantially enhanced spatial resolution, improved decoding performance,
and more complete sampling of distributed neural population dynamics,
thereby advancing high-dimensional brain state reconstruction and closed-
loop neuromodulation. However, such scaling introduces fundamental
system-level constraints in implantable environments. On-site signal con-
ditioning, multiplexing, and CMOS-based digitization lead to a significant
increase in power consumption, which is ultimately dissipated as heat
within confined neural tissue. Given the low thermal conductivity of brain
tissue (~0.5Wm⁻¹ K⁻¹) and the absence of effective convective cooling, even
modest increases in power density can produce non-negligible local tem-
perature rises, imposing strict safety constraints for chronic implantation186.

Recent large-scale neural interface systems have empirically high-
lighted this limitation. High-channel-count silicon-based probes such as
Neuropixels have demonstrated that, despite rapid scaling beyond 1000
recording sites, in vivo operation remains constrained by strict power and
thermal budgets to ensure stable long-term recordings49. More recent fully
integrated CMOS neural interfaces and scalable cortical recording systems
further confirm that power density, rather than physical integration density,
becomes the dominant bottleneck when moving toward fully implantable
high-channel-count architectures78. Across these systems, reported design
constraints converge toward ultra-low-power operation in the sub- to few-
μW per channel regime to maintain temperature increases below
approximately 1 °C, widely regarded as the upper safety bound for neural
tissue homeostasis. Importantly, these studies collectively indicate that
thermal safety—not fabrication scalability—constitutes the primary limit-
ing factor for fully implantable high-density neural recording systems187–190.

From a physical standpoint, this limitation arises from the mismatch
between rapid scaling of data throughput and the less favorable scaling of
energy consumption in analog front-end amplification, analog-to-digital
conversion, and wireless telemetry. As channel counts increase, cumulative
static and dynamic power consumption scales nonlinearly due to shared
clock distribution, interconnect capacitance, and continuous sampling
overhead, making power efficiency the dominant constraint in system
design.

To address these challenges, recent strategies have focused on ultra-
low-power circuit architectures, including subthreshold analog front ends,
event-driven or spike-based acquisition, and time-division multiplexing
schemes that reduce simultaneously active channels. In parallel, emerging
hierarchical and distributed architectures offload digitization and com-
putation to external or intermediate nodes, thereby reducing on-implant
energy dissipation while preserving high effective channel counts. More
recently, system-level co-design approaches integrating electronics,
packaging, and thermal modeling have been proposed to explicitly opti-
mize the trade-off between spatial resolution, information throughput, and
thermal safety.

Collectively, these studies establish that the scalability of neural inter-
faces is fundamentally governed by a coupled constraint space defined by
power efficiency, thermal safety, and information bandwidth, rather than
channel count alone191–193.

Cross-level co-design in scalable neural interfaces
The performance of chronic neural recording systems does not arise from
any single design layer, but instead emerges from coordinated co-design
across materials, device architecture, packaging, and system-level integra-
tion. While individual advances in electrode materials or circuit design can
improve specific metrics, scalable and stable neural interfaces require cross-
level optimization to simultaneously address signal fidelity, mechanical
compatibility, and deployment constraints.

A representative example of cross-level co-design is the integration of
neural probes with CMOS electronics for large-channel-count recording,
which fundamentally addresses the interconnect bottleneck in scalable
neural interfaces. In conventional systems, each electrode requires an
individual connection to external electronics, leading to rapidly increasing
wiring complexity, limited channel scalability, and increased risks associated
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with bulky packaging and implantation. By contrast, probe-CMOS inte-
gration enables on-site signal amplification, filtering, and multiplexing
directly at the recording interface, allowing large numbers of recording sites
to be accessed through a substantially reduced number of output connec-
tions. High-density systems such as Neuropixels exemplify this approach,
demonstrating how coordinated design between probe geometry, inter-
connect architecture, and integrated circuitry enables scalable recording
from hundreds to thousands of channels. More recent work by Jung et al.
further extends this paradigm by introducing a fully integrated, wireless
subdural brain-computer interface in which a 256 × 256 electrode array
(65,536 electrodes) is monolithically combined with on-chip amplification,
digitization, powermanagement, andwireless data telemetrywithin a single
CMOS platform194. Through local signal processing and multiplexed
readout, the system supports simultaneous acquisition from up to 1024
channels while drastically reducing interconnect requirements.

Beyond device design, deployment strategies such as robotic
implantation platforms play a critical role in enabling scalable neural
interfaces. For example, robotic insertion systems developed for high-
density brain-computer interfaces enable rapid and precise placement of
large numbers of flexible electrode threads while actively avoiding surface
vasculature. Such systems can insert multiple electrodes per minute with
micron-level accuracy, significantly improving placement precision and
reproducibility compared to manual implantation approaches. These
automated implantation strategies reduce variability across experiments
and enable the reliable deployment of high-density probe arrays at scale.
Importantly, they also address a key limitation offlexible electrode systems,
whose low bending stiffness makes manual insertion challenging195. As a
result, system performance is not solely determined by probe or material
properties, but also by the reliability, precision, and scalability of surgical
and deployment processes.

Advances in micro- and nanofabrication further illustrate the impor-
tance of cross-level integration in scalable neural interfaces. For example,
electron-beam lithography (EBL) has enabled the realization of ultra-high-
density neural probes with nanoscale interconnects and electrode features.
In representative studies, EBL has been used to define electrode wiring with
widthsdown to~100–120 nmand submicronpitch, allowingdozens toover
a hundred recording sites to be integrated within a single narrow probe
shank while maintaining compact interconnect architectures196. Similarly,
nanofabrication approaches combining high-resolution lithography with
ultraflexible device architectures have enabled nanoelectronic thread (NET)
probes with subcellular-scale dimensions. For instance, NET-based elec-
trodes exhibit cross-sectional areas below10 μm²and canbe implantedwith
interprobe spacing as small as ~60 μm without inducing chronic tissue
damage, while maintaining high signal-to-noise recording performance197.
In addition, ultraflexible nanoelectronic probes with submicrometer
thickness have been shown to integrate seamlessly with neural tissue and
minimize glial scarring, enabling stable long-term recording198.

