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ABSTRACT

A noteworthy in the dynamic field of neuroscience is the study of extracellular neural
responses in live insect neurons, triggered by volatile organic compounds (VOCs). Biological
olfaction has shown remarkable sensitivity in detecting low concentrations of VOCs, ranging
from parts per billion (ppb) to parts per trillion (ppt) range, and minute changes in the
compositions of gas mixtures. This scenario has inspired a novel concept for early lung cancer
diagnosis, wherein odors exhaled by humans are channeled to insect sensory organs, like locust
antennae. To effectively implement this scheme, efficient neural activity recording tools and
robust analysis methods are essential. Microelectrode arrays (MEAS) present a more promising
alternative. Yet, in the specific context of insect brain neurology, there is a growing need for
flexible, multi-channel, or even high-density MEAs(HDMEAS). Flexible MEAs, particularly
those with high-density configurations, offer significant advantages over traditional rigid
systems, including reduced tissue damage, better long-term stability, and higher resolution in
both electrophysiological recording and biosensing applications.

This dissertation presents the development and validation of advanced biosensing
platforms for neurophysiological recording, emphasizing the integration of high density flexible
dual-sided MEAs with locust olfactory systems to detect lung cancer biomarkers from VOCs.
Through a multidisciplinary approach combining materials science, electronic engineering, and
neurobiology, we explore the capabilities of HDMEASs to enhance the spatial and temporal
resolution of neural recordings in both experimental and clinical settings.

Chapter 1 begins with a foundational understanding of physiological signals and the
techniques used to record them, followed by an in-depth discussion of MEAs, their principles,

and their historical development. Special attention is given to the importance of flexibility and



high channel density, which have transformed the design and performance of MEAs. Through an
analysis of current flexible high-density MEAs, their fabrication, and the challenges they face,
the chapter highlights the innovations that have propelled these tools into cutting-edge
bioelectronic applications. Finally, strategies and future directions for next-generation flexible
HDMEA s are outlined, setting the stage for their continued role in advanced sensing and neural
interfacing technologies. Chapter 2 explores the development of dual-sided MEASs designed to
enhance the recording capabilities and mechanical reliability necessary for in vivo insects’
applications. The innovative folding-annealing technique used in this research allows for a
substantial increase in the density of recording sites without expanding the MEAS' physical
footprint. Chapter 3 expands on the application of these technologies, detailing the development
of a flexible, dual-sided microelectrode array optimized for capturing the complex neural
dynamics of the locust olfactory system. This novel biosensing platform leverages the locust's
acute sensory detection capabilities to identify cancer-related VVOCs, offering a promising
alternative to traditional diagnostic methods like gas chromatography-mass spectrometry (GC-
MS). Chapter 4 provides a comprehensive outlook and delineates ongoing work and conclusions
from this research.

Overall, this dissertation demonstrates the potential of merging biological systems with
electronic sensing technologies to create sensitive and non-invasive diagnostic tools for human
lung cancer. This work not only contributes to the field of biomedical engineering but also opens
avenues for future research into bioelectronic interfaces and their applications in medical

diagnostics.
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CHAPTER 1: FLEXIBLE MICROELECTRODE ARRAYS IN
ELECTROPHYSIOLOGY AND SENSING
1. INTRODUCTION

MEAs have revolutionized the field of electrophysiology by enabling the simultaneous
recording and stimulation of electrical activity from multiple neurons or other excitable cells.
These devices have found widespread application in neurophysiology, brain-machine interfaces
(BMls), and biosensing technologies, providing researchers and clinicians with invaluable tools to
monitor and manipulate complex biological systems. As the demand for more sophisticated and
biocompatible neural interfaces has grown, the development of flexible MEAs has emerged as a
critical innovation. Flexible MEAs, particularly those with high-density configurations, offer
significant advantages over traditional rigid systems, including reduced tissue damage, better
long-term stability, and higher resolution in both electrophysiological recording and biosensing
applications[1, 2]. Figure 1.1 illustrates the ideal properties desired for MEAs, such as high
recording quality, biosafety, and long-term stability, alongside the challenges—mechanical,
electrical, chemical, and biological—that currently hinder their realization. To overcome these
challenges, strategic approaches, including material selection, MEA design optimization,
advanced fabrication techniques, and engineering innovations, are essential for developing next-
generation flexible high-density MEAs capable of meeting these ideal criteria.

In this chapter, we will explore the advancements and applications of flexible MEAs in the
fields of electrophysiology and sensing. As essential tools for recording electrical activity from
various physiological sources such as the heart, neurons, and neuromuscular systems, MEAs have
evolved significantly over time. This chapter begins with a foundational understanding of

physiological signals and the techniques used to record them, followed by an in-depth discussion



of MEA:s, their principles, and their historical development. Special attention is given to the
importance of flexibility and high channel density, which have transformed the design and
performance of MEAs. Through an analysis of current flexible high-density MEAs (HDMEAS),
their fabrication, and the challenges they face, the chapter highlights the innovations that have
propelled these tools into cutting-edge bioelectronic applications. Finally, strategies and future
directions for next-generation flexible HDMEAs are outlined, setting the stage for their continued

role in advanced sensing and neural interfacing technologies.

Challenges
*Mechanical challenges
*Electrical challenges
*Chemical challenges
*Biological challenges
*Long-term risks

Flexible-HDMEAs

Strategies
*Materials
*MEA design
*Fabrication methods

*Engineering optimization
*Combination strategies

Figure 1.1. Ideal properties, challenges, and development strategies associated with HDMEAs.

\

Ideal Properties
*High recording quality(High SNR)
*High spatial resolution
*Biosafety and Biocompatibility
*Multiple sites recording simultaneously

2. PHYSIOLOGICAL SIGNALS AND SENSING TECHNIQUES

The underlying mechanism of electrophysiological signals is related to variations of ionic
concentrations between the inner side and outer side of the membrane that is modulated by cell
biomolecules[3]. The electrical activities of the excitable cells include resting potential, action

potential, and subthreshold postsynaptic potential. The cellular membrane, a phospholipid bilayer



embedded with hundreds of different types of integral and peripheral mobile proteins, has a high
electrical resistivity, defining the cell and separating the cytoplasm from the outside space. The
selective permeation of the membrane to ions results in an asymmetry of ion concentrations and
charges between the two sides of the membrane, creating a difference in electrical potential called
the resting potential. This could be explained by the Hodgkin and Huxley model[4].

An action potential(AP) occurs when specific electrical stimulation (natural or external
sources) triggers the opening of specific channels, causing the membrane potential of a particular
cell rapidly rises(depolarization ) and fall (repolarization)[4]. Action potential signals can be
transmitted to cells nearby within milliseconds, forming communications between cells and
enabling tissue and organ function, such as cognitive brain function, muscle contraction,
heartbeats, and responses in sensory organs. The subthreshold postsynaptic potential is a change
in the membrane potential at the postsynaptic end of a chemical synapse caused by the release of
neurotransmitters from vesicles by presynaptic neurons into the synaptic cleft[5].

Electrophysiology nowadays deals with different techniques of analyzing electrical signals
(current and potential changes) generated at cell membranes or with techniques where electrical
stimuli are guided to the membrane to investigate their influence on membrane transport and cell
function[6]. Through comprehensive analysis of these electrophysiological signals recorded by
electrodes, important information related to the cells, tissues, and organs could be revealed,
enabling an accurate method of monitoring the activities of the cells under physiological and
pathological conditions, which further benefits scientific research and clinical practice.

The intracellular recording techniques, such as voltage or current clamp, and patch-clamp
recording, enable the measurements of single cell potential or current change precisely in given

conditions, facilitating the understanding of cellular molecular and genetic mechanisms



underlying the electrical signals changes. However, these intracellular recording techniques have
some disadvantages, such as damage to the cells being recorded, inability to record multiple cells
at the same time, which limits them in the use of recording the cells recording multiple cells with
higher temporal and spatial levels and recordings in a living body. Extracellular recording, by
contrast, collects the electrophysiological extracellular signals from a single cell or multiple cells.
Notably, MEAs, especially HDMEAs, have higher spatial resolution and can provide more
accurate information[1, 2, 7].

3. INTRODUCTION TO MICROELECTRODE ARRAYS

MEAs have become foundational tools in the development of brain-machine interfaces
(BMIs) and numerous other electrophysiological applications. These arrays have proven to be
powerful components in systems, such as BMIS, for understanding the brain [8], diagnosing
neurological disorders[9], restoring lost function in individuals with [10, 11] and enhancing brain
functions[12]. MEA-based systems systems are widely utilized in neurorehabilitation [13-15],
prosthetics control [16], treatment of severe neurological disorders [17], and adaptive deep brain
stimulation [18-20], among other fields.

MEAs are essential in electrophysiology, allowing for the simultaneous recording and
stimulation of electrical activity in neurons, muscles, and other excitable tissues. Composed of
electrodes embedded on a substrate, MEASs interface directly with biological systems, capturing
the electrical signals generated by excitable cells. A MEA consists of a grid of tightly spaced
microelectrodes that can be used to detect electrophysiological signals from neurons or to deliver
electrical pulses to stimulate neural activity [21].

MEAs with high spatial and temporal resolution of MEAs are promising in both basic

research and clinical applications, including BMls, cardiac monitoring, and biosensing.



Conventional MEAs with single channel or multiple channels separated with far distance(>200
M) have historically played a vital role in the development and applications of BMlIs [22].
However, the high-density microelectrode arrays (HDMEAS), with significantly enhanced density
and channel count arranged on a limited area [23], offer several advantages compared to
conventional MEAs. In closed-loop BMIs, typically, neural signals (e.g., electrical activity of
neurons) are initially recorded using a neural interface device, such as a microelectrode array
(MEA). These signals are then decoded and processed to derive user intentions, which are
translated into commands for controlling an external device. Subsequently, feedback from the
device, often in the form of electrical stimulation, is delivered back to the brain, closing the loop
[24]. This contrasts with open-loop systems, which might only read brain signals or stimulate the
brain without any real-time feedback [25].

This section will now explore the general principles of MEASs, their historical development,
the necessities and the advancements towards flexible, high-channel-density MEAs.
3.1 General Principles of MEAS

A typical MEA system contains an MEA, filter, amplifier, and hardware and software system
for data collection, sampling, and analysis. The electrophysiological signals go through the
following processes within the MEA system during recording:

(1) generated by excitable cells and spread around; (2) conducted to the surrounding cells and
extracellular space, and then transmitted to the exposed electrodes through the cell/tissue-
microelectrode array interface. (3) transmitted from exposed electrodes, through embedded
electrode circuits to the contact pads, which are connected to external devices. (4) go external
devices, such as filters, and amplifiers, and then transfer to data information. When the

electrophysiological signal spreads into the extracellular space or electrolyte solution where the



electrode is located, the interface double electric layer will be formed between the cell and the
electrode, resulting in the change of ion concentration and then the change of charge distribution.
This causes polarization on the electrode surface, leading to voltage changes, which could be
detected and recorded by the external parts connected to the electrodes.

A passive MEA simply provides the connection from the conductive material to the
equipment for capturing, processing, and amplifying the signal, while the active electrodes have
an active circuit element, such as a transistor, that amplifies signals before additional noise is
added to the system. A typical passive MEA consists of three parts (microelectrodes, conduct
lines, and the contact pads), and usually has three layers substrates on the bottom, conductive
microelectrode array in the middle, and insulation layer over the top. A microelectrode and a
contact pad are located at each end of the line so that each electrode is individually addressable
through the contact pad. Microelectrodes are laid out with regular spacing to form an array[26].
The substrate provides mechanical support to the microelectrode interface and is electrically
insulative; conduct lines provide electrical connections between the microelectrode tips and the
larger contact pads; insulators provide a non-conductive barrier between the conductors and cells,
with openings for microelectrodes and contact pads[27].

The electrophysiological signals generated by excitable cells can be transmitted to cells
nearby within milliseconds of time to the extracellular conductor space, resulting in changing
electric fields around the area. These weak electrical signals can be collected by electrodes from
cells, tissues, organs, and the surface of the body. Through signal amplification, filtering, signal
processing, and further analysis, characteristic information could be obtained from the original
recording data. Thereby, the electrical signals collected under different states of the cells, tissues,

or organs will show other characteristics, such as differentiation of waveform, frequency, peak,



etc., which are used for scientific research, clinical monitoring, diagnosis, and

treatment Propagating APs or synaptic potentials produce complex extracellular current flow
between activated compartments and other parts of the neuron, part of which flow between the
non-junctional and the junctional membranes. The cleft between the neuron and the electrode
generates a resistance that is referred to as the seal resistance (Rseal). The voltage formed over
Rseal directly modulates the gate voltage of a field-effect transistor (FET), or the charge dispersal
across a passive metal electrode [28].

3.2 Historical Development of MEAS

Given the limitations of existing techniques such as patch clamp, scientists hope to have
simple and convenient ways to record neuronal activities from a large number of spots over a long
period, so that they obtain information to understand the development and plasticity of neurons
and other cells.

In 1970, Wise and colleagues[29] at the University of Michigan multichannel developed
shank-based probes using integrated-circuit fabrication techniques, commonly identified as
Michigan-style probes. Thomas, Gross, and Pine et al. recorded electrophysiological signals via
MEAs from isolated chicken embryonic cardiomyocytes, isolated snail ganglia, and rat upper
cervical ganglia, respectively. In 1972, Thomas et al.[30] used microelectrode array technology to
detect the extracellular signal of isolated chicken embryonic cardiomyocytes, thus introducing
microelectrode array into electrophysiological research for the first time. In 1977, Gross et al.[31]
developed a 36-channel MEA to measure extracellular action potentials in snail cranial ganglia. In
1980, Pine et al. [32]completed the recording of dissociated neurons of the rat superior cervical

ganglion by using 32-channel MEAs.



