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ABSTRACT 

 Implantable electrodes have gained popular attention in research and clinical settings to treat 

and study a variety of neurological conditions. Detection of electrical and chemical signals drive 

the performance of implanted microelectrodes used for sensing and/or stimulating brain activity. 

However, signal instability and device failure over time in the implanted brain inhibit the 

therapeutic and biomedical promise of such microelectrodes. As the field of neurotechnology 

moves towards next-generation probes and sophisticated methodologies to improve signal detection 

in the brain, detailed explorations of the inherent biological response to implanted electrodes are 

warranted. The foreign body reaction to implanted probes can change over acute and chronic 

durations while experiencing structural, functional and genetic changes at the tissue level. Further, 

mechanical factors (for example, device material, flexibility, dimensions, etc.) can exacerbate or 

mitigate the inflammatory response, signal detection and overall integration of the device-tissue 

interface. This dissertation recognizes the diverse nature of the tissue response to implanted 

microelectrodes and conducts a deeper investigation of two biological sources contributing to signal 

loss – (1) protein adsorption, or biofouling, and (2) cellular encapsulation. The findings expand on 

– (1) assessments of a novel all-diamond boron-doped diamond microelectrode to tackle signal 

instability influenced by protein adsorption, and (2) gene expression changes brought about by 

cellular encapsulation of implanted devices. The results discussed herein take an interdisciplinary 

approach to investigate the biological sources influencing signal detection and employ numerous 

techniques including fast-scan cyclic voltammetry, electrophysiology and spatial transcriptomics. 

Overall, this work adds to the growing body of literature reporting on the basic science 

understanding of the multifaceted biological response to implantable microelectrodes. 
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CHAPTER 1 | TOWARDS NEXT GENERATION SENSORS: INTRODUCTION TO 

IMPLANTABLE ELECTRODES AND SIGNAL DETECTION 

1.1 INTRODUCTION 

 Identification of neural communication, electrical and chemical in nature, as well as 

methods to detect brain signals have guided tremendous progress with implantable probes since 

the 20th century. Modern implantable neurotechnology faces newer challenges involving signal 

instability and device longevity that limit the clinical potential of stimulating and detecting probes 

to study and treat neurological conditions. This chapter discusses the history and recent 

developments in neurotechnology, with a focus on the underpinnings of robust methods to detect 

electrical and chemical signals in the brain.  Later sections discuss various types of devices that 

are widely employed in the field for signal detection and introduce the topic of study in this 

dissertation: the biological response to implanted electrodes as a major, multifaceted challenge 

hindering device performance in acute and chronic brain implantation.  

1.2 OVERVIEW OF IMPLANTABLE NEUROTECHNOLOGY: HISTORY AND 

RECENT DEVELOPMENTS  

 The concept of bioelectricity pre-dates the 1700s, when it became apparent that certain 

species of fish can generate voltage pulses, such as the cat fish from the Nile River in Ancient 

Egypt and the electric ray in the Mediterranean Sea1,2. In the 17th and 18th centuries, the existence 

of electric currents was known, but not fully understood, through experiments by early scientists 

including William Gilbert, who coined the term “electricity” and used lodestone therapy to treat 

pain or mental conditions. Pieter van Musschenbroek invented the Leyden jar,1   a rudimentary 

charge storage device later used by Jean Jallabert to demonstrate electrical stimulation of muscle 

fibers. Benjamin Franklin’s work likewise demonstrated that electricity can be used to stimulate 
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muscle fibers1. By the 1800s, research by Luigi and Lucia Galvani, and Alessandro Volta, led to a 

deepening understanding of bioelectricity: Volta infamously self-stimulated the perception of 

sound through voltage applied to wires inserted in his ears1,3.  Andre Marie Ampere studied the 

magnetic force between two electric currents, and Michael Faraday coined the phrases “ions”, 

“anions” and “cations” while investigating electrolysis4. Faraday discovered electromagnetic 

induction in the following years, laying the groundwork for electromagnetism as well as modern 

day neurostimulation1. By late-1880, Richard Caton used a galvanometer to record electrical 

impulses in the brains of apes and rabbits3, and Walter Nernst demonstrated that electric potentials 

arise from the diffusion of electrolytes in a solution4. These early inventions paved the way for 

more sophisticated developments in neurotechnology in the following decades. 

 The 20th century saw a remarkable emergence of methods for recording signals in the brain 

and furthering the basic understanding of neurophysiology on a cellular scale, despite periods of 

conflict and significant geopolitical developments. In 1924, Hans Berger recorded electrical 

signals from the human brain using an electroencephalogram (EEG)5,6. Alan Hodgkin and Andrew 

Huxley, founders of electrophysiology