Together, these examples demonstrate that achieving functional scal-
ability in neural interfaces requires coordinated design across fabrication,
device architecture, and readout electronics tomanage interconnect density,
signal routing, and power consumption. More importantly, they highlight
that chronic neural recording performance is fundamentally a system-level
property that emerges from interactions across multiple design layers199. As
a result, future progress in scalable brain-computer interfaceswill dependon
integrated cross-level co-design strategies rather than isolated advances in
individual components.

Experimental demonstrations and translational studies
Experimental studies in animal models are essential for evaluating neural
interface technologies under realistic biological conditions. Beyond asses-
sing clinical readiness, such studies provide direct insight into long-term
in vivo performance, wheremechanical micromotion, tissue responses, and
physiological variability jointly influence recording stability. As BCIs are
evaluated in increasingly complex model systems, from rodents to large
mammals, non-human primates (NHPs), and ultimately humans, the

requirements for device robustness and signal consistency become more
stringent. In this progression, the ability to maintain stable, high-quality
neural recordings over extended periods emerges as a more informative
benchmark than short-term signal acquisition alone. Comparative evidence
from animal studies, therefore, helps identify material systems, structural
designs, and interface strategies that are more resilient to chronic implan-
tation. These investigations not only guide translational development but
also expose recurring failuremodes and performance limits that are difficult
to capture in simplified or short-term experiments.

In this stepwise framework, each model serves a distinct purpose.
Rodents enable proof-of-concept validation in the sensorimotor cortex.
Large mammals (e.g., sheep) assess chronic implantation performance and
biocompatibility under human-like cranial conditions. Non-human pri-
mates support high-density, multichannel recordings in specialized cortical
areas for complex behavioral decoding. Human studies target disease-
specific regions, motor, language-related (e.g., Broca’s area), or sensor-
imotor networks, for closed-loop neuromodulation (Listed in Table 3).
These stage-specificdifferences reflect aprogressive escalation in anatomical
scale, signal complexity, and engineering requirements.

Rodent models
Rodent models, particularly rats (Rattus norvegicus), are widely used as
initial testbeds for validating neural interface technologies due to their low
cost, ease of handling, and partial anatomical and physiological similarity to
the human nervous system. At this stage, rodent studies primarily focus on
establishing basic device feasibility,material biocompatibility, signalfidelity,
and short- to medium-term stability under in vivo conditions. Repre-
sentative demonstrations include the implantation of bioresorbable intra-
cranial pressure (ICP) sensors via craniotomy, in which PLGA films and
bioresorbable adhesives are used to ensure cavity closure, while clinical-
standard ICP probes provide reference measurements to verify sensing
accuracy (Fig. 5a). Such experiments illustrate the reliability and stability of
degradable bioelectronic sensors for chronic physiological monitoring in
small animal models. This experiment primarily demonstrates the stability
and long-term reliability of degradable sensors for chronic intracranial
pressuremonitoring. Figure 5a-c further present synchronous comparisons
between wireless and conventional tethered neural recording systems in
rats, using a Y-shaped signal splitter to simultaneously capture the same
neural signals200. EEG data under pharmacological stimulation (baclofen
and pilocarpine) were compared to validate the fidelity of the wireless sys-
tem during free movement. These experiments show that rodents are sui-
table for assessing the fundamental performance and biocompatibility of
implanted bioelectronic devices and provide standardized references for
designing experiments in more complex animal models.

Large mammal models
After establishing basic feasibility in rodents, validation commonly pro-
gresses to largemammals such as sheep (Ovis aries), where human-relevant
anatomical dimensions, vascular anatomy, and surgical access routes
imposemore stringent constraints on implantation, long-term stability, and
safety. Representative stimulation studies in sheep demonstrate the feasi-
bility of endocisternal neural interfaces (ECI) and magnetoelectric bioim-
plantable devices (ME-BIT) for wireless neuromodulation (Fig. 5d, e)201.
The system-level layout includes intracorporeal electrodes and defined sti-
mulation targets, together with an external magnetic-field emitter and
wireless power/command components (Fig. 5d)201. Figure 5e demonstrates
synchronized brain and spinal cord stimulation and time-locked CMAP
recordings, validatingmulti-target stimulationand immediate functionality.
Beyond acute stimulation, long-term feasibility has also been evaluated in
sheep using endovascular stentrode interfaces (Fig. 5f). The left panel shows
maximum bandwidth over different implantation periods, indicating stable
bandwidth over 190 days (0–2 weeks: 197.4 ± 42.0 Hz; >20 weeks:
196.4 ± 20.7 Hz)202. Themiddle panel shows ex vivo synchrotron imaging of
the superior sagittal sinus (SSS) lumen area, confirming patency after long-
term implantation. The right panel presents in vivo angiography
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measurements of SSS diameter, showing no significant reduction from
implantation day to 12 weeks (median 2.2mm on day 0, 2.5mm at
12 weeks). Overall, large-mammal models such as sheep offer physiologi-
cally and anatomically relevant conditions for assessing chronic stability,
procedural feasibility (including minimally invasive delivery), and tissue/
vascular safety, providing a critical validation step before NHP and human
studies.

Non-human primate (NHP) models
To assess complex cognitive functions, non-human primates serve as a
critical bridge for validating large-scale, high-resolution neural recording
technologies. In macaque experiments, the Neuroscroll probe was
implanted to enable stable recordings across multiple cortical regions (Fig.
5g). The probe features a high-density distribution of recording channels,
supporting simultaneous acquisition of neural signals from spatially dis-
tributed brain areas (Fig. 5h)176. Also, Fig. 5i presents a motor task used to
studymacaque sensorimotor activity,where themonkey tracks points along
a rolling path by generating isotonic force. The figure identifies recording
targets in the motor cortex andM1 gyrus, demonstrating the probe’s utility
for monitoring neural activity during motor tasks. In addition, the Neuro-
pixels 1.0 probe enabled simultaneous recordings from multiple brain
regions, facilitating the study of inter-regional interactions and large-scale
coordination in the primate brain (Fig. 5j)203. Overall, NHP models enable

validation of neural interface technologies at scales of channel count, spatial
coverage, and behavioral complexity that are not accessible in smaller ani-
mals, providing a crucial translational benchmark for human applications.