During the 80s, MEASs gradually became an essential method in the field of neuroscience
because of the extension of use in cultured cells and tissue slices (Jobling et al., 1981; Wheeler
and Novak, 1986) and the emergence of customized multielectrode models[33].

The advancement of semiconductor etching technology promoted the development of MEAS
from the 90s. In 1991, scientists from the University of Utah developed 100 conductive three-
dimensional microneedle arrays on a single silicon wafer for signals recording in vivo [34]. This
type of microneedle array is referred to as the Utah array. By assembling the multiple Michigan
MEA probes, three-dimensional signal reading can be achieved. In the years that followed, many
scientists worked to improve or customize the MEAs for higher recording quality and more
complex application scenarios. For example, 3-dimensional platinum MEAs are designed to
enhance electrode-to-cell contact and capture signals in a 3-dimensional environment[35].

Since 2000, research and development of these passive electrode systems have focused on
optimizing electrode and recording performance, including using new materials to improve
biocompatibility and recording quality[36]. Compared to passive MEAS, the active electrodes
have a pre-amplification module that amplifies the signal before additional noise is added to the
system. The rise of microelectronics, especially the introduction of the complementary metal—
oxide—semiconductor (CMOS) commonly used in digital cameras, has greatly facilitated the
development of active, high-resolution, high-density MEAs. The first in vitro study of an MEA
using high-density APS-CMOS simultaneously provided records from 4096 electrodes[37].

In recent years, MEASs have been developing toward a higher microelectrode density. New
materials and methods have considerably significantly changed the quality of the electrical
recording in small-size electrodes, making it possible to place more electrodes in a limited space.

Innovative HDMEASs have also greatly expanded the application scenarios, such as 3D-MEA



designed specifically for organoids, MEASs designed to target different deep brain sites, spherical
stretchable flexible MEA designed for retina, and customized MEAs for specific animal models,
such as zebrafish hearts, insect muscles, etc.
3.3. TOWARDS FLEXIBLE AND HIGH CHANNEL DENSITY MEAs
3.3.1. Importance of Flexibility and Density in MEAS

Conventional MEAs with single channel or multiple channels separated with far
distance(>200 pm) have historically played a vital role in the development and applications of
BMiIs [22]. However, the high-density microelectrode arrays (HDMEAS), with significantly
enhanced density and channel count arranged on a limited area [23], offer several advantages
compared to conventional MEAs. First, HDMEAs can detect and stimulate neural activity with
higher spatial resolution and greater precision, enabling more detailed mapping of neural
networks and a better understanding of complex brain functions. Second, the high density of
electrodes provides a more comprehensive dataset. This richness of data is essential for advanced
neural decoding algorithms, which can translate neural activity into more accurate and nuanced
commands for BMIs. Third, in lower-density arrays, signals from multiple neurons are often
averaged over larger electrode areas, potentially losing critical information. HDMEASs can reduce
this spatial averaging, capturing more discrete signals from individual or small groups of neurons.
Finally, with more electrodes interacting with neurons, HDMEAs can potentially facilitate more
complex and nuanced interactions between the BMI and the brain, leading to more sophisticated
applications and therapies.

HDMEASs can be categorized into rigid and flexible types, depending on the material of the
substrate used for fabricating the microelectrodes[38]. At present, the most advanced HDMEAs

are rigid leveraging the state-of-the-art silicon manufacturing technology. For example,



Neuropixels 2.0, a miniaturized high-density silicone-based probe, has total of 1280 channels on
one shank with a profile of 10 mm x 70 pm x 24 pm [39]. However, rigid HDMEAS often
encounter limitations [11, 40, 41], including inflammatory response, tissue damage, limited long-
term stability, and biocompatibility issues.

Flexible MEAs, often fabricated from soft materials like polyimide or parylene, can adeptly
mold to the neural tissue and provide less mismatch between interfaces and brain tissue, reducing
the risk of tissue damage and ensuring a more stable, intimate interaction with neurons [42].
Furthermore, the adaptability of flexible MEASs allows them to accommodate physiological
changes and movements within the brain, maintaining consistent interfacing and thereby
supporting the longevity and robustness of the BMI system [43, 44]. Consequently, flexibility in
MEAs is not merely a beneficial attribute but a quintessential one, ensuring the viability,
reliability, and efficacy of BMIs in both research and clinical applications. Further merging the
benefits of both, flexible HDMEAs bring the adaptability of flexible substrates to high-resolution
electrode arrays, proving invaluable for discerning intricate neuronal dynamics, especially in
dynamic or soft tissue environments where precision and conformability are paramount [45].
Flexible HDMEAs integrated with different stimulation modules, such as electrical[46],
chemical[47], optical [48]), stimulation techniques.

Apart from flexibility and high density, the ideal profile of flexible HDMEAs for BMIs
comprises several crucial attributes. These include biocompatibility [49], high-quality
performance [26], and long-term stability [50, 51], etc. However, the development of flexible
HDMEAs with these ideal properties entails confronting both the general challenges inherent to
HDMEAs and specific challenges unique to their flexible design, encompassing mechanical [52],

electrical [53, 54], biological [51], chemical [49], and interconnection issues [55]. In response,
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researchers employ strategies spanning material exploration [56], flexible HDMEA design
innovation[57], advanced fabrication strategies[19, 58, 59], engineering optimization[46, 60, 61],
and holistic combination strategies [62, 63], aiming to enhance performance and minimize risks in
flexible neural interfacing devices.

3.3.2. Definition of High Density

For a long time, we lacked a clear definition of HDMEAs. Among the published studies,
MEA s that labeled high density have electrode densities ranging from less than one channel per
square millimeter to thousands of channels per square millimeter. The variability in HDMEA
definitions can be attributed to application-specific density requirements—high for brain neural
spaces under 100 pm and lower for muscular targets over several thousand square microns[64,
65]—and the diversity in materials and technologies, which results in differing channel densities,
ranging from a few to thousands of channels per square millimeter. In a recent paper, the high
density was defined as the spacing among electrode sites being no more than 100 um[66].

3.3.3 Design and Fabrication Principles of Flexible HDMEAs

The fabrication of flexible HDMEASs requires a comprehensive strategy that seamlessly
integrates device geometries, material selection, fabrication techniques and approaches, surface
modification and packaging methods, etc. Key considerations in fabrication of flexible HDMEAs
are discussed below.

(1) Device geometries of a HDMEA encompass the spatial and physical configurations,
including the arrangement, shape, size, and spacing of the electrodes, along with the overall
structure of the device. This involves the meticulous layout of electrodes, which can vary in shape
and size, and are strategically spaced to capture localized neural activity effectively. The shape

and spatial configuration of HDMEAs are crucial for neural interfacing, with designs ranging
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from flat, planar structures[67] to complex, curved[68], or three-dimensional (3D) forms[57, 69,
70] tailored to specific anatomical contexts, such as the cortical surface or deep brain regions. The
overall shape impacts the HDMEA's ability to establish a stable interface with neural tissues, its
mechanical stability, and its long-term biocompatibility, while the arrangement of electrodes—
potentially organized in grids[71], linear arrays[72, 73], fiber shape[74] or intricate patterns[61,
75] and their individual shapes and sizes are meticulously crafted to enhance signal acquisition
and stimulation capabilities.

(2) The selection of electrode materials, encompassing not only the substrate but also the
conductive elements, insulating materials, and materials utilized in other components, holds
critical importance in the development of flexible HDMEAs. For substrates in neural interfaces,
the most commonly used materials encompass polymers, such as polyimide [76, 77],
polydimethylsiloxane (PDMS) [78, 79], parylene C [80, 81], as well as other materials such as
silk [82], medical adhesive tape [83], hydrogels [84], predominantly chosen for their
biocompatibility, flexibility, and electrical insulation, ensuring safe and stable interfacing with
neural tissues. An ideal electrode material needs to meet at least the following requirements: (1)
compatible with cell/tissue without causing any changes in physiology and viability, (2) have
good conductivity and low impedance to ensure a high signal-to-noise ratio (SNR), (3) have
stable mechanical, physical and chemical properties in the physiological environment[85]. The
selection of substrate materials is usually based on the properties such as electrical insulation,
biocompatibility, durability, transmittance, etc. The most widely used electrode materials are inert
metals, such as gold (Au), platinum (Pt), platinum black, iridium (Ir) and iridium oxide (IrOx),
renowned for their high conductivity and biocompatibility, but many promising new materials

have been developed for various needs in recent years.
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(3) The development of flexible HDMEAs also necessitates careful consideration of
fabrication methods, surface modification techniques, and packaging strategies to ensure optimal
performance and durability in neural interfacing applications. Fabrication methods for Flexible
HDMEAs intertwine various techniques to construct devices tailored to specific neural interfacing
applications, with conventional MEAs often leveraging photolithography, etching, and physical
vapor deposition to meticulously pattern and construct electrodes on typically rigid substrates like
silicon. Surface modification of flexible HDMEA includes changes in surface chemicals and
morphology, which can not only affect the surface area and change the impedance to improve
SNRJ[53, 86], but also facilitate cellular adhesion of neurons to the surface of flexible
HDMEASs[69]. Besides, packaging strategies are crucial to the reliability and lifetime of flexible
HDMEA [87-89]. Suitable packaging should ensure the hermeticity for HDMEAs, to protect the
inner parts of the HDMEASs from the physical environment, and to protect the host from any
injury caused by chemical leakage or electrical leakage[87, 90].

3.3.4. Examples of State-of-The-Art Flexible HDMEAs

Neuralink introduced a scalable high-bandwidth BMI system. This system includes arrays of
96 flexible polymer threads, each with 32 electrodes, yielding a total of 3072 electrodes [72]. The
electrodes are made of gold and treated with surface modifications by using the electrically
conductive polymer poly-ethylenedioxythiophene doped with polystyrene sulfonate (PEDOT:
PSS) and IrOx, in order to lower the impedance for electrophysiology and increase the effective
charge-carrying capacity of the interface. The electrode array is packaged with polyimide into a
compact implantable device with custom chips for low-power amplification and digitization. The
entire package for 3072 channels is less than 23x18.5>2 mm?. The thin-film HDMEAs provide

superior brain tissue compatibility and precise, robot-assisted placement for targeted brain
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mapping. Their compact design integrates a high-channel-count application specific integrated
circuit (ASIC), optimizing size and power efficiency.

Uguz and Shepard [75] presented a high-density, mechanically flexible subdural surface
microelectrode array for spatially controlled, bipolar, cortical stimulation. The electrodes are
made of gold, coated with PEDOT: PSS, and packaged by an ultrathin film (4 pm) parylene.
These electrodes have a diameter of 15 jum and pitch of 40 pm. with high-capacitance (>1 nF) and
single neuronal resolution, the electrodes can be programmed to shape the charge injection front
selectively at depths approaching 300 m with a lateral resolution better than 100 pm. To
combine surface stimulation with electrical depth recording, the flexible HDMEA incorporates an
implantable shank on the same substrate. The shank extension has 10 electrodes reaching down to
500 pm below the pial surface.

Zhou et al. [45] developed a neuro-probe system, mimicking mosquito mouthparts, with four
shanks, each housing 32-channel electrodes, totaling 128 channels(shown in Fig. 1.2A).
Polyimide was used as its insulation layer, and metal stack of 5 nm chromium/150 nm nickel/50
nm gold was used as conductive layer. The flexible HDMEAs are 2.5 pm thick and 105 pm wide.
The electrodes measure 25 x 15 um? in size and are spaced 70 pm apart. These arrays were
mounted on a sharpen tungsten wire to facilitate the insertion process. Each of the shanks could
be inserted into the brain independently to target different regions. The system also has sensitive
sensors to monitor insertion pressure without visual aid. It offers early warning detection for
delicate intracranial tissues like vessels, minimizing the risk of damage during implantation. The
system demonstrates outstanding postoperative performance, with a unit yield of up to 57%

recorded 12h after surgery, and 77% of unit activities being tracked from 4 to 12 weeks.
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This recent advances highlight the applications of flexible HDMEAs in closed loop BMiIs.
The summary of the most recent flexible HDMEAs integrated in closed-loop BMIs over the past
five years is shown in Table 1.1.

4. CHALLENGES AND STRATEGIES IN DEVELOPING IDEAL FLEXIBLE HDMEAS
4.1. Challenges in Developing and Applying Ideal Flexible HDMEASs

Although the aforementioned state-of-the-art flexible HDMEAs have advanced the field in
various aspects, the development of an ideal flexible HDMEA still requires further improvements.
For instance, in terms of density, Neuralink has increased the electrode count to 3092 through
multiple threads [72], yet the density per thread still significantly lags behind the most advanced
rigid-based HDMEAs. Moreover, the insertion of flexible electrodes remains a significant
challenge. Although robots [72] and specially designed insertion tools like mosquito mimic
needles [45] can enhance insertion precision and reduce damage, these auxiliary methods, despite
their improvements, cannot completely eliminate the direct brain tissue damage caused by the
insertion assistants. Additionally, implants designed for human brain applications are expected to
be reliable over long periods, potentially spanning years, but research into their long-term stability
is not yet exhaustive. In essence, the development of flexible HDMEASs encounters several
common challenges, and the creation of an ideal flexible HDMEA involves addressing both the
general challenges inherent to HDMEAs and specific challenges unique to their flexible design.
These challenges encompass mechanical, electrical, biological, chemical, and interconnection
issues, among others, which will be thoroughly discussed in the following text.