Human clinical studies
At thefinal stage of validation, neural interface technologies are evaluated in
human clinical studies, where functional efficacy, safety, and real-world
usability are directly assessed.

From a systems perspective, neural feedback links signal acquisition,
state interpretation, and intervention execution, enabling neural interfaces
to evolve from passive recording platforms to active closed-loop systems. In
neural monitoring and diagnosis, signals acquired via EEG, ECoG, or
intracranial electrodes enable thedetectionof abnormal activity and support
early prediction using data-driven methods. Task-based BCI paradigms
further allow assessment of covert awareness beyond behavioral measures.
Wearable and minimally invasive sensors extend these capabilities to con-
tinuous monitoring of sleep, emotion, and attention states.

These signals can be incorporated into feedback loops to enable
adaptive intervention.

For example, a multimodal feedback BCI system (as shown in Fig. 5k)
integrates motor intention detection with proprioceptive, tactile, and visual
feedback to promote cortical plasticity in stroke rehabilitation204. The pro-
cess includes: (1) motor imagery, where chronic stroke patients simulate

Table 3 | Animal models for chronic BCI device development

Animal
Model

Application Scope Advantages Limitations Typical
Implantation
Targets

Key Engineering Challenges Ref.

Rodents
(mouse/
rat)

Proof-of-concept studies,
biocompatibility testing,
single-unit neural
recording

Low cost, mature
genetic tools, short
experimental cycles

Simplified brain
architecture, limited
cortical complexity, low
translational homology

Primary motor
cortex (M1)

Thin cortical layers increase risk of
overshooting target depth; mismatch
between brain micromotion and rigid
electrodes; chronic signal drift

252–254

Hippocampal
CA1

Requires long shank electrodes for deep
targeting; chronic drift limits long-term
single-unit stability

255–257

Sensory
cortex (S1)

Limited network complexity; stimulation
spread reduces spatial resolution

258

Large
animals
(pig/
sheep/
dog)

Device-level validation
(packaging, wireless
power transfer, chronic
implantation systems)

Brain size comparable
to humans, suitable
for engineering
validation

Limited behavioral
paradigms, high cost,
lower standardization

Superior sagittal
sinus
(endovascular
stent electrodes)

Complex vascular access route increases
catheter resistance; thrombosis risk due to
poor stent apposition; unknown long-term
hemodynamic effects

259,260

Motor cortex (M1) Skull thickness causes signal attenuation;
challenges in thermal management for
implanted electronics

261,262

Subdural space
(ECoG arrays)

High dural tension leads to electrode folding;
increased risk of subdural hematoma
compared with rodents

263

Non-
human
primates
(NHPs)

High-level motor
decoding, cognitive
processing, pre-speech/
language studies

High anatomical
similarity to humans,
complex behavioral
training capability

Ethical constraints,
extremely high cost,
long training periods

Premotor
cortex (PMd)

Requires long-term recording of hundreds of
neurons for complex motor decoding; strict
weight constraints for implants

264,265

Posterior parietal
cortex (PPC)

High non-stationarity; decoders require
frequent recalibration; micromotion during
active behavior affects stability

266,267

Broca homolog
region

Sparse speech-related neurons; requires
high-density probes and long training cycles
(>6 months)

268

Humans
(clinical
studies)

Final clinical validation
(efficacy, safety,
performance)

Direct clinical
relevance and
translational value

Limited experimental
flexibility, high inter-
subject variability

Primary motor
cortex

Long-term implantation stability required
(years); gliosis-induced signal attenuation;
infection risk via percutaneous interfaces

269

Broca/
Wernicke areas

Strong inter-individual variability; requires
functional mapping during awake surgery;
high-density coverage needed for fine-
grained speech decoding

270,271

Anterior cingulate
cortex (ACC,
psychiatric
neuromodulation)

Deep targets; requires precise vascular
avoidance; strict latency requirement for
closed-loop control

272,273
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movements of a paralyzed limb (e.g., wrist flexion/extension) captured by
EEG; (2) closed-loop control, where detection of motor imagery triggers
multimodal feedback; (3) multimodal feedback, combining proprioceptive
feedback via continuous passive motion (CPM) devices, tactile feedback via
brush stimulation, and visual feedback via VR displays, forming a closed-
loop neural regulation that promotes cortical plasticity. In therapeutic
applications, neural feedback supports biomarker-drivenneuromodulation.
Responsive stimulation systems detect pathological activity and deliver

targeted intervention, while adaptive strategies dynamically adjust stimu-
lation parameters based on neural signals, improving efficacy and reducing
side effects33,34. Feedback-guided modulation is also being explored for
psychiatric disorders35.

Neural feedback further enables functional rehabilitation through
continuous sensing-feedback-relearning cycles. Figure 5l illustrates a brain-
to-speech neuroprosthetic framework, using four microelectrode arrays
(256 electrodes) implanted in the left precentral gyrus (including ventral/
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dorsal 6v, M1, and 55b areas) to record speech-related neural activity204.
Neural signals are decoded and synthesized into speech using a
Transformer-baseddecoder and vocoder,with total latency as lowas 8.5 ms,
restoring speech function in ALS patients.

Similarly, BCIs can drive external effectors such as functional electrical
stimulation or robotic systems to reconstruct motor pathways and enhance
recovery41–43. With increasing capability, neural interfaces are extending
toward health management and prevention. Long-term monitoring com-
bined with feedback modulation can support sleep optimization, cognitive
regulation, and early intervention in neurodegenerative diseases39,40. The
overall research trajectory-from animal models to human application-
follows a stepwise validation process, ensuring stability, reliability, and
performance across increasing levels of complexity. Neural feedback is
evolving from a simple signal modulation mechanism into a central para-
digm that integrates neural monitoring, intervention, and long-term reg-
ulation. With continued advances in artificial intelligence, multimodal
sensing, andwirelessmicrosystems, neural interfaces are expected to achieve
more precise, personalized, and autonomous closed-loop control, thereby
accelerating their clinical adoption.

Frontier directions in BCI devices and microsystems
Recent advances in brain-machine interfaces have highlighted a broad set of
limitations in conventional technologies. For example, chronic performance
degradation is widely observed in implanted neural electrodes, including
silicon microelectrode arrays, Utah arrays, and metallic microwires. Signal
decline over time is primarily attributed to material degradation (such as
electrode corrosion and insulation failure), mechanical mismatch that
induces micromotion or dural tethering, and chronic neuroinflammatory
responses involving glial encapsulation and neuronal depletion. These
mechanisms jointly contribute to elevated impedance, diminished spike
amplitudes, and reduced numbers of viable channels. Collectively, the
foreign-body response to rigid implants, the inability to accommodate brain
micromotion, and the constraints of purely electrical sensing represent key
barriers to stable long-term recordings. As a result, recent research has
increasingly focused on advanced materials, flexible architectures, and
multimodal sensing approaches.

Biodegradable interface
To address the biological burden imposed by long-term implants and to
avoid chronic foreign body reactions, researchers have explored transient
bioresorbable neural interfaces. By allowing the device to harmlessly dis-
solve after completing its functional window, these systems eliminate the
need for surgical retrieval and minimize chronic inflammation, while
enabling short-term high-fidelity monitoring during acute or perioperative
periods.

One prominent approach to bioresorbable electronics is “transient
electronics”, which was first introduced by Rogers and colleagues205. A
representative implementation of this concept is illustrated in Fig. 6a.

In this design, a fully bioresorbable cortical electrode array is con-
structed by laminating a highly doped single-crystalline silicon (Si) nano-
membrane (~300 nm thick) onto a 30 μm PLGA substrate, with an

embedded 100 nm SiO2 layer serving as insulation. The same Si nano-
membrane functions simultaneously as the transistor channel and the
electrode interface. A key innovation of this architecture lies in its fully
predictable hydrolysis pathway: Si gradually dissolves into orthosilicic acid
at ~11 nm day−1, SiO2 hydrolyzes at ~8.2 nm day−1, and PLGA degrades
over~4–5weeks, collectivelydefining anoperationalwindowof several days
to several weeks. The ultrathin geometry further imparts mechanical
compliance; serpentine interconnects enable bending down to a 1mm
radius while maintaining a principal strain below 0.03%, allowing stable
conformal contact with the cortical surface. In awake-rat studies, the system
delivered high-quality acute-to-sub-chronic ECoG and EEG recordings for
up to 33 days, with performance comparable to clinical electrodes and
minimal tissue response. Nevertheless, the limitations of this strategy are
equally evident. As the Si nanolayer dissolves, changes in local doping
concentration and electrical continuity become unavoidable, making it
difficult for high-density active-matrix devices (>500 channels) tomaintain
synchronized end-of-life behavior206. These constraints highlight an
inherent trade-off in inorganic transient electronics between precise elec-
tronic performance and controllable, uniformbioresorption,motivating the
exploration of alternative material platforms.

In the domain of organic semiconductors, the transient OECT array
shown in Fig. 6b represents a contrasting materials strategy. The device
features an ultraflexible, fully organic architecture in which both the sub-
strate and encapsulation layers are biodegradable polymers, while the
transistor channels are formed from mixed-conductor PEDOT-based thin
films. The resulting array—substantially thinner than 100 μm—integrates
100 lithographically patterned OECT units with ~20 μm spatial resolution,
1.42ms temporal resolution, and an SNR of ~37 dB, enabling stable
operation over a short functional window prior to complete hydrolysis. The
inherently low operating voltage and high transconductance of OECTs
make them particularly appealing for perioperative and other short-term
monitoring scenarios. However, the organic channel materials are intrin-
sically sensitive to moisture, leading to an exponential decline in trans-
conductance once degradation initiates. As device size or channel count
increases, mismatches between the kinetics of material dissolution and the
required functional lifetime become increasingly pronounced. These lim-
itations currently prevent OECT-based transient systems from achieving
reliable medium- or long-term implantation, underscoring the need for
more stable semiconducting materials and device architectures for future
bioresorbable neural interfaces164.

Beyond Si207 and OECT-based platforms, a broad spectrum of bior-
esorbable neural interface technologies has emerged to enable devices that
exist only when needed and disappear on demand. Recent advances include
transient CMOS systems constructed from ultrathin Si nanomembranes
combined with soluble Mg or Zn interconnects to achieve programmable
lifetimes183; injectablemesh electrodes that providemechanically compliant,
immunologically inert long-term interfaces94; in vivo-assembled, bior-
esorbable conductive hydrogel electrodes208; and miniaturized ultrasound-
readable sensors that can be injected and subsequently degrade over weeks
to months209. Additional strategies involve stress-engineered PLGA/Au
microtube electrodes210, fully degradable metal-polymer microelectrodes

Fig. 5 | The use of bioelectronic devices in animalmodels (rodents, largemammal
models, non-human primate models and human clinical trials). a Photo of
bioresorbable ICP sensor276. Copyright 2018, Springer Nature Ltd. b, c Schematic of
A/B test setup200. Copyright 2023, Springer Nature Ltd. d (left) Motor-evoked
potentials (MEPs) recorded from sheep hind leg via motor cortex stimulation;
Middle: Slow cortical potentials (SCPs) recorded via deep brain (thalamus) stimu-
lation; Right: Compound muscle action potentials (CMAPs) recorded from sheep
back muscles via spinal cord stimulation. Lower: Left: Schematic of sheep, catheter
electrode and neural stimulation positions; Right: Photos of magnetic field trans-
mitter, magnetoelectric-powered implant and schematic of wireless system. e (left)
Schematic showing the synchronized stimulation of brain and spinal cord. (right)
Time-locked recordings of simultaneous brain and spinal cord stimulations201.
Copyright 2024, Springer Nature Ltd. f Chronic viability of implanted stentrode.