4.1.1. Mechanical Challenges
Except the general mechanical failures for MEAs, flexible HDMEASs present unique

mechanical challenges rooted in their respective material and structural properties. The main
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failures of flexible HDMEAs in mechanical aspect could be classified into three types: (1)

intrinsic failure of stable function, (2) insertion failure, and (3) failure to long time use in

physiological environments.

Table 1.1 Summary of the most recent flexible HDMEAs integrated in closed loop BMls

Electrodes Center to electrode ackagin lifetime
References Electrode size center X P aing being
Numbers : materials materials
distance tested
Dia =20 pm, 25
(Fan et al. 2023) 16 LM, 30 Lm 150 pm Cr, Au Parylene 28 days
(Z\égj?)rfla etal. 4 Dlalgo43 Hilm’ 100 pm* Ti, Au Parylene 8 weeks
(Ka;(’;g;)t al. 30 1910 pm2 50.9 um Ti, Au Polyimide 24 hours
(th%uzg; al. 128 N/A N/A Au Polyimide 16 weeks
(Cg'okzezt) al. 8 20 x40 pm 50 pm Au Parylene 5 weeks
Dia =10 pm, 22
(Eickenscheidt pm, 50 pm, 150 Indium tin .
et al. 2022) 60 um, 582 i, 200 pm oxide Polyimide N/A
1000 um
(Wgragze)t al. 8 Dia =25 um 70 pm Cr, Au Polyimide N/A
(Sp«;rg;/le)t al. 60 100 pm2 40 Lm Platinum Polyimide 6 weeks
(lengzgt) al. 16 Dia =30 pm* 100 pm* Au Polyimide 2 weeks
(SI|\/260I ;% ;at al. 24 25 umH;S 0/70 50/70 pm Ti Parylene N/A
(Gggzelt)a" 8 Dia =25 um 70 um CriAu Polyimide N/A
(Yu et al. 2021) 32 30 pm x 30 um 200 um* Cu Polyimide N/A
(Wz;r(;% 2e)t al. 8 Dia =25 um 70 um Cr/Au Polyimide N/A
Shgggrl:fz%nzdzb) 8 Dia=15 um 40 pm PEDOT:PSS  Parylene 20 days
(Seo, Kim, and o . PDMS,
Kim 2020) 20 Dia=150 um 350 um Ti, Au Parylene-C N/A
30 %30 and 40
(Esteban- 40 pm? for raphene or  Polyimide
Linares et al. 16 graphene, and 200 pm g 1Ei/Au P)[/)MS ’ N/A
2023) 60 <60 and 80
x 80 um? for Au
(Yang, Paulk, et 128 Dia =30 um 50 pm PEDOT:PSS  Parylene C N/A

al. 2021)

*The value comes from an estimate of the pictures provided in the original articles.

16



The intrinsic failure of stability function emerges from the very nature of the flexible
HDMEA, regardless of its operational environment. Typical problems include physical fracture or
cracking of the electrodes, damage to the metal layer via corrosion, delamination due to poor
adhesion between layers, the failure of the insulation layer led by pinholes or water penetration
[52], thereby preventing the development of flexible HDMEAs.

The insertion of flexible HDMEAs into biological tissues introduces a substantial
challenge[19]; maintaining vital flexibility, and/or minimizing cross-sectional dimensions might
undermine stiffness, potentially jeopardizing the requisite rigidity for accurate insertion and
inadvertently causing microelectrode buckling, tissue damage, or electrode misplacement [43].
The challenge arises if the stiffness of flexible devices is insufficient for neural tissue penetration,
which often resulting in a more complex and less preferable insertion procedure [44, 91].

The harsh biological setting where electrodes are placed can compromise their mechanical
stability, especially long-term post-implantation [41, 92]. This environment can induce electrode
fracture, corrosion, delamination, swelling, dissolution, and mechanical stress, notably in the
presence of continuous electrical stimulation [41].

4.1.2. Electrical Challenges

Developing HDMEASs suffers from high initial impedance because of the small-feature
geometry, so that smaller electrodes are inherently noisier, exhibit worse recording quality, and
are less functional because of decreased maximum possible stimulating current[53]. The rational
impedance magnitude of electrodes at 1 kHz will be needed for quality recording. At least 40-150
kQ is necessary in order to achieve the selective detection of the action potential from a single
unit, but electrode’s impedance greater than 5 MQ recording of neural signals is overpowered[93,

94].
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Even though the electrodes implanted into tissues for recording performed well in the acute
phase, the performance was inconsistent and even lost the recording ability over a longer period
[95]. Impedance will increase as diffusional barrier is formed in the body[95, 96]. Encapsulation
failure and electrode breakage are another issue that might happen over time. A long-term in vivo
study indicated that failure of the insulation material is the most significant factor in the reduction
of both signal quality and impedance of implanted electrodes [97].

Crosstalk is another limitation of high-density recording devices, which may occur between
electrodes if the space is too close, resulting in low SNR, signal transmission error, or signal loss
[98, 99]. For neural applications, the crosstalk level has to be below 1% of the recorded signal
level to make it negligible compared with the background noise [100].The electrode spacing
should also be well designed, in which HDMEASs work in an excellent spatial solution with
minimum crosstalk between electrodes [101].

In neural stimulation, the perfect electrode requires a robust storage capacity to seamlessly
transmit current pulses, simultaneously curbing potential variations at the electrode/tissue nexus,
thereby mitigating electrode polarization and thermal accumulation [102], which is a task that's
notably arduous for flexible HDMEAs.

4.1.3. High-density Interconnection Challenges

Apart from the neural interface device itself, there's an inconspicuous yet critically important
technical challenge: the integration of flexible sensor and backend stage [55]. This unique
challenge restricts system integration and directly affects the stability and performance of
HDMEASs[103]. SNR and low latency can potentially be improved through advancements in
algorithms and backend technologies [104-106], but the wiring issue is the true critical problem

that deeply troubles HDMEA designers. Traditional silicon-based probes, benefiting from the
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development of modern electronics, have various mature and stable connection methods.
However, the flexibility of the HDMEA:s itself becomes a challenge for stable connections with
subsequent systems [107, 108]. Setting stability aside, the hundreds or even thousands of
connection points on HDMEAs make manual connections extremely difficult without specific
tools or methods. This also restricts the possibility of expanding more electrodes on flexible
HDMEAs [109]. The reliability issue of the soft-hard interface presents an additional challenge
for making high density interconnection between flexible HDMEAs and backend electronics. The
instability caused by inconsistent stress/strain concentration at the interface of two mechanically
dissimilar materials can lead to delamination failure.
4.1.4. Chemical Challenge

In the existing literature, comprehensive reviews [41, 110, 111] discussed major chemical
challenges of developing and applying MEAs in biological circumstances. Here we provide a
concise overview. The challenges posed by the chemical environment to flexible HDMEASs are
multifaceted, which include (1) the effects of the physical chemicals on electrodes, (2) the effects
of the chemicals from the HDMEAs to the host tissues, and (3) stability for the long-term use.
The physical intricate mix of organic and inorganic chemicals can impact the performance and
longevity of the flexible HDMEAs. Despite the diverse materials and methods used in the
fabrication of MEAs, many are not adequately prepared to handle the demanding physiological
conditions. The physical chemical environment can threaten the stability of MEAs over both short
and long durations, owing to a range of organic and inorganic reactions.

Additionally, the electrode's inherent chemical instability can be potentially harmful to the
organism. Pt, for instance, has long been regarded as highly biocompatible and non-toxic.

However, a recent study by Shepherd et al. [49] revealed that prolonged stimulation (lasting 6
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months with a charge density of 267 pC/cm?/phase) of Pt electrode arrays led to a notable
production of Pt particulates. This, in turn, resulted in an escalated fibrous tissue response and
weakened the quality of long-term records.
4.1.5 Biological Challenge

Biocompatibility is a crucial criterion for materials utilized in biosensors, ensuring they
integrate harmoniously within biological environments. Yet, even when employing these
biocompatible materials, inherent biological challenges continue to arise and need
addressing[112]. Risks that can cause damage to the tissue and induce an acute inflammatory
reaction include direct damage during surgery, mismatches between the electrode and tissue,
micromovements of the electrodes, toxic damage by released chemical from the electrodes, etc.
The body's responses to implanted HDMEAs include acute [40, 113, 114] and chronic [51]
immune responses and damage repair processes, involving several distinct cell populations, such
as erythrocytes, glial cells, neurons, etc. The processes include:

e Direct damage of the target tissue caused by the implantation of electrodes. The
implantation of electrodes can mechanically cut or tear the target tissue, resulting in direct
damage to local cells and blood vessels. This can lead to the entry of blood components
(normally blocked by the blood-brain barrier) into brain tissue. Serum proteins, such as
fibrinogen and albumin, adhere onto the surface of the electrode [40]. If the electrode
materials of the HDMEAs are not biocompatible, they can cause local cell poisoning,
irritation, and edema or even death. This, in turn, will further increase hydrostatic pressure
around the electrode and harm more neurons, affecting the HDMEAs from collecting

effective neuronal electrophysiological signals.
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e Acute inflammatory reaction. The earliest inflammatory response can be caused by
the erythrocytes, clotting, activated platelets, and blood vessels releasing factors due to
vascular damage [113, 114]. Serum proteins promote the activation of microglia and
macrophages, which then cause inflammation near the electrode surface [40]. Microglia
cells, one of the major glial cell types involved in wound healing response in brain, are
activated after implantation and release a large number of chemicals, including neurotoxic
factors such as chemokines, cytokines, reactive oxygen species, and neurotransmitters.
Neurons near the electrode (about 100 pm around the electrode, affected by the
implantation process) suffer from direct damage and injury from these cytokines or
exogenous chemicals, thereby resulting in a decrease in neurons around the
electrodes[113]. As such malfunction of the electrode can happen among the surviving
neurons.

e  Chronic body response. Chronic body response to HDMEAs is mediated by active
astrocytes and activated microglia. After the early wound healing, activated microglia
around the electrodes releases enzymes and reactive oxygen species to destroy external
substances, which are eventually phagocytosed by microglia. Microglia also regulates the
production of extracellular matrix (ECM) proteins which contribute to the formation of
glial scars. Some external substances that cannot be cleared by microglia, such as
implanted electrodes, will lead to further immune activation and glial cell proliferation.
Ultimately, astrocytes proliferate and lead to the formation of glial scars around the
electrode, preventing further damage. The presence of the probe in the tissue can trigger a
continued foreign body response [50], especially when a mismatch exists between the

electrode and tissue and micromovements happened [115, 116]. Neurons lose their
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electrical activity after surviving from acute reaction [96], resulting in reduced signal
sources. The formation of glial scar can isolate the electrode from the surrounding neurons,
reducing signal transmission by increasing the impedance of the tissue-electrode interface
[51] and the distance between the electrode and target neurons [117].

4.2. Strategies and Advances in Developing Next-Generation Flexible HDMEAs
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Figure 1.2. Reported strategies for advanced flexible HDMEAs. (A) Multifunctional biomimetic neural
probe system, with multichannel flexible electrode array and high sensitivity sensor array. Adapted with
permission from [45] Copyright 2023 The Authors. (B) PPy/SWCNTs-modification on microelectrodes for
electrical stimulation and detection. Adapted with permission from[118]. Copyright 2023 The Authors.
(C) A periodic arrangement of stretchable ACF (S-ACF) incorporated within a thermoplastic block
copolymer film. 1) Scheme for the fabrication of the S-ACF. II) Left: Cross-sectional SEM image taken
after the particle assembly in the template. Right: Cross-sectional SEM image of the S-ACF after the hot
pressing. Ill) Optical images of the S-ACF when stretched (¢ = 100%) and strain released (¢ = 0%).
Adapted with permission from [119] Copyright 2021 The Authors. (D) 3D-printed arrays for neural
recording. Adapted with permission from [69] Copyright 2023 The Authors.
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4.2.1 Materials Advancement

Recent advancements in HDMEAs involve utilizing new materials for substrate and/or
electroactive components or innovating with traditional materials to endow them with flexible
properties. Compared to traditional materials, the newly developed materials possess unique
properties specifically designed to address the demands of creating flexible HDMEASs. These
properties include enhanced stretchability, better mechanical control, greater flexibility, and
superior conductivity, among other advantageous characteristics. As a result, they are better
equipped to tackle challenges in the mechanical, electrical, chemical, or biological domains. Some
reviews by Gablech and Glowacki [120] and Tringides and Mooney[121] have been discussed
about the material advances in MEAs development, thus we will just give an overview in this
part.

To enhance biocompatibility, flexibility, and overall performance in neural interfaces, the
advancement of substrate materials for flexible HDMEASs has incorporated innovative options
such as hydrogels, silk, and polymers. Hydrogels, networks of hydrophilic, cross-linked polymer
chains, have emerged as promising candidates for the next generation of bioelectronic interfaces
due to their mechanical property similarity to biological tissue and versatility across electrical,
mechanical, and bioengineering fields [74, 122]. Nevertheless, hydrogels also present challenges
as substrate materials for flexible HDMEAs. Hydrogels' low Young's modulus can cause
mechanical instability and deformation, their susceptibility to swelling and dehydration may alter
interface stability, and their fabrication complexity restricts shaping for varied applications. By
using the natural silk as an optical waveguide material, Zhou et al. [73] presented and flexible
opto-electro neural probe, in which electrode arrays of 128 recording channels were integrated on

a single probe. Silk has high transparency, excellent biocompatibility, and mechanical
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controllability. The Silk-Optrode probe, upon hydration of the silk optical fiber, autonomously
adapts to its post-implantation environment, minimizing its mechanical stiffness to facilitate high-
fidelity brain insertion while preserving mechanical compliance with adjacent tissue.