(left)Maximum observable bandwidth from recordings. (Middle) ex vivo SSS lumen
areas. (Right) In vivo SSS internal lumen diameter via cerebral angiography202.
Copyright 2016, Springer Nature Ltd. g Photos of probe implantation into monkey
brain. h Schematics showing the distribution of the 1024 recording channels along
the shank of probe 1185. Copyright 2024, Springer Nature Ltd. i Top, force tracking
task. Bottom, recording targets in motor cortex (left) and schematic of recording
target in sulcal M1, sagittal section (right). j Single-trial spike raster for four example
neurons203. Copyright 2025, Springer Nature Ltd. kA Schematic of the experimental
setup ofMulti-FDBK-BCI therapy181. Copyright 2025, BioMedCentral. l 1. Brain-to-
voice neuroprosthesis; 2. Array locations on left brain hemisphere and typical
neuronal action potentials of each microelectrode; 3. Closed-loop causal voice-
synthesis pipeline204. Copyright 2025, Springer Nature Ltd.

https://doi.org/10.1038/s44328-026-00109-7 Review

npj Biosensing |            (2026) 3:42 20

www.nature.com/npjbiosensing


capable of recording cortical neural signals in mice without requiring sur-
gical retrieval, and conductive polymer-based bioresorbable scaffolds such
as PEDOT:PSS/PLLA that offer low-impedance tissue interfaces211. Fur-
thermore, multilayer material systems such as Mg/PDLLA, Zn/PLA, and

Fe/PLGA enable tunable degradation profiles to match distinct functional
lifetimes. These advances not only demonstrate the feasibility of engineering
transient neural interfaces with well-defined functional lifetimes but also
point toward future systems in which degradation kinetics, mechanical

Fig. 6 | Frontier directions in neural interface devices and microsystems. a (left)
Schematic exploded view illustration of the construction of a passive, bioresorbable
neural electrode array for ECoG and sub-dermal EEG measurements, and a mag-
nified optical image of electrodes on the right highlights the sensing (Si NMs) and
insulating (SiO2) regions. (right) Photographs of bioresorbable neural electrode
arrays with 4 channels (top) and 256 (16 × 16 configuration) channels (bottom)76

Copyright 2016, Springer Nature Ltd. b Schematic illustration showing a fully
biodegradable, transient OECT platform engineered for high-spatiotemporal-
resolution μ-ECoG recording. Copyright 2023, Wiley. c (left)Schematic exploded
view (top) and photograph (bottom) of the biodegradable electronic tent with
multifunctional electronic components. (right)Sequential dissolution images of the
device immersed in 70 °C, pH 7.4 PBS for 150 d118. Copyright 2024, Springer Nature
Ltd. d (up)Microphotograph of wireless ASIC prototype chips on a fingertip; Photo
of benchtop three-coil antenna in wireless experiments217. Copyright 2024, Springer
Nature Ltd. (Low) Schematic of microsensor insertion test in four stages: 1.

Approaching, 2. Contacting, 3. Penetrating, 4. Driving277. Copyright 2025, PNAS.
eThe stepwise implantation of soft mesh electronics into the Xenopus embryo brain
via organogenesis. f Schematics of coronal views of neural plate development.
g Stretchablemesh electronics throughout the 3D structure of the brain218. Copyright
2025, Springer Nature Ltd. h Schematic of the morphological evolution from a 2D
micropatterned film to a 1D fiber94. Copyright 2025, Springer Nature Ltd.
i Architecture diagram of a multifunctional neural interface system enabling mul-
timodal acquisition of cortical electrophysiology, temperature, and optical signals224.
j Earthworm-inspired design concept and fabrication workflow of NeuroWorm.
k Schematic depiction of NeuroWorm locomotion within the brain under magnetic
guidance. l Demonstration of NeuroWorm movement in the rabbit subcortical
region; scale bar, 1 cm.m Simultaneously recorded evoked CMAP signals by a single
60-channel fiber sensor during an acute experiment225. Copyright 2025, Springer
Nature.
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compliance, and microsystem-level functionality can be co-designed to
achieve safer, smarter, and more adaptive brain-machine interfaces.

Injectable and deployable interfaces
Building on the limitations of conventional rigid brain-machine interfaces
—such as insertion-induced tissue damage, large-scale displacement, and
chronic immune responses—researchers have increasingly recognized that
degradable materials alone cannot fully resolve the trade-off between
minimal invasiveness and long-term stability. This realization has moti-
vated a new class of injectable neural interfaces in which electronic devices
remain in amechanically robust, needle-like configurationduring insertion,
but spontaneously transform into soft, tissue-conformal structures once
deployed in vivo. Such designs are enabled by ultrathin mesh architectures
and stress-engineered self-rolling films, providing large-area, compliant
interfaces that can be delivered through minimally invasive injection.

Syringe-injectable mesh electronics represent a seminal implementa-
tion of this design philosophy. Constructed from ~1 μm-thick SU-8/Au/Pt
networks, these ultraflexible meshes can be compacted into a filament-like
probe that fits within a ~100 μm-diameter needle and subsequently unfold
inside the tissue to form a soft, tissue-modulus-matched interface152. This
enables months-long electrophysiological recordings with remarkably low
immune response. Building on this concept, the second-generation Mesh
Electronics platform increased mesh density and functional site count,
making it possible to achieve “injectable, single-cell-resolution arrays”94. A
similar principle underlies the NeuroRoots architecture, in which 7 μm-
diameter flexible microfibers are delivered through injection and then
spontaneously spread and anchorwithin the brain parenchyma,mimicking
natural axonal root structures212. This configuration supports stable, long-
term single-unit recordings with minimal tissue disruption. Self-rolled
biosensing interfaces and related developments extend this paradigm into
three dimensions. By engineering multilayer films with tailored stress or
residual-stress gradients, these systems undergo deployment-enabled
structural transformation, rolling from planar 2D precursors into 3D self-
rolled biosensor arrays (3D-SR-BAs) upon release of a sacrificial layer.
Although not syringe-injectable themselves, the resulting cylindrical or
tubular architectures illustrate how post-deployment 3D unfolding can
generate conformal interfaces that wrap around biological tissues, enabling
stable electrophysiological recording and integrated optical measurements
within complex 3D geometries213.

Further advances inmaterials engineering have enabled clinically safer
andmore comfortable approaches for injectable neural interfaces. Injectable
neural interfaces often rely on deployment-enabled mechanical transfor-
mation, in which devices are delivered in a compact, mechanically stiff
configuration and subsequently expand in situ to form soft, conformal
electrical interfaces. An illustrative example is the self-deploying shape-
memory-polymer (SMP) “tent” electrode shown in Fig. 6c. This device is
fabricated from microscale-thick SMP films that can be folded into a
compact structure with a diameter of less than 5mm for implantation and
then autonomously unfold in vivo triggered by a slight temperature increase
to achieve nearly a 200-fold increase in surface area, enabling intimate tissue
interfacing. Notably, when implemented using bioresorbable PLGA-based
conductive composites, such deployable systems can further provide tran-
sient electrical functionality and subsequently dissolve on a programmable
timescale, offering an additional advantage for temporary neural interfacing
applications. This transformation is enabled by the reversible thermo-
mechanical response of the SMP and the incorporation of deformable
hinges, which together allow low-force, 3D deployment and conformal
coverage across broad cortical regions. The platform also integrates a
multiplexed electrode array and an NFC wireless module onto the same
substrate, achieving ~12 dB SNR cortical recordings under fully wireless
operation. With the exception of the NFC chip, all materials are bior-
esorbable, eliminating the need for device retrieval. Nonetheless, challenges
remain. Because the SMP layer is only a few micrometers thick, its water-
vapor permeability in vivo (10−14–10−13 m2 s−1) leads to edge-seal delami-
nation within 48–72 h, highlighting the gap between achieving reliable

deployment and achieving long-term stable deployment. Overall, these
“mesh/rolling-unfolding” electrode systems leverage extreme thinning,
open-mesh geometries, and stress-driven self-assembly to reversibly tran-
sition between the compressed state required for injection and the expanded
state required for functional interfacing within tissue108.

In contrast to solid-state flexible electronics that rely on structural
compression and in situ deployment, another class of injectable neural
interfaces introduces materials into tissue in liquid or semi-fluid form,
allowing them to self-assemble, gelate, or polymerize in the biofluid envir-
onment. This approach yields ultra-soft, tissue-modulus-matched con-
ductive networks directlywithin the target region. A representative example
is the PEDOT:PSS-based double-network conductive hydrogel214, which
remains flowable prior to injection but rapidly forms a highly conductive,
ultra-soft gel electrode upon entering tissue, enabling a truly pressure-free
electrical interface215. A representative example of liquid-state injectable
interfaces relies on in situ polymerization, in which amixture of conductive
polymer precursors and oxidants is injected into tissue to spontaneously
form a highly conductive polymer network within the local micro-
environment. The EDOT-based system developed at the University of
Tokyo exemplifies this strategy, eliminating the need for physical device
implantation and thereby minimizing mechanical disturbance.

Asmaterial platforms continue to expand,MXene-hydrogel composite
networks have emerged as promising candidates. Ti3C2 MXene sheets
provide high electrical conductivity and support cryogelation-driven net-
work formation, enabling conformal and stable electrical contacts after
injection216. Silk-MXene conductive hydrogels similarly exist in a flowable
state prior to injection and rapidly form a compliant, conductive 3D net-
work in vivo, resulting in high-quality interfaces with surrounding neural
tissue. Collectively, these examples highlight that the defining feature of
injectable neural interfaces lies not in the delivery route alone, but in their
ability to undergo deployment-enabled mechanical and structural trans-
formation, enabling soft, conformal, and functionally integrated bioelec-
tronic interfaces following minimally invasive implantation.

Ultraminiaturized and microscale interfaces
Conventional wireless implantable systems are fundamentally constrained
in their ability to shrink below the millimeter scale due to the size require-
ments of electromagnetic antennas and the high tissue attenuation of RF
signals. To overcome these limitations, a paradigm shift toward non-
electromagnetic communication and power-delivery mechanisms has been
proposed for ultraminiaturized neural interfaces. Neural dust represents a
breakthrough toward ultra miniaturization by reducing the total device
volume to the millimeter regime, with theoretical analyses suggesting the
feasibility of scaling down to ~50 μm (Fig. 6d)217.

The ultimate size limit is determined primarily by the lateral dimen-
sions of the piezoelectric crystal and the signal-to-noise ratio of the ultra-
sonic backscatter communication link. The key enabler of this scaling trend
is the use of a piezoelectric material as an “acoustic antenna,” leveraging the
lowattenuation and shortwavelengthof ultrasound inbiological tissue. This
allows efficient energy coupling even atmicroscopic dimensions.Moreover,
by employing passive backscatter modulation, the system eliminates the
need for an onboard RF transmitter, thereby removing the power-hungry
components, antennas, and driving circuits that traditionally dominate
device size. However, several challenges emerge as the system shrinks.
Reducing the piezoelectric crystal dimensions proportionally decreases the
backscattered signal amplitude, rapidly degrading link SNR. Polymer
encapsulation becomes susceptible to moisture permeation at micro-scale
thicknesses, leading to early device failure. In addition, the angular sensi-
tivity of piezoelectric particles relative to the external ultrasonic beammakes
the communication link highly vulnerable to tissue micromotion
(10–80 μm), which can disrupt alignment and stability. For these reasons,
ultrasonic backscatter currently remains the only modality capable of
combining wireless power delivery and bidirectional communication at
micro-scale dimensions. Electromagnetic approaches require prohibitively
high frequencies below themillimeter scale, resulting in severe tissue losses;
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inductive coils suffer from drastically reduced coupling coefficients and
tissue heating as they shrink; and optical schemes are fundamentally limited
by penetration depth, making it difficult to establish a two-way link at
comparable sizes. Looking forward, further advances in piezoelectric
materials, encapsulation strategies, and adaptive ultrasonic interrogation
schemes will be critical for pushing ultrasonic neural interfaces beyond
current size and stability limits.