To improve the flexibility of the conductive parts, graphene [123], carbon nanotubes (CNTSs)
[124, 125], and conducting polymers (CPs), such as PEDOT:PSS [126] have been developed for
neural interfaces. Graphene, renowned for its notable flexibility and electrical conductivity, has
become a pivotal material in neuronal interface studies and has been utilized to fabricate a range
of flexible and stretchable electronic devices [127]. Still, it is vital to concurrently acknowledge
and investigate its potential drawbacks, including long-term in vivo toxicity. Pure PEDOT: PSS
hydrogels is brittle yet presents a high conductivity on the level of ~ 40 S/cm. However, Li et al.
[128] created a highly conductive and stretchable double-network (DN) conducting polymer
hydrogel from PEDOT:PSS and poly(vinyl alcohol)(PVA) and achieved through in situ
aggregation and densification, offering promising characteristics like high PEDOT:PSS content,
electrochemical properties, and biocompatibility for potential use in bioelectronic applications.
Hong et al. (Hong et al. 2022) developed flexible and transparent ultrathin (<10 nm) gold MEAs
by using a biocompatible polyelectrolyte multilayer (PEM) metallic film nucleation-inducing seed
layer. With the polymer seed layer, the ultra-thin gold film created through thermal evaporation
exhibits effective conductivity, along with high optical transparency and superior mechanical
flexibility. Furthermore, liquid metals (notably eutectic gallium—indium, EGaln) have garnered
significant interest in the realm of stretchable biodevices [129], due to their exceptional

mechanical attributes, electrical conductivity, and biocompatibility.
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4.2.2 Design in Geometries and Shapes

The utilization of dual-side design has emerged as a vital strategy to increase the electrode
density in flexible neural interface applications across several research papers. By employing a
dual-side design, it is possible to enhance electrode density without enlarging the probe’s
dimensions or reducing electrode size, thereby circumventing associated electrical challenges.
Scholten et al. [19] introduced a novel polymer-based microelectrode array with an impressive
512 platinum recording electrodes, optimized for chronic recordings in the brains of behaving
rats, and showcase advancements in polymer microfabrication and back-side electrode patterning.
In the work of Kim et al. [130], a dual-side fabricated multimodal polymer neural probe was
developed, featuring gold and platinum microelectrodes. Although a strategy of using multilayer
with a sacrificial layer on the bottom could fabricate dual-sided flexible HDMEAs, it introduces
challenges, such as misalignment during the multiple lithography processes[1]. A more
straightforward and efficient method is still needed. Soft and stretchable electronics have been
developed to create HDMEAS that can better conform to the brain's surface and accommodate its
natural movements. With some ingenious designs, these devices not only exhibit greater
flexibility and stretchability but also reduce mechanical issues common in traditional designs.
Moreover, due to improved contact between the electrode and tissue, they can ensure enhanced
electrical performance. The stretchable opto-electric integrated neural interface (SOENI) is
designed to align with the mouse brain's somatomotor and somatosensory cortices [68]. It features
a 3x3 microelectrode grid, 2x2 micro-LEDs, and a large reference electrode. Embedded within
two silicone elastomer layers, the SOENI combines photostimulation and recording electrodes,
with microscale light emitting diodes (LEDs) connected using a flip-on-chip method, aligning

their illuminated surfaces with the microelectrode sites. Serpentine-shaped metal interconnecting
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wires were designed to improve the stretchability. Similar serpentine structures were also used in
some other latest microsystems [131, 132].

Mesh-like electrode designs have also been explored in order to improve the conformability of
HDMEA:S to the brain's surface and minimize mechanical stress on cell or tissue. For example, Le
Floch et al. [57] reported "tissue-like" stretchable mesh nanoelectronics designed to align with
brain organoids' mechanical properties, which can be folded into 3D structures by progenitor or
stem cells, facilitating three months electrophysiological measurements. Inspired by implantable
mesh electronics and organoid polymer scaffold growth, McDonald et al. [70] developed
suspended mesh microelectrode arrays for neural organoids, incorporating four wells, each
containing a mesh and 61 microelectrodes, which are adept for low-noise recordings and electrical
stimulation with their sub-100 kQ impedance at 1 kHz. These HDMEAs emphasized their ability
to improve conformability to the brain's surface and minimize mechanical stress. These designs
represent a significant shift towards structures that are more adaptable and less invasive than
traditional electrodes.

4.2.3 Surface Modification Strategies

Surface modification strategies not only address the challenges of electrical, mechanical, and
biological compatibility but also significantly enhance the overall performance of HDMEAs. A
common method of surface modification is adding a layer of special materials on the electrode
surface to change the electrode's properties. These materials include metals [133], conductive
polymers [134], nanostructures [135, 136], and bioactive substances [137, 138]. PEDOT and its
derivative are used to improve the electrical properties [1, 133] and modify the physical
properties, such as transmittance [139]. The application of CNTs significantly increases the

surface area, thereby increasing the charge storage capacity and the injection limit, with other
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benefits such as good adhesion, non-toxicity, and stable properties [135, 136]. Yang et al.[118]
used polypyrrole/carboxylated single-walled carbon nanotubes (PPy/SWCNTSs) nanocomposites
for electrode modification(shown in Fig. 1.2B). The nanocomposites not only improved the
performance of microelectrodes with low impedance (60.3 +/- 28.8 kappa O) and small phase
delay (-32.8 +/- 4.5.4 degrees), but also presented stability for in vivo stimulation and recording
for 21 days. Neuroadhesive protein coating improves the chronic performance of neuroelectronics
in the mouse brain [137].

Innovations in surface topology, with or without additional coating, have demonstrated
improved recording quality compared to traditional planar electrodes. Mushroom-shaped
microelectrodes improved the recording quality compared to planar MEA [140]. The enhanced
microscale wrinkles on microelectrodes were obtained by oil extraction from the elastic substrate
and electroplating modified materials PEDOT: PSS and platinum black (Pt-black) on the wrinkled
microelectrode sites improve the total device performance in electrocorticography (ECoG) signal
recording without causing any cracks, delamination, or exfoliation [141].

4.2.4 Connection Strategies for Flexible HDMEAs

Anisotropic conductive film (ACF) bonding process has become a feasible approach to
address the high-density interconnection challenges of flexible devices [103, 142] , yet, the high-
temperature, high-pressure bonding process limits the use of some flexible materials. However,
Hwang et al.[119] introduced a stretchable anisotropic conductive film (S-ACF) capable of
connecting high-resolution stretchable circuit lines to various electrodes, addressing the challenge
of high-resolution stretchable interfacing at low temperatures through conductive microparticles

in a thermoplastic film(shown in Fig. 1.2C).
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Diverging from ACF, manufacturing a standard flat flexible cable (FFC) directly on the
sensor to accommaodate different connectors is also a viable approach. The zero insertion force
(ZIF) connector can address the connection issue to some extent [143, 144], especially with its
mechanical connection features, allowing sensors to be easily disconnected. This provides many
conveniences for wearable, disposable HDMEAs. The easy-to-replace feature also makes it
convenient for researchers to replace damaged sensors, which is especially valuable in some
destructive experiments. However, this method seems a bit cumbersome when facing thousands
of connection points. Especially the weight, size, and cost of the ZIF connector further restrict its
application scenarios. The simplest method is to directly flip the sensor and affix the designed
FFC directly onto a printed circuit board (PCB) or flexible PCB with conductive adhesive [55].
This method is straightforward, low-cost, and very suitable for HDMEAs with a smaller number
of electrodes or in the prototype stage.

The instability of soft-hard interface can be addressed by either enhancing the adhesion
between the materials or avoiding sudden changes from soft to hard, that is, by adding an
intermediate layer/buffer layer to mitigate the transition. Ideally speaking, making the entire
backend into flexible devices to form a fully flexible system would be best. By eliminating the
differences between materials, this problem can be completely addressed. Zhang et al. report a
capacitive pressure sensor [145]. Impressively, this sensor used CNT-doped PDMS, achieving
both electrode and insulating materials using CNT-doped PDMS through tuning different doping
concentrations. To some extent, this realized part of the full-flexibility goal. Such partial
implementation alone resulted in surprisingly stable performance; the device remained stable even
after 100,000 deformation cycles. This further confirms that aiming for a fully flexible design is

undoubtedly a solution to the soft-hard interface issue.
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4.2.5 Advances in Fabrication Techniques and Strategies

Various recent fabricating strategies, including multi-layer strategies[146] and dual-sided
micropatterning[147-149] , have been proposed to attain high-density probe capabilities without
enlarging the poflymer neural probes' dimensions. Meanwhile, the advances in fabrication
techniques also facilitate the development of flexible HDMEAs. Traditional fabrication
techniques, such as photolithography, have significantly advanced the development of flexible
HDMEAs, yet they come with limitations, including intricate processes, challenges in fabricating
3D structures, and precision constraints. Recently, emerging technologies, such as precise laser
ablation and laser lithography, have introduced more streamlined, direct, and even more accurate
methods for making complex electrode structures.

3D printing techniques, such as laser ablation, laser patterning inkjet printing and direct laser
writing, facilitate the streamlined fabrication of planar and 3D microelectrodes (Fig. 1.2D)
without the need for photolithography and etching by eschewing multi-step procedures for a more
straightforward implementation[38, 69, 150-152]. For example, soft and flexible gold
microelectrodes with widths down to 3 um were fabricated on a pliable PDMS substrate through a
combination of supersonic cluster beam deposition and femtosecond laser processing[150]. Inkjet
printing, garnering popularity for creating MEAs by directly depositing microelectrodes onto the
substrate through single-step fabrication, facilitates the use of softer substrates compared to
photolithography and permits the use of alternative conductive inks like PEDOT:PSS for printing
conductive lines on soft substrate. However, it does come with the drawback of being notably
expensive.

To effectively reduce crosstalk between interconnects, it is necessary to increase the distance

or add a shield layer [98, 153]. Spacing them too far apart will inevitably increase the cable width
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and enlarge the overall system size. The core contradiction lies between the excessive number of
wires and limited space. Some designs compensate for width by adjusting thickness, that is, by
using multiple layers to reduce the number of wires that each single layer needs to accommodate
[154, 155]. Passive matrix and active matrix have become the mainstream architectures to address
the signal readout of the array [103, 156]. The passive matrix design is relatively simple,
consisting of intersecting rows and columns, with sensors set at the intersections[143, 157].
However, the crosstalk between sensors limits the quality of the signal. The active matrix
addresses the crosstalk issue by adding switching units, such as diodes, to the electrodes [158,
159]. With the ideal performance comes complex circuit design requirements and internal
structural issues. Nowadays, the flexible active matrix has become a mature technology used in
the commercial display industry, which is worthy of designers' study.
5. APPLICATIONS OF MEAS IN NEUROSCIENCE

The advent of MEAs has significantly advanced the field of neuroscience, providing profound
insights into neural dynamics at an unprecedented resolution[2]. MEASs have been playing across
various neuroscience disciplines, ranging from cultured neural cells[160], neural organoids[161-
164], and animal neural models(such as insects[1, 165], rodents[166-168], and Nonhuman
Primate Brain[169, 170]) to complex clinical applications [171-173]. MEAs have been
instrumental in mapping neural circuitry and decoding brain activity, facilitating the development
of brain-computer interfaces (BCIs) that promise to restore motor function and communication in
individuals with severe neurological disorders[2].

Beyond human neural applications, MEAs have been adapted for use in various animal neural
models, providing a bridge between cellular studies and human clinical applications. This has

enhanced our understanding of disease models, as well as providing innovative diagnosis and
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therapeutic strategies. The study of extracellular neural responses in the antennal lobe neurons of
live locusts, triggered by volatile organic compounds (VOCs), is particularly remarkable[165].
Biological olfaction is highly sensitive, capable of detecting VOC concentrations ranging from
parts per billion (ppb) to parts per trillion (ppt), and can discern subtle changes in gas
mixtures[174-180]. The locust olfactory system serves as an excellent model for detecting lung
cancer VOC:s. In this system, VOCs are initially perceived by olfactory receptor neurons (ORNS)
in the antennae, which convert chemical signals into electrical impulses. These impulses are then
relayed to the antennal lobe (AL), where they are further processed by a complex network of
excitatory projection neurons (PNs) and inhibitory local neurons (LNs)[181, 182]. The precision
and sensitivity of MEAs make them highly effective for such bioelectronic applications as VOC
detection. Utilizing principles of neural activity monitoring, MEAs can detect biochemical
signals, thereby broadening the scope of biomedical diagnostics. Integrating MEAS with
biochemical sensing technologies enables researchers to identify specific VOC patterns associated
with various diseases, including cancer. This could revolutionize early diagnosis and monitoring
with non-invasive methods, highlighting the versatility of MEAs and their potential to innovate
diagnostic tools in medical science.
6. SUMMARY

This chapter outlines the challenges and advancements in microfabrication techniques that
enable the creation of such high-density, flexible neural interfaces. It also previews the
applications of these MEAs in the context of neuroscientific research and biomedical diagnostics.
MEAs have transformed neuroscience by offering unprecedented resolution in studying neural
dynamics and finding applications across various fields, including cultured neural cells[160, 183],

organoids, animal models, and clinical use [168-178]. They are pivotal in mapping neural circuits,
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decoding brain activity, and driving innovations in brain-computer interfaces (BCIs) to restore
motor and communication abilities for individuals with severe neurological disorders [168].

The utilization of dual-side design is one of the vital strategies to increase the electrode
density in flexible neural interface applications [1, 2]. This approach enables higher electrode
density without increasing the probe's size or reducing individual electrode dimensions,
effectively avoiding the electrical challenges that often accompany such adjustments. We
therefore will introduce unique and innovative fabrication strategies on developing flexible dual-
sided MEAs in this dissertation. Chapter 2 will focus on the detailed methodologies and materials
used in the construction of dual-sided MEAs. These flexible micro-probes developed initially
adapted for the small brain structures of insects also provide a precise tool for neural recording in
the intricate structures of more complex brains as well. This unique microfabrication method
offers a groundbreaking approach to fabricating scalable, high-density electrode devices, holding
significant promise for neuroscience and neurology. Chapter 3 will explore the application of
flexible dual-sided MEAs by recording and decoding VOC evoked neural signals for early phase
human lung cancer detection. By recording and decoding neural responses to volatile organic
compounds, which are indicative of early-stage lung cancer, these flexible micro-probes offer a
promising non-invasive tool for early cancer detection, potentially transforming approaches to

diagnosis and monitoring in clinical settings.
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CHAPTER 2: DEVELOPMENT OF FLEXIBLE DUAL-SIDED MICROELECTRODE
ARRAYS

1. INTRODUCTION

In the dynamic field of neuroscience, the need of electrophysiological recordings from insect
brain neurons has become essential, not only for understanding complex neuronal functions but
also for classifying neural responses to external stimuli, especially in the context of biodetection
[181, 182]. Particularly noteworthy is the study of extracellular neural responses in live insect
(locust) antennal lobe neurons, triggered by VOCs[165]. To enhance the recording and analysis of
neurophysiological signals in insects and to broaden the scope of potential applications of insect
neural models, it is essential to develop special recording electrodes that can record from large
number of neurons, simultaneously, in a tight space, and responds reliably over time. Tetrodes are
commonly used in insect neural recordings [184, 185], but are limited by their design with only
four widely spaced electrodes, rendering them relatively inefficient for detailed neural signals.
MEAs present a more promising alternative [39, 166, 186-188]. Yet, in insect brain neurology,
there is a growing need for flexible, multi-channel, or even high-density MEAs (HDMEAS).
However, current research in this area still faces several gaps. First, the majority of existing
HDMEAs are tailored for humans, rodents, or large animals, with only a few designed with the
unique requirements of insects in mind. However, the brain of a locust is much smaller than a rat's
hippocampus, with its antennal lobe having an effective area of about 500 pm in diameter. Even
the most advanced HDMEAs available today, such as silicon-based Neuropixel 2.0 [186, 188] that
have a distance of 175 pm from electrode to tip, are too large for effective use in such small brain
regions. Second, high spatial resolution MEASs are necessary due to the inefficiency of using

conventional MEAs with electrode sizes larger than 20 m and/or distances exceeding 100 pm,
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given the small size of the locust brain and its limited dimensions. The high-resolution multichannel
MEAs provides benefits in neural voltage recordings with high spatial and temporal detail, offering
a holistic perspective on the neural dynamics. Finally, there is a necessity for flexible MEAs in the
realm of insect biosensing. Although rigid MEAs offer precise measurements and reliable data
acquisition [42, 173, 189, 190], flexible MEAs offer a more intimate and sustained interface with
tissues, thereby enhancing signal quality and providing precise spatiotemporal scale of neuronal
activity [1, 113, 166, 191-195].

Current techniques to craft these flexible electrodes are as varied as they are ingenious,
including multi-layer metal process[148], electron beam lithography[196, 197], and two sides [147-
149]. Among current techniques to craft flexible HDMEAs, the double-sided configuration is a
promising solution, not only doubling the channel count without increasing the size of the probe
but also enabling signal recording from both sides[187]. Various methods exist for implementing
dual-sided MEASs [147-149, 198-200], each with its own pros and cons. For example, Stieglitz [198]
used plasma dry etching to directly expose electrodes on both sides of polyimide probes using
polyimide and a two-step RIE process. Specifically, the author used polyimide as the substrate and
insulation material and integrated several metallization layers into the structure. The first RIE was
applied to open electrodes and contact pads on the top side, and then the polyimide foil was peeled
off from the wafer and turned upside-down in the RIE reactor. After a second RIE etching step, the
polyimide sacrificial layer was removed, and the back-side electrodes were opened. This method
offers a promising approach for fabricating double-sided MEAs (so called flexible nerve plates),
with a with a diameter of 226 pm and resulting in a geometrical electrode area of 40115 um?.
However, this method required removal and re-attachment of the polyimide films for dual-sided

processing. Its primary challenge lies in the need to peel off and invert the polyimide foil before
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proceeding with subsequent microfabrication steps, including metal layer deposition, mask
alignment, photolithography, patterning, and RIE. Any irregularities or deformations in the
polyimide foil during this process could jeopardize the entire fabrication strategy. To address this
issue, Tooker et al. [149] utilized SFe plasm-etched silicon posts to create recessed electrodes from
the bottom polyimide surface. Nevertheless, this method may become extremely challenging in
fabricating high-density electrodes due to the complexity of silicon etching. Additionally, Kim et
al. [147] and Scholten et al. [148] combined multi-layer designs with sacrificial metal layers to
fabricate dual-sided probes. However, one of the challenges of this method lies in the complexity
of achieving a solid attachment between the sacrificial metal layer and the carrier wafer, as well as
establishing a robust adhesion between the electrode metal layer and the isolation layer. The
isolation layer needs to firmly connect to the sacrificial layer yet easy to etch for releasing the
devices, all while ensuring that the bond between the electrode metal and the isolation layer is
strong enough to endure the entirety of the neural probe fabrication process (especially in the
releasing period, for more than 7 days in Al etchant, and 2.5 days in Cu etchant) and prolonged
usage. While a combination of multi-layer designs with sacrificial metal layers offers the potential
for complex electrode configurations, challenges remain in achieving robust attachment between
the sacrificial metal layer and the carrier wafer, as well as ensuring strong adhesion between the
electrode metal layer and the isolation layer. Alternative methods involved the use of tapes[199] or
adhesive glue [200] that are limited in scalability.

PEDOT:PSS is extensively utilized as a surface coating material in bioelectronics [1, 2, 201-
205]due to its exceptional combination of electrical, mechanical, and biocompatible properties. It
facilitates efficient signal transduction between biological tissues and electronic components, which

is crucial for applications such as neurophysiological recordings[203]. Moreover, PEDOT:PSS
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exhibits excellent biocompatibility, minimizing adverse reactions when interfacing with biological
systems—a vital attribute for biosensors and neuroprosthetics[204]. The material's mechanical
flexibility allows it to conform closely to the soft nature of biological tissues, reducing the risk of
damage during operation and ensuring long-term functionality[202]. Additionally, PEDOT:PSS
forms stable films with strong adhesion to various substrates, enhancing the durability of coatings
under physiological conditions[205]. Its properties can be tailored through chemical modifications
or additives, allowing customization for specific applications[201]. Compared to traditional
conductive materials like metals, which lack flexibility and may pose biocompatibility challenges,
or carbon-based materials that are difficult to process, PEDOT:PSS offers a more adaptable and
effective solution for creating seamless interfaces between electronic devices and biological
systems. However, the current reported coating methods lack sufficient in providing information
about using low coating voltage and coating quality. This voltage range was chosen to ensure that
the deposition process occurred within a safe electrochemical window, preventing damage to the
gold substrate.

In this context, our research represents a significant leap forward. We first conducted serial
study on low voltage window (to prevent damage to the gold) and coating cycles with CV technique,
to find optimized PEDOT: PSS coating strategy for gold electrodes. We then introduced an
innovative yet effective method for fabricating dual-sided MEAs based on flexible Parylene
substrate, employing folding and annealing techniques. This method effectively doubles the
channel count and density within the same spatial footprint compared to their single-sided
counterparts. Our primary focus with these advanced MEAs is to explore their potential in the
multichannel recordings from the locust brain, particularly for the detection of odor-evoked neural

responses from the antennal lobe neurons. This application is not only intriguing but also of
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substantial practical significance. This approach of enhanced and robust detection of multiple neural
activities simultaneously from the insect brain has several applications including understating the
roles of functional neural computations in learning and memory as well as possible applications in
detection of volatile chemicals which are important for medical diagnostics (e.g., breath analysis),
homeland security (e.g., explosive detection), and environmental (air pollutants) applications.

2. METHODS

2.1. Design of the Flexible Dual-Sided MEAs

B Parylene C
> Gold/Titanium » Top layer
Parylene C

Bottom layer

Figure 2.1. The schematic of the flexible dual-sided MEAs. (A) Dual-sided polymer-based MEA
assembled on customized PCB. (B) stacking layers of the MEA. (C) Tips of the MEAs, and (D)
Cross-section of the MEA tip.

The designs of these MEAs are specifically tailored for the locust antenna lobe, the central hub

for odor processing in insects. As shown in Fig. 2.1, the flexible dual-sided MEA features a
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multilayer structure of parylene C layer (acting as substrate and encapsulation) and metallization
layer (acting as electrodes, traces, and contact pads). In Fig. 2.1A, the dual-sided polymer-based
MEA is shown assembled on a customized printed circuit board (PCB), which allows for stable
electrical connections and easy integration with external recording systems. Fig. 2.1B illustrates the
layers of the MEASs, highlighting the Parylene C encapsulation and the gold metallization layer.
This multilayer structure is vital for achieving mechanical flexibility while protecting the electrodes
and electrical traces. In Fig. 2.1C, the tip of the MEA is displayed, showing the arrangement of the
electrodes at the tip. Fig. 2.1D provides a cross-sectional view of the MEA tip, showing how the
multilayer structure is organized to enable dual-sided recording capability. The MEAs in 4, 6, or 8
electrode configurations were designed with an electrode diameter of 20 pm and a minimal center-
to-center distance between electrodes of 50 um. The tip width was 120, 180 and 230 um for 4-
channel, 6-channel, and 8-channel devices, respectively. With a 20 jum electrode diameter and
similar trace width and spacing, a density of 327-348 channels/mm=an be achieved across various
channel configurations.
2.2. Folding-Annealing Strategy for Microfabrication of Flexible Dual-Sided MEASs

The microfabrication process for the flexible dual-sided MEAs employs a novel folding-
annealing strategy, which significantly increases the channel density without expanding the
physical footprint of the device. The microfabrication flow is shown in Fig. 2.2 and the schematic
of the fabrication processes is shown in Fig. 2.3.

To start with, single-sided planar MEAs were constructed using conventional semiconductor
microfabrication techniques including chemical vapor deposition of parylene C, thermal
evaporation of metal, and photolithographic patterning (Fig. 2.2). A 5-um-thick layer of parylene

C was deposited on a 4-inch-diameter silicon wafer using room temperature chemical vapor
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Figure 2.2. Fabrication process flow of the MEAs: (1) Deposit Parylene-C on a wafer; (2)
Deposit Ti/Au; (3) Pattern Ti/Au; (4) Wet etching of metal; (5) Deposit Parylene-C; (6) Deposit
and pattern a copper mask. (7) Plasma dry etching of Parylene-C, (8) Releasing device. (9)
Folding, annealing, and bonding the MEAs. (10) PEDOT:PSS coating.

deposition (SCS Labcoter® 3, Specialty Coating Systems, Indianapolis, IN, USA). Then, a metal
stack of Ti (10 nm) and Au (200 nm) was sequentially deposited using a thermal evaporator
(Edward Auto306, Edwards, UK). The electrode sites, traces, and contact pads of the MEAs were
defined by ultraviolet (UV) photolithography of a positive photoresist (PR, S1813, Shipley,
Marlborough, MA, USA), and patterned by wet etching in gold etchant (Millipore Sigma, St. Louis,
MO, USA). After that, photoresist was removed with acetone, followed by rising with ethanol and
deionized (DI) water. Next, a second 5-um-thick layer of parylene was deposited as the top
encapsulation, followed by thermal evaporation of a 200-um-thick layer of copper. The outline of
the planar MEA, the folding slot, and open windows of electrode sites were defined by UV
photolithography of photoresist. Subsequently, copper was patterned by wet etching in copper
etchant (Millipore Sigma, St. Louis, MO, USA) to form as a hard mask. Oxygen plasma etching

was performed in a reactive ion etching system (RIE-1701 plasma system, Nordson March, Inc,
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Figure 2.3. Schematic that shows the microfabrication, including (1) 5um PA deposited on
silicon wafer, (2) A metal stack of 200nm Au and 20nm Ti were thermal deposited and
patterned on PA substrate, (3) Another layer of 5um PA was deposited, (4) Pattern and
Reactive lon Etching the shape of MEAs and the openings of electrodes and contact pads,
(5)releasing, (6)folding, (7)annealing, (8) assembling.

* Folded and annealed Bonded to PCBN

Westlake, OH, USA) to remove unwanted parylene C, to expose the electrodes sites and contact
pads as well as to form the shape of the planar MEAs.

Subsequently, the planar MEAs were released from the wafer and then folded along the middle

line, after which they were thermally bonded with an annealing process to form the dual-sided
structure. After being released from the wafer, the planar devices were folded along the middle line,
thermally bonded at 75<C in an oven for 3 hours and left for cooling down over night.
To facilitate interconnects to external recording instruments, the resulting dual-sided MEAs were
assembled and bonded onto a customized printed circuit board (PCB) using conductive silver
paste(8331-14G, MG Chemicals, Canada). Contact pads with central holes were uniquely designed
to ensure robust electrical contact between silver paste and PCB pads from both sides of the array.
The assembled device had a flexible tip on the MEA region, while the PCB-enforced backbone
provides ease of device handling during insertion and recording experiments.