Long-term implantable interfaces
While transient and injectable interfaces address invasiveness and short-
term compatibility, achieving truly long-term neural implantation remains
an open frontier challenge due to persistent foreign body responses and
tissue micromotion. One emerging strategy tackles this problem not by
removing the device, but by rendering it mechanically invisible to the tissue
through extreme softness and structural compliance, as demonstrated by
PFPE-DMA ultraflexible mesh electrodes (Fig. 6e-g)218.

PFPE-DMA represent a fundamentally different neural interface
strategy -one that does not rely on bioresorption but instead achieves long-
term biocompatibility through extreme mechanical compliance. By com-
bining an ultra-low elastic modulus (approximately 10⁴ times lower than
that of conventional PI films) with submicron-thick serpentine inter-
connects (40 nm Cr/Au), the device attains tissue-matched flexibility that
allows it to fold naturally with the tissue and embed within 3D structures.
This unique property enables the electrode to conform to the developing
neural plate of Xenopus embryos at stage 15, subsequently folding into the
brain as the organismmatures. The system supports single-cell-scale neural
recording from embryonic stages to adulthood, and in regenerative models,
it can track post-injury increases in activity as well as functional rewiring.
Owing to the material’s high chemical inertness and extremely low water
absorption, the interface provokesminimal tissue irritationor inflammatory
response over 30–60 days. Despite these advantages, several limitations
remain. While the ultralow modulus provides exceptional compliance, it
also reduces mechanical robustness in high-density interconnect layouts,
with reliability decreasing notably when channel counts exceed 64. More-
over, extending this strategy to mammalian models is challenging, as such
implants cannot be introduced through natural developmental folding
processes, limiting the generalizability of this approach. Together, these
ultraflexible, developmentally integrated interfaces highlight a frontier
direction for long-term neural implantation in which chronic biocompat-
ibility is achieved not through material resorption or replacement, but
through mechanical invisibility, suggesting a complementary pathway
toward lifelong neural interfaces when scalable deployment challenges can
be addressed.

Multimodal neural interfaces
Recent years have witnessed rapid advances in multimodal neural interface
technologies, driven by the growing recognition that single-modality mea-
surements are insufficient to capture the complexity of neural circuit
function.

Thermally drawn multifunctional fiber probes exemplify this
progress219. Flexible fibers fabricated through the thermal drawing process
can integrate neurotransmitter chemical sensing (e.g., fast-scan cyclic vol-
tammetry), electrophysiological recording, optogenetic stimulation, and
drug delivery within a single slender platform. This level of integration
provides a powerful tool for probing synaptic-level neurochemical
mechanisms in vivo. MRI-compatible multimodal fibers further expand
experimental capabilities by combining low-loss optical waveguides,
carbon-based conductors, and microelectrodes220. These probes enable
simultaneous electrical, optical, and chemical interrogation in brain regions
such as the mouse reward pathway, while remaining fully compatible with
whole-brain imaging-substantially broadening their applicability in systems
neuroscience.

In the domain of optical integration, implantable silicon photonic
neural probes have demonstrated the ability to combine nanophotonic
waveguideswithmicroelectrode arrays, enabling optogenetic stimulation in

deep-brain regions together with simultaneous electrophysiological
recording221. Flexible, wireless micro-optoelectronic systems based on
micro-LEDs further extend this capability by incorporating soft substrates
and integrated light sources, providing stable chronic optical stimulation
while reducing dependence on external optical fibers and bulky hardware222.
Soft, transparent hydrogel or elastomer interfaces represent another route,
emphasizing simultaneous optical and electrical access and offering a
mechanically compliant platform for high-resolution deep-tissue imaging
alongside electrochemical or electrophysiological sensing. As shown in Fig.
6h, a representative example employs 2D microfabricated SEBS/SBS elas-
tomeric films that incorporate pressure sensors, electrochemical electrodes,
electrophysiology sites, and optical waveguides patterned on and within the
film using photolithography and laser-induced graphene (LIG) techniques.
Through a self-adhering helical-wrapping process, these 2Dfilms transform
into 1Dfiber deviceswith diameters of ~230–350μm,preservingmicroscale
patterns with high fidelity while reconfiguring the architecture into a 3D
geometry. The tunable diameter and modulus of the thermoplastic elasto-
mer scaffold enable co-integration of multimodal modules within a single
fiber with low crosstalk (<5%), while maintaining stable adhesion and
accommodating dynamic deformation within narrow luminal environ-
ments. In vivo studies demonstrate that these fibers can record continuous
gastrointestinal motility for several days in the mouse colon and pig small
intestine, and can maintain single-neuron-level recordings in the mouse
hippocampus for up to four months with stable electrode impedance and
SNR> 5223.With integrated optical waveguiding, the platform also supports
localized optogenetic modulation, and histological analyses show minimal
inflammatory response around the implant.

Beyondfiber- andfiber-like geometries, planar device architectures also
enable deep multimodal integration, as exemplified by the multimodal
neural interface system (MNIS) (Fig. 6i). Built on a flexible platform mea-
suring approximately 3.28 × 3.36mm2 and ~31 μm thick, the system
incorporates electrical, thermal, and optical sensing within a 4 × 4 micro-
array, with each unit occupying a compact footprint of 220 × 300 μm2. A
thermally grown SiO2 insulating layer enables high-SNR neural signal
acquisition through capacitive coupling, achieving up to 36.5 dB. Ultrathin
metallic resistors provide cortical temperature measurements with 0.1 °C
resolution, while PMOS photodetectors offer blue-light responsivities of
~0.55–0.57 nA (mW·cm2)−1, enabling on-chip optical sensing without the
need for separate photodiodes. Together, these components deliver spatially
co-localized and structurally homogeneous tri-modal sensingwithin a single
ultrathin platform. In vivo experiments in Sprague-Dawley rats demonstrate
that MNIS can simultaneously and stably record ECoG signals, cortical
temperature, and optical pulse stimuli. Temperature measurements show
linear agreement with commercial thermocouples, and optical detection
remains robust evenat intensities as lowas0.02W·m−2.Histological analyses
revealminimal tissue damage,with cell viability around 99%224. Suchdesigns
highlight the importance of synergistic materials engineering and structural
co-integration in flexible multimodal neural interfaces, underscoring their
potential for multi-signal coexistence and long-term stable recording. Col-
lectively, these advances demonstrate that multimodal neural interfaces are
transitioning fromsimple co-locationofheterogeneous sensors towarddeep,
architecture-level integration in which electrical, optical, chemical, thermal,
and mechanical functionalities are co-designed within unified platforms.