Finally, cyclic voltammetry (CV), with voltage from -0.7 to 0.9 V and scan rate at 10 mV/sec,

was employed to electrodeposit poly(3,4-ethylene-dioxythiophene) polystyrene sulfonate
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(PEDOT:PSS) onto gold electrodes, enhancing their electrical properties.
2.3. Electrode Surface Modification Through Low Voltage Cyclic Voltammetry for
Enhanced Performance

To assess the effects of PEDOT: PSS coatings on the electrochemical performance of gold
electrodes of different sizes and determine an optimal electrode size for further investigation, we
fabricated single-channel gold electrodes with openings measuring 10 um, 20 um, 50 um, and 100
um. We employed cyclic voltammetry (CV) to electro polymerization of PEDOT: PSS onto gold
single-channel electrodes, using a three-electrode system. The voltage was from -0.7mV to 0.9mV,
scan rate was 10 mV/sec.

Electropolymerization of PEDOT: PSS on gold electrodes were achieved using a CV
technique with a three-electrode setup, in which the MEAs act as the working electrode (WE), a
platinum wire as the counter electrode (CE), and a standard Ag/AgCl electrode as the reference
electrode (RE). This process was conducted in a monomer solution of 10 mM 3,4-
Ethylenedioxythiophene (EDOT, Millipore Sigma, St. Louis, MO, USA) and 0.7 wt.% Poly
(sodium 4-styrenesulfonate) (PSS, Millipore Sigma, St. Louis, MO, USA) in DI water. The
solution was stored in 4<C refrigerator and deoxygenated by purging with nitrogen gas and then
vacuuming for 20 mins before use. CV was performed using a potentiostat (6149, CH
Instruments, Austin, TX, USA), with voltage ranging from -0.7 V to 0.9 V vs. the Ag/AgCI RE
and a scan rate of 10 mV/s.

2.4 Approaches to Evaluating the MEASs
2.4.1 Optical Microscopy and Scanning Electron Microscopy (SEM)
Optical microscopy was utilized to inspect the structural morphology and integrity of the MEAs

during various processing steps, including releasing from the wafer, folding, annealing, and
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PEDOT:PSS coating. Furthermore, scanning electron microscopy (SEM) was used to evaluate the

electrodes before and after PEDOT:PSS coating.
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Figure 2.4. Bench-top Setup for Insertion Tests. This figure displays a comprehensive setup
used to measure the mechanical properties of microelectrode insertion. The setup includes a
force meter to quantify the insertion force, a high-speed camera paired with a light source to
capture detailed visual documentation of the insertion process, motor drivers controlled by
precision controllers to regulate the movement and speed of the microelectrode, and a stable test
stage where the microelectrode is inserted into simulated neural tissue. This configuration
allows for precise assessments of the microelectrode's mechanical behavior during insertion,
crucial for minimizing tissue damage in clinical applications.

2.4.2 Electrochemical Impedance Spectroscopy (EIS)

EIS was conducted using a potentiostat (6149E, CH Instruments, Austin, TX, USA) in a
phosphate buffered saline (PBS) solution in a three-electrode setup with the MEA WE, a Pt CE and
an Ag/AgCI RE. The A.C. impedance of the electrodes was measured in a wide frequency range of
1 Hz to 100 kHz and acquired using commercial CHI software.

2.4.3 Surface Morphology and Effective Surface Area
Scanning electron microscopy (SEM, Hitachi S-4700, Hitachi High Technologies America,

Inc., USA) was utilized to analyze the surface morphology of the electrodes with and without the
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PEDOT:PSS coating. Surface roughness were measured with an optical profilometer (WYKO
nt2000, Bruker, MA).
2.4.4 Effective Areas Measurement

In this experiment, the CV responses of the electrode were electrochemically measured in 0.5
mM Ks[Fe(CN)g] at varying scan rates of 0.02 V/s, 0.05 V/s, 0.1 V/s, 0.2 V/s, and 0.5 V/s. The
effective areas of electrodes were calculated using an Randles-Sevcik equation [206, 207]:

i, = 2.69x105n3AD3Cv? 1)

where ip is the cathodic peak current, n is the number of transported electrons, A (cm?) is the
effective electrochemical surface, D (cm? s7%) is the diffusion coefficient, C (mol €m™3) is the
concentration of redox species, and v (V s?) is the potential scan rate. The dependency of the
anodic peak potentials on the natural logarithm of the potential scan rate was investigated and linear
regression lines were generated using the cathodic peak current and the square root of the potential
scan rate as variables.
2.4.5 Mechanical Properties for Bending

To assess the mechanical stability of the electrodes under bending stress, we performed tests
where the electrodes were bent at the 90 “angle. Electrochemical impedance spectroscopy (EIS)
measurements were taken before and after bending to evaluate any potential changes in their
electrochemical properties. The results showed no significant differences in EIS values before and
after bending, indicating that the electrodes maintain their stability and functionality even when
subjected to bending 90 “angle.
2.4.6 Mechanical Properties for Insertion
The mechanical property testing setup for insertion is illustrated in Fig. 2.4. A Brushed motor

controller (KDC101, Thor Lab, USA) was utilized to perform the insertion of the dual-sided MEAs
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into a brain phantom (0.6 wt.% agarose gel), with a penetration depth of about 500 um inside the
gel. The electrochemical impedance of the electrode was measured before and after 10 repeated
insertions. Likewise, the insertion capability of the MEASs was verified in vivo using isolated insect
brains, and the device’s EIS was tested before insertion and after 15 times in vivo insertion.
2.4.5 Bench-Top Recording Performance

To evaluate the bench-top recording performance of the flexible dual-sided MEAs, we
conducted controlled recordings using a saline bath setup. This setup, as shown in Fig. 2.5, allowed
us to simulate neural environments and test the ability of the MEAS to capture extracellular signals
with high fidelity. The MEAs were connected to a preamplifier and recording system, and a series
of known electrical signals were applied to assess the device’s sensitivity and SNR.

For the recording tests, a function generator was used to introduce simulated physiological

pulses into the PBS solution, replicating neural signals. Neuronal-like signals were generated using

Simulated signal input

PBS

Figure 2.5. Schematic of setup for bench-top recording performance tests.

a neuronal signal simulator (NSS, BlackRock, USA) and transferred into the 1<PBS solution via
resistances and wires, creating pulses with peak voltages of 100 v and 200 1. The recording tip

of the MEAs was submerged in the solution to capture these simulated neuronal spikes.
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Baseline noise was recorded, and the noise level was quantified as the root mean square (RMS)
value over a period without any spike activity. The SNR was calculated by comparing the amplitude
of the signal to the baseline noise levels. The SNR was calculated using the formula: SNR = (sigma
squared for Signal) / (sigma squared for Noise), where Signal represents sorted spikes, Noise
represents data between all spikes. The Signal StdDev represents the standard deviation of the spike
waveforms, which are the signal of interest. The Noise StdDev represents the standard deviation of
the intervals between spikes, which is considered noise.

2.4.6 Soaking Tests

To evaluate the stability and durability of the electrodes over time, a soaking test was performed.

The electrodes were immersed in a phosphate-buffered saline (PBS) solution at room temperature.

The electrochemical impedance spectroscopy (EIS) of the electrodes was measured to assess the

Cycle0 Cycle1 Cycle2 Cycle3 Cycle4

10 pm

Figure 2.6. Microscopy images of the electrodes in varying sizes under different coating.
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impedance changes over a period of seven days. The impedance measurements were recorded on
Day 0, Day 1, Day 3, Day 5, and Day 7. Two different coating conditions were compared: electrodes
coated with PEDOT: PSS after 2 CV cycles and those coated after 4 CV cycles. This approach
allowed us to assess the electrochemical stability of the PEDOT: PSS coatings under prolonged
exposure to a fluid environment over time.
3. RESULTS
3.1. Explore the optimize surface modification strategy of PEDOT: PSS deposition on gold
electrodes in different sizes

To assess the effects of PEDOT: PSS coatings on the electrochemical performance of gold
electrodes of different sizes and determine an optimal electrode size for further investigation, we
fabricated single-channel gold electrodes with openings measuring 10 pm, 20 pm, 50 pm, and 100
um. We employed cyclic voltammetry (CV) to electro polymerization of PEDOT: PSS onto gold
single-channel electrodes, using a three-electrode system. The voltage was from -0.7mV to
0.9mV, scan rate was 10 mV/sec. This voltage range was chosen to ensure that the deposition
process occurred within a safe electrochemical window, preventing damage to the gold substrate.
The number of CV cycles was varied to investigate the influence of multiple coating layers on the
electrode's performance.
3.1.1. Microscopy and SEM Analysis of the Effects of Low Peak CV and Coating Cycles

As shown in Fig. 2.6, the optical microscopy images confirmed the successful polymerization
of PEDOT: PSS on electrodes in various sizes (10 pm, 20 pm, 50 um, and 100 pm) through
multiple CV cycles. The SEM images revealed a consistent increase in the thickness of the
PEDOT:PSS layer with each additional cycle of CV deposition, as the optical version color

became darker with the more coating cycles. Across all electrode sizes (10 um, 20 pm, 50 pum,
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and 100 um), the deposition was uniform and smooth when more CV cycles were applied with

the low peak voltage range that we used.

Cycle 0 Cycle 2 Cycle4

Figure 2.7. SEM images of the electrodes in varying sizes under different coating cycles.

The SEM images, as shown in Fig. 2.7, further illustrated the structural integrity and surface
morphology of the PEDOT: PSS coatings on the electrodes across different sizes (10 um, 20 pum,
50 um, and 100 um). As shown in Fig. 2.7, the coating appeared continuous and uniform, with no
visible cracks or irregularities. The thickness of the PEDOT: PSS layer increased proportionally

with each additional CV cycle, leading to smoother surfaces on the gold electrodes. Notably, the
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low-voltage range applied during deposition helped to maintain the smoothness of the surface,
preventing the formation of rough textures or defects that could otherwise impair electrochemical
performance. These results confirm that the deposition process effectively enhanced the surface
area and stability of the electrodes, crucial for optimizing the electrochemical properties in

subsequent neural recordings.
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Figure 2.8. Roughness of the electrodes in varying sizes under different coating cycles.
3.1.2. Surface Roughness Characterization

To further quantify the surface roughness of the electrodes after PEDOT deposition, we
utilized an optical profiler. Initial results indicated that the first cycle of PEDOT coating
significantly increased the surface roughness of all electrodes, as shown in Fig. 2.8. However,
further CV cycles did not substantially increase the surface roughness. This indicates that under
the low voltage range during CV, multiple cycles of PEDOT: PSS deposition will maintain a
smooth surface without significantly increasing the surface roughness. This result was consistent

across all electrode sizes (10 um, 20 pm, 50 pm, and 100 pm).
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Figure 2.9. EIS results of the electrodes in varying sizes under different coating cycles.



3.1.3. Electrochemical Properties of The Electrodes

As shown in Fig. 2.9, After 1 cycle of CV coating with PEDOT: PSS, the electrode’'s
impedance reduced significantly in all size electrodes. The 1 kHz impedance results were shown
in Fig. 2.10. For the 10 pum and 20 um electrodes, after one cycle of coating, the impedance at 1
kHz decreased by two orders of magnitude, while for the 50 um and 100 pm electrodes, the
impedance at 1 kHz decreased by one order of magnitude. A second cycle of CV coating further
decreased the impedance, with a greater reduction observed for smaller electrode sizes.

However, increasing the number of CV coating cycles to three or four did not lead to a further
reduction in impedance. The impedance at 1 kHz for the 20 pm, 50 pm, and 100 um electrodes
converged to a range between 10° and 10* ohms. This impedance range is suitable for neural
recording applications. In other words, with two cycles of CV coating, a 20 um electrode can
achieve similar impedance values as larger electrodes, such as 50 pm or 100 pm electrodes. The
10 pum electrode exhibited slightly higher impedance relative to the 20 um electrode, ranging from
2 %107 to 3 x10* ohms. However, it is worth noting that fabricating flexible electrodes with a 10

um size is more challenging compared to the 20 um size.
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Figure 2.10. 1 kHz impedance of the electrodes in varying sizes under different coating cycles.
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3.1.4. Effective Area of the Electrodes
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Figure 2.11. Effective area amplification factors of the electrodes in varying sizes under
different coating cycles.

We also measured the effective area of the electrodes before and after PEDOT: PSS
deposition. The results showed that increasing the number of CV cycles led to a corresponding
increase in the effective surface area of the electrodes, regardless of their size, as shown in Fig.
2.11. This increase in effective area is critical for improving the electrochemical performance of
the electrodes, particularly in terms of reducing impedance and enhancing charge transfer
capabilities. Notably, the increase in the effective area continued even when surface roughness
remained unchanged.

Here are a brief summary of the results presented in this section. The aim of this section was to
optimize the deposition of PEDOT: PSS on gold electrodes of varying sizes (10 wm, 20 um, 50 um,
and 100 pum) using CV with low peak voltage of 0.9 mV with cycles. By adjusting the number of
CV cycles, we investigated how electrochemical performance, surface roughness, and effective area

of the electrodes were affected. The main findings include:
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(1)Microscopy and SEM Results showed that the thickness of the PEDOT: PSS coating
increased consistently with more CV cycles, while the deposition remained smooth and uniform
across all electrode sizes. Low voltage ranges prevented defects and irregularities in the coating.

(2) Surface Roughness analysis revealed that while the first CV cycle significantly increased
surface roughness, additional cycles did not contribute further to roughness. This indicates that a
smooth surface can be maintained even with multiple cycles, which was consistent across all
electrode sizes.

(3) Effective Area measurements showed that increasing the number of CV cycles enhanced
the effective area of the electrodes. This increased surface area was important for reducing
impedance and improving charge transfer capabilities, even when surface roughness remained
unchanged.

(4) Electrochemical Properties demonstrated a significant reduction in impedance after the
first CV cycle across all electrode sizes. Smaller electrodes (10 pm, 20 um) saw a greater reduction
in impedance with the second cycle, but further cycles did not lower impedance further. The 20 pm
electrodes achieved similar impedance values to larger electrodes (50 um, 100 um) after two CV
cycles, making them suitable for neural recordings. However, fabricating flexible electrodes at the
10 um size presented greater challenges.

Overall, the study identified two CV cycles as optimal for balancing surface modification and

electrochemical performance.
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3.2. Development of Flexible Dual-Sided Meas
3.2.1 Microfabrication Results of Flexible Dual-Sided Meas

The microscope images in Fig. 2.12 showcase a prototype of the 8-channel single-sided MEA
and its dual-sided counterparts after folding and thermal bonding, respectively. In Fig. 2.12A, the
two parylene layers did not adhere well to each other after being folded, as evidenced by the
presence of a rainbow sign (Newton’ ring)[208]. The disappearance of the rainbow sign after
thermal annealing and bonding suggests that the bonding process effectively enhanced the adhesion
between the two parylene layers. To facilitate interconnects to external recording instruments, the

resulting dual-sided MEAs were assembled and bonded onto a customized printed circuit board
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Figure 2.12. Images of the MEAs. A. Optical images Microscope pictures of the MEAs in planar,
folded, and annealed status. Scale bar: 100 um. B. The flexible tip of an assembled MEA. C.
Electrical impedance spectroscopy of the microelectrodes during the fabrication processes(n=6).
D. 1k impedance of the electrodes in different status. And microscopic images(E) of a bending tip
of the MEA.

(PCB) using conductive silver paste. Contact pads with central holes were uniquely designed to

ensure robust electrical contact between silver paste and PCB pads from both sides of the array.
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Broadband electrochemical impedances of the microelectrodes were measured after each
fabrication process, including releasing, folding, and thermal annealing/bonding (Fig. 2.12C). The
electrochemical characteristics of the electrodes remain stable throughout various fabrication
processes, indicating that these processes did not compromise the electrochemical properties of the
microelectrodes. The final assembled device had a flexible tip on the MEA region (Fig. 2.12E),
while the PCB-enforced backbone provides ease of device handling during insertion and recording
experiments.
3.2.2 Effect of PEDOT: PSS Coating on Performance of MEA Electrodes

To enhance the electrochemical conductivity of the electrodes, PEDOT:PSS was deposited on
gold electrodes using CV in a three-electrode configuration. We used the parameters that we learned
from Section 2.1. (“Explore the optimize surface modification strategy of PEDOT: PSS deposition
on gold electrodes in different sizes”). CV was performed with voltage ranging from -0.7 V t0 0.9

V vs. the Ag/AgCl RE and a scan rate of 10 mV/s. The results of the electrodeposition of

i

Figure 2.13. SEM images of the electrodes in varying sizes under different coating cycles.
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Figure 2.14. EIS results of electrodes with a 20 pm diameter subjected to varying coating.

£ 2.2x10°%f

L e e = === = = = =

Figure 2.15. 1 kHz impedance of electrodes with a 20 jum diameter subjected to varying.

PEDOT:PSS on the electrodes of MEASs are consistent with previous studies in Section 2.1., as
shown in Fig. 2.13. The electrodeposition of PEDOT:PSS provides smooth surface on the gold
electrodes of the MEAs, as shown in Fig. 2.14. After a single cycle of CV coating with PEDOT:
PSS, the impedance at 1 kHz decreased significantly by two orders of magnitude. A second cycle
of CV coating further decreased the impedance, with a greater reduction observed for smaller
electrodes. However, a further increase in the number of CV cycles to three or four did not lead to

significant additional reduction in impedance (As shown in Fig. 2.15). The impedance at 1 kHz for
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the 20 um electrodes converged to a range between 10° and 10* ohms, suitable for
neurophysiological recording. Fig. 2. 16 shows the surface roughness of the electrodes with and
without the PEDOT:PSS coating. The results indicate that the PEDOT:PSS coating increased the
surface roughness of the electrodes; however, two or more cycles of coating didn't further increase
the surface roughness.

3.2.3. Mechanical Properties
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Figure 2.16. Surface roughness and effective area change of electrodes with a 20 pm
diameter subjected to varying coating cycles.

To investigate the device’s mechanical properties for insertion, the MEAs were inserted into a brain
tissue phantom, 0.6%(w/v) agarose, and the electrochemical impedance of the electrodes were
evaluated before and after undergoing 15 repeated insertions. The results indicated that the flexible
dual-sided MEAs could be directly inserted into the brain tissue phantom without any mechanical
reinforcement, as shown in Fig. 2.17. The electrodes maintained their electrochemical performance
after multiple insertions , demonstrating the device’s robustness and stability under repeated
insertion conditions. Fig. 2.18. demonstrates the successful insertion of an 8-channel dual-sided

MEA into the right antennal lobe of a living locust. The electrodes exhibited consistent
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electrochemical impedance before and after bending, affirming the mechanical flexibility and

stability of the device.
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Figure 2.17. 1 kHz impedance of electrodes before and after bending.
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Figure 2.18. SEM images of the electrodes in varying sizes under different coating cycles.

3.2.4. Stability in Soaking Test

As shown in Fig. 2.19, the impedance of the electrodes remained relatively stable over the 7-day
soaking period in PBS at room temperature, with no significant deviations observed in either the 2-
cycle or 4-cycle PEDOT: PSS electrodes. The impedance at 1 kHz for both conditions remained
within the range of 1.5 % 10* to 2.0 x 10* ohms, with slight variations that were within the

measurement error. These results indicate that both the 2-cycle and 4-cycle PEDOT: PSS coated
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electrodes effectively maintained its integrity and the electrodes continued to perform reliably after

prolonged exposure to PBS. This suggests that the MEAs are well-suited for insect in vivo

applications, where they may be exposed to physiological fluids over extended durations. The

robustness of the MEAs in these conditions is critical for ensuring consistent performance in neural

recordings and biosensing.

(Ohm)

o 2.0x10%}

1k Hz impedanc

0.0

2.5x10%}

1.5x10*}
1.0x10*}
5.0x10°}

[ 2 cycles
14 cycles

Day0 Day1 Day3 DayS Day7

Figure 2.19. SEM images of the electrodes in varying sizes under different coating cycles.

3.2.5. Bench-Top Recording Properties
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Figure 2.20. SEM images of the electrodes in varying sizes under different coating.

The noise levels of the microelectrodes with or without PEDOT: PSS coating were evaluated

and quantified using simulated biosignals generated by a function generator (referred to the setup
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in Fig. 2.6). The basic noise level was 6.01 = 0.24 uV for bare gold electrodes, which decreased to
2.52 £ 0.65 uV for 2-cycle PEDOT:PSS coated electrodes (Fig. 2.20). The SNR increased from
8.32 £0.24 to 23.22 + 2.66 when the peak voltage of the signal applied was 100 uV, and from 18.77
+ 2.80 to 53.86 + 5.44 when the peak voltage of the signal applied was 200 puV (Fig. 2.20).
Compared to pure gold electrodes, the PEDOT: PSS coated electrodes exhibit significantly lower
base noise level and higher SNR because of their lower impedance. Maintaining low noise levels
during recording is crucial to detect action potentials from background noise, and to further isolate
single neuron activities.
4. DISCUSSION
4.1 Optimized PEDOT Coating strategy

In this study, we optimized the strategies on electrodeposition of PEDOT on the gold electrodes
of the MEAs using cyclic voltammetry (CV). We systematically investigated the effects of varying
the number of CV cycles on the surface morphology, roughness, effective area, and electrochemical
properties of the electrodes. The use of a low voltage range during CV deposition (-0.7V to 0.9V)
proved essential in avoiding damage to the gold electrodes, which is a common concern when using
higher voltage ranges in other electropolymerization studies. Electropolymerized PEDOT: PSS has
been extensively utilized in the enhancement of microelectrode performance [86, 209, 210].
Compared to other electropolymerization modes, such as potentiostatic (PS), and galvanostatic
(GS), CV deposition yields a more uniform coating [209], which is beneficial for inversive MEAs
to minimum the direct damage to the tissue [209, 211]. CV deposition of PEDOT:PSS typically
requires multiple cycles to achieve excellent stability and high charge injection capacity of
electrodes for chronic neural interfaces [212]. However, the literature seldom reports on the

nuanced effects of varying CV cycles on the electropolymerization of PEDOT:PSS on gold
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electrodes. Moreover, the peak voltage of CV deposition varies between 0.9 V and 1.2 V across
different reported studies, which exceeds the water window potential limits of gold (-0.8 V to
0.8 V)[213]. In this study, we systematically studied the effect of CV cycles on the PEDOT:PSS
performance including surface roughness, effective surface area, and electrochemical properties.
We strategically employed a CV protocol operating within a low voltage range of -0.7 VV t0 0.9 V
to mitigate potential damage to the gold electrodes that could arise from excessive voltage
application.

We observed that the effective area of PEDOT: PSS increased with the increase of CV cycles
and the surface roughness increased after PEDOT:PSS deposited on the gold surface, which is
similar to previous studies [209]. The increase in surface roughness is a critical factor, as it directly
influences the electrochemical properties of the electrodes by expanding their effective surface area.
This is confirmed by the magnitude of electrode impedance, which drops dramatically after
PEDOT:PSS coating. The first CV cycle significantly increased surface roughness, but additional
cycles did not contribute further to roughness. In the first CV cycle, nucleation occurs, where
PEDOT:PSS begins to deposit onto the gold electrode surface. During this initial phase, the polymer
forms a foundation layer, filling microscopic imperfections and contributing to the overall increase
in surface roughness. This process is known as the "nucleation and growth™ mechanism[214], where
the first layer introduces uneven clusters and aggregates, causing the surface to roughen. With
additional CV cycles, the deposition shifts from nucleation to growth and thickening of existing
layers[214, 215]. In this study, additional CV cycles continues to cause polymer accumulation, but
tends to maintain the roughness introduced during the initial cycle, rather than exacerbating it. Once
the initial irregularities are covered, further material deposition tends to conform to the already

established layer, filling in the smaller gaps and depressions rather than creating new surface peaks,
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which maintains a smoother surface overall. In previous study, PEDOT:PSS has been reported that
film cracking appeared after certain time during potentiostatic deposition[215]. Our result indicates
that a smooth surface can be maintained even with multiple cycles, which was consistent across all
electrode sizes. This is in line with our expectations, as we need a sufficiently smooth surface to
reduce direct implantation damage, which is crucial for delicate insect brain tissue.

After two CV cycles, the amount of PEDOT: PSS deposited on the surface of the gold electrode
continuously increases, which further increases the effective area of the electrode, but shows no
significant reduction in the electrochemical impedance. This indicates that the efficiency of electron
transport in the two cyclically deposited PEDOT: PSS-Au electrodes has become saturated. Our
findings are consistent with those of the previous study by Mousavi et al.[215], wherein they
observe dramatic decrease in the impedance magnitude with small variations between the numbers
of cycles. In our series study on electrodes that with diameter <= 100 pm, the reduction in
impedance after the first CV cycle, particularly for smaller electrodes (10 pm and 20 m), was
dramatic, with the 1 kHz impedance dropping by two orders of magnitude. This reduction is crucial
for neural recordings, as lower impedance translates to better signal quality and improved SNR.
The smaller electrodes, such as the 10 pm and 20 um variants, benefit the most from PEDOT
coating, making them suitable for high-resolution neural recordings in compact neural regions like
the insect brain. The two-cycle CV process not only reduced the impedance to a suitable range for
electrophysiological recordings but also maintained surface smoothness, which is important for
minimizing potential tissue damage during long-term implantation. This finding is significant, as it
indicates that two cycles of PEDOT deposition provide the optimal balance between surface

modification and electrochemical enhancement.
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4.2 Folding-Annealing Strategies for Flexible HDMEAs Fabrication

We developed a fold-annealing method that enables the creation of flexible, high-density, dual-
sided MEAs in a cost-efficient manner. The dual-sided array allows neural recording from both
sides of the MEA, with improved electrode density within a compact footprint. Our
microfabrication technique was able to achieve unprecedented electrode densities of 463, 687, and
766 channels/mm=2with one side center-to-center space from 50-70 um (one side), 25-35um in
average within one probe of dual sides. These densities are significantly higher than those reported
in existing flexible devices[72, 75, 216, 217], enabling more detailed and accurate neural recordings.
The microelectrodes maintain their electrochemical integrity throughout various fabrication
processes including folding, annealing, and bonding, ensuring the consistency of device fabrication.
Moreover, we validated the mechanical and electrochemical stability of the MEAs through
insertion, bending and 7-day soaking tests, demonstrating the promise of the MEASs for short terms
stable recording in our target applications. The reliable fabrication and application of these flexible
dual-sided MEAs mark a pivotal advancement in neuroscientific research tools. The novel folding-
annealing technique introduced in this study not only allowed us to significantly increase the
channel density on a flexible substrate without expanding the device footprint, but also enable the

sual-sided functioning of the MEAs. It also preserves the MEAs with mechanical flexibility, which

is crucial for chronic in vivo applications. The manufacturing techniques presented in this study are
compatible with conventional semiconductor manufacturing techniques and versatile enough to be
scaled for wider applications, paving the way for the creation of robust flexible MEAs with higher
spatial resolution and channel counts.

Looking forward, the methodologies and findings presented in this study open new avenues for

the application of flexible, high-density MEASs in neuroscience. The successful demonstration of

62



dual-sided MEAs tailored for insect models can be further expanded to other compact neural
systems, offering unprecedented insights into neural circuitry and function. Additionally, the
scalability of the folding-annealing technique suggests the potential for wider adoption in various
biomedical applications, including human neural interface technologies and bioelectronic sensing
platforms.

Future research will focus on exploring the potential applications of these MEAs in the detection
of VOC:s related to disease diagnostics, such as lung cancer biomarker detection. The ability of
these MEAs to interface with insect neural systems, such as the locust antennal lobe, opens up new
possibilities for developing biohybrid systems that leverage the natural sensitivity of insect
olfactory systems for chemical detection.

5. SUMMARY

This study presents significant advancements in the development of high-density, flexible dual-
sided MEAs optimized for compact neural regions like the insect brain. Through the careful
optimization of PEDOT: PSS electrodeposition using CV, we demonstrated that a low voltage range
(-0.7 V10 0.9 V) and two CV cycles are sufficient to enhance the electrochemical properties of the
electrodes while maintaining surface smoothness. This balance between increased surface area and
reduced impedance is critical for achieving high-quality neural recordings, particularly in high-
resolution applications. Smaller electrodes, such as the 10 pm and 20 pm variants, greatly benefited
from this optimized coating strategy, making them highly suitable for detailed neural recordings in
small brain regions.

The innovative folding-annealing technique we employed effectively doubles the channel
density without increasing the physical footprint of the MEASs, preserving both mechanical

flexibility and structural integrity. This method not only ensures robust bonding between parylene
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layers but also maintains the electrochemical performance of the electrodes through various
fabrication and handling processes. The mechanical stability of the MEAs was validated through
rigorous testing, including insertion into brain tissue phantoms, bending, and prolonged soaking in
physiological conditions. These tests confirmed the durability and functionality of the MEAs,

highlighting their potential for long-term applications in both research and clinical settings.
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CHAPTER 3: BIOSENSING PLATFORM AND NEUROPHYSIOLOGICAL
RECORDING USING LOCUST SYSTEMS

1. INTRODUCTION

The capacity to identify lung cancer through the analysis of volatile organic compounds (VOCs)
found in breath and other biological fluids could significantly enhance the availability of early
cancer diagnostics across broad populations, thereby facilitating timely treatments and improving
patient prognoses. Currently the most promising approach for lung cancer screening is with low
dose computed tomography (LCDT) in high-risk populations which have shown to provide
statistically significant mortality reduction in patients[218]. This approach, however, relies on risk
modeling methodology to select high-risk populations and to minimize the potential damages to
radiation exposure to a broader population [218, 219]. A more accessible diagnostic tool relying on
a VOC-based analysis method could circumvent these approaches due to its intrinsic
noninvasiveness and lack of harmful exposures. VOCs from the human body are emitted from a
variety of sources including breath, sweat, skin, urine, feces, and vaginal secretions as a result of
metabolic pathways [220-229]. Disease and pathological processes can affect the body’s VOC
signature by the production of novel VOCs or by changing the ratio of existing VOCs [220]. These
VVOCs have been validated for their association with cancer in various in vitro and in vivo studies
including lung, breast, leukemia, gastric, and prostate cancer [221, 222, 230-248]. However, The
exist methods have their own difficulties in incorporating VOC analysis in clinical diagnostics (as
shown in Table 3.1). GC-MS and other mass spectrometry-based techniques (e.g., SIFT-MS, PTR-
MS, GC-IMS) which require time and labor-intensive workflows for sample preparation, analysis
and require technical expertise [227-229, 239, 240, 243, 249-272]. Electronic noses are simpler to

operate and more portable in comparison to GC-MS and have been used to classify multiple types
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of cancer including lung, prostate and head and neck [273-276], however e-noses reliability suffers
due to senor drift and can be sensitive to environmental conditions such as temperature and
humidity [266-270, 272, 277]. The locust olfactory system offers a unique advantage in detecting
VOCs associated with lung cancer and has been shown to detect human oral cancer in a previously
reported study [165]. By tapping into the locust's acute sense of smell, we are able to take a forward
engineering approach utilizing the inherent chemosensory array of the antennae and biological odor
coding schemes of the antennal lobe for VOC detection and differentiation. This in combination
with flexible dual-sided MEAs and computational techniques presents a new platform for a lung
cancer diagnostic tool.

Biological olfaction has shown remarkable sensitivity in detecting low concentrations of VOCs,
ranging from parts per billion (ppb) to parts per trillion (ppt) range, and minute changes in the
compositions of gas mixtures [174-180]. In particular, the locust olfactory system offers a unique
model for lung cancer VOC detection. In the locust olfactory system, VOCs are first detected in the
antennae by olfactory receptor neurons (ORNSs), which transform the chemical stimuli into
electrical signals and transmit the signals downstream to the antennal lobe (AL), where the signal
is processed by intricate network of excitatory projection neurons (PNs) and inhibitory local
neurons (LNs) [181, 182]. In the AL, the spatiotemporal population response from the PNs gives
rise to odor-specific neural codes which are believed to determine odor identity, intensity, and time
course [179, 180, 278]. Leveraging insects’ natural ability to discern gas mixtures at low
concentrations across changing environmental conditions, we proposed to use the locust olfactory
system as a biological sensor for chemical detection, particularly for VOCs associated with lung
cancer. To effectively implement this scheme, efficient neural activity recording tools and robust

analysis methods are essential. Tetrodes are commonly used in insect neural recordings [184, 185],
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but are limited by their design with only four widely spaced electrodes, rendering them relatively
inefficient for detailed neural signals. MEAs present a more promising alternative [39, 166, 186,
187]. Yet, in insect brain neurology, there is a growing need for flexible, multi-channel, or even
high-density MEAs (HDMEASs). However, current research in this area still faces several gaps.
First, the majority of existing HDMEAs are tailored for humans, rodents, or large animals, with
only a few designed with the unique requirements of insects in mind. However, the brain of a locust
is much smaller than a rat's hippocampus, with its antennal lobe having an effective area of about
500 um in diameter. Even the most advanced HDMEAs available today, such as silicon-based
Neuropixel 2.0 [186, 188] that have a distance of 175 pm from electrode to tip, are too large for
effective use in such small brain regions. Second, high spatial resolution MEAS are necessary due
to the inefficiency of using conventional MEAs with electrode sizes larger than 20 pm and/or
distances exceeding 100 pm, given the small size of the locust brain and its limited dimensions.
The high-resolution multichannel MEAs provides benefits in neural voltage recordings with high
spatial and temporal detail, offering a holistic perspective on the neural dynamics. Finally, there is
a necessity for flexible MEASs in the realm of insect biosensing. Although rigid MEAs offer precise
measurements and reliable data acquisition [42, 173, 189, 190], flexible MEAs offer a more
intimate and sustained interface with tissues, thereby enhancing signal quality and providing precise
spatiotemporal scale of neuronal activity [1, 113, 166, 191-195].

In the previous chapter, we presented the development of a flexible dual-sided microelectrode
array (MEA) using a unique folding-bonding technigue on a parylene C substrate. This approach
successfully transformed a polymer-based planar single metal layer into a dual-sided
structure[1].1n this chapter, we focus on the application of these flexible MEAs for reliable

neurophysiological recordings of lung cancer-related activities from the locust antennal lobe. Our
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goal is to establish a biosensing platform by integrating flexible MEAs with the locust olfactory
system. As a proof-of-concept, we successfully recorded in vivo extracellular neural responses to
lung cancer VOC biomarkers from projection neurons (PNs) in the locust antennal lobe using the
dual-sided MEAs. We then analyzed population neural responses using dimensionality reduction
techniques. Additionally, high-dimensional computational methods were employed to classify
unknown lung cancer VOCs, achieving high classification accuracy.

By merging the advanced dual-sided MEAs and computational techniques with the biological
sensitivity of insect olfaction, this bioelectronic sensing method shows great potential for robust
and efficient identification and classification of lung cancer biomarkers.

2. METHODS

2.1 Insect Surgery and MEA Insertion

Odors delivered to
antenna Live locust

brain

Lung cancer
VOCs Flexible dural-

sided MEAs

Odor Stimulus (4 secs) 100 “Vl

Figure 3.1. Schematic of application setup, where VOCs are delivered to the chemosensory
array (antenna) and neural responses are recorded from the antennal lobe region of the locust
brain using a flexible dual-sided MEA. A representative voltage trace is shown displaying a 4
second stimulus and VOC-evoked response.

All in vivo experiments were performed on post-fifth instar locust (Schistocerca americana)
of either sex raised in a crowded colony, following the surgical procedures and setup for insect

brain recordings as described by Farnum et al.[165]. Briefly, the locust's head was isolated in a
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batik wax bowl filled with a room-temperature, physiologically balanced saline solution. Then the
exoskeleton and glandular tissue were removed to expose the locust brain. After treating the
antennal lobes with protease and removing the fine sheath covering the lobes, the MEA was
inserted 100 m deep into the lobes on a Faraday cage-isolated bench for neural recording, with
or without odor stimulation. The neural signals were recorded using an Intan preamplifier (C3334
RHD 32 channel headstage, Intan Technologies) and Intan recording board (C3100 RHD USB
interface board, Intan Technologies) at a sampling rate of 20 kHz. For odor stimulation, a
precision olfactometer (Aurora Scientific, 220A) was employed to deliver a controlled blend of
clean air and odor to the locust's antenna for 4 secs, followed by an immediate switch back to
clean air, with a vacuum funnel behind the antennae for rapid odorant removal. This procedure
was repeated five times at 60-sec intervals for each odor to prevent olfactory fatigue and ensure
consistent neuronal response.
2.2. Odor Stimulation

A precision olfactometer (Aurora Scientific, 220A) facilitated controlled odor delivery.
Initially, 200 sccm of clean air was channeled through both the fresh air and dilution lines, with
the stimulus flow line's end placed 2-3 cm from the locust's antennal tip. Before odor
introduction, 40% of the dilution air was rerouted to blend with the odor stream, ensuring
thorough mixing before reaching the locust. At stimulus onset, a valve switch directed the odor-
air mixture to the antenna, maintaining a constant flow for 4 seconds, followed by a swift return
to clean air. A vacuum funnel behind the antennae expedited odorant removal. Stimuli were
administered five times in a pseudorandom sequence, with a 1-minute interval to prevent

olfactory fatigue and ensure consistent neuronal response.
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Figure 3.2. Application of dual-sided MEAs for in vivo neural recording and odor response
detection. (A) In vivo experiment setup. (a) body of a locust, (b) brain of the locust, (c) antenna,
(d) reference wire, (e) MEA, (f) wax bowl, (g) odor deliver tube. (B) Schematic of the MEA
inserted in the locust brain (a), linked to the Intan headstage and RHD interface board(b) to a
computer(c).(C) An implanted MEA in the locust olfactory brain, indicating the insertion position
(within the olfactory brain, shown in black dash circle).

2.3 Lung Cancer Biomarkers Preparation

To investigate neural responses to lung cancer biomarkers, we used a set of specific odorants,
including nonanal, hexanal, pentanal, and propylbenzene (all from Sigma-Aldrich). Each of these
odors were diluted in 10 mL of mineral oil (Millipore Sigma, St. Louis, MO, USA) at 1% vol/vol
concentration, and pure mineral oil was used as a control.
2.4 Odor Delivery and Odor Stimulation

Odor stimulation was performed following our pre-established methodology[165]. Briefly, a
commercial olfactometer (Aurora Scientific, 220A) was used for controlled odor stimulus delivery.

Initially at the beginning of each trial, 200 standard cubic centimeters per minute (sccm) of zero
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contaminant air was delivered through a 1/16-inch diameter PTFE flow line to the locust antenna
denoted the stimulus flow line. The end of the stimulus flow line was placed approximately 2-3 cm
from the most distal antennal segment. An additional 200 sccm of zero contaminant air was passed
through a separate flow line to the exhaust denoted the dilution flow line. Five seconds before odor
stimulus delivery, 40% (80 sccm) of the dilution flow line was redirected through the odor flow
line directly upstream of the odorant vials. The dilution flow line and the odor flow line joined
downstream of the odorant vials. This allowed the for the 80 sccm odor flow to mix with the 120
sccm of the dilution flow line’s clean air. The air-volatiles mixture primed the line with volatiles
up to the final valve, where the combined odor + dilution flow was delivered to the exhaust. Upon
stimulus onset, the final valve redirected the clean air flow to the exhaust and the odor + dilution
flow to the locust antenna via the stimulus flow line. After 4s constant flow and odor stimulus
delivery, the final valve redirected the clean air flow back to the locust antenna via the stimulus
flow line and the odor + dilution flow back to the exhaust. One second after odor stimulus offset,
the 80 sccm flowing through the odor line was redirected through the dilution flow line, alleviating
potential headspace gas depletion during the odor delivery. This protocol was designed to keep a
constant flow rate through the stimulus flow line, thereby eliminating any potentially confounding
neuronal responses due to changes in air pressure via mechanosensory detection. A 6-inch diameter
funnel pulling a slight vacuum was positioned immediately behind the locust during odor stimulus
delivery to ensure rapid removal of odorants. Each 4 second-duration odor stimulus was repeated 5
times with an interstimulus interval of 60 seconds. The order of the stimuli was pseudorandomized

for each experiment.
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2.5. Insect Surgery and Signal Acquisition

Locust surgery was performed according to previously published methods [177, 279]. Briefly,
locusts