As a frontier direction,multimodal interfaces are increasingly enabling
not only simultaneous observation of neural activity across multiple signal
domains, but also causal interrogation through tightly coupled sensing,
stimulation, and modulation at matched spatial and temporal scales.

Dynamic interfaces
Conventional neural electrodes are inherently static after implantation,
limiting their ability to adapt to tissue deformation, target evolving regions
of interest, or compensate for signal degradation over time. To address these
constraints, an emerging frontier direction explores dynamic neural inter-
faces that incorporate controlled mobility within soft biological tissues, as
exemplified by the NeuroWorm platform (Fig. 6j-m).
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TheNeuroWorm platform highlights a new class of flexible electrodes
with dynamic mobility. By rolling ~400 nm-thick SEBS films into fibre-like
structures, the systemforms implantable sensorswith diameters of ~109 μm
that can incorporate up to 60 longitudinal electrode channels225. Neuro-
Worm is capable of simultaneously monitoring bioelectrical and mechan-
ical signals. Its core innovation lies in its magnetically actuated mobility,
which allows directional advancement through brain or muscle tissue to
achieve dynamic, targeted signal acquisition—overcoming the traditional
limitation that implanted electrodes must remain fixed and immobile. The
extreme softness and stretchability of the fiber (stretch ratio~94%) enable it
to conform to tissue deformation, thereby reducing immune response. In
long-term rat muscle implantation studies (up to 43 weeks), NeuroWorm
achieved stable electromyographic recordings with minimal fibrotic
encapsulation (thickness <23 μm) and mild inflammatory response. In
rabbit brain experiments, the fiber was able to move within cortical and
subcortical regions while capturing high-quality electrophysiological sig-
nals. This emerging paradigm of dynamic electrode opens a new direction
for flexible neural interfaces, transitioning from static placement to actively
adjustable deployment. However, current open-loop magnetic actuation
strategies remain limited in both locomotion speed and positioning accu-
racy. Future developments will require closed-loop control systems and
large-scale electromagnetic coil arrays to enable more precise and safer
navigation within biological tissues226.

Taken together, the frontier directions outlined in this section reflect a
fundamental shift in neural interface design. From static, monofunctional
implants toward adaptive, multifunctional, and system-level platforms that
more closely align with the mechanical, biological, and functional com-
plexity of neural tissue. Rather than pursuing incremental improvements
along a single dimension, recent advances increasingly emphasize co-design
across materials, device architectures, and deployment strategies to over-
come long-standing trade-offs between invasiveness, stability, scalability,
and functionality227.

Across bioresorbable, injectable, ultraminiaturized, long-term com-
pliant, multimodal, and dynamic interfaces, a unifying theme emerges:
future neural interfaces will not be defined solely by what they measure or
stimulate, but by how they integrate, adapt, and interact with living systems
over time. These approaches collectively point toward neural technologies
that can be delivered with minimal disruption, operate reliably across
extended timescales, and dynamically respond to evolving biological
contexts.

Looking forward, translating these frontier concepts into broadly
deployable clinical and research tools will require advances beyond indivi-
dual device demonstrations, including scalable fabrication, closed-loop
control, robust packaging, and standardized evaluation frameworks. As
these challenges are addressed, the convergence of adaptability, multi-
functionality, and long-term biocompatibility is poised to redefine the
capabilities and roles of next-generation neural interfaces.

Conclusion and outlook
Brain-computer interfaces (BCIs) are advancing toward chronically
implantable and clinically scalable systems, yet stable and high-efficiency
neural recording remains fundamentally constrained by cross-level inter-
actions. As discussed in this review, recording performance emerges from
the coupled effects of electrode materials, device architectures, array con-
figurations, and microsystem integration, rather than any single design
element.Material properties define interfacial impedance, biocompatibility,
and signal transduction mechanisms, while active devices and system
architectures determine signal amplification, fidelity, and scalability. A key
insight is that limitations at one level propagate across the system, under-
scoring that long-term stability is inherently a system-level co-design pro-
blem rather than an isolated materials or device challenge.

From a translational perspective, technologies that combine flexible
electrode arrays with mature microelectronic integration are currently the
most promising for near-term clinical deployment. These systems benefit
from established fabrication processes, predictable performance, and

demonstrated in vivo stability, making them well aligned with regulatory
and industrialization pathways. In parallel, minimally invasive approaches,
such as endovascular interfaces and ultraflexible probes, offer clear advan-
tages in reducing surgical risk and improving patient compliance, although
further validation of long-term reliability and safety is required. More
broadly, successful clinical translation will depend not only on technical
performance, but also on reproducibility, large-scalemanufacturability, and
standardized evaluation frameworks under chronic implantation
conditions.

Looking ahead, emerging approaches, including organic and
hybrid bioelectronic systems, mixed ionic-electronic materials, and
neuromorphic interfaces, represent promising directions for long-
term development. These strategies aim to achieve deeper integration
with biological systems through mechanical compliance, volumetric
signal transduction, and distributed signal processing. However, their
translation will require advances in material stability, scalable fabri-
cation, and system integration. Overall, future progress in BCIs will
rely on cross-level integration, where materials, devices, and systems
are co-optimized to enable robust, high-density, and long-lasting
neural interfaces for clinical applications.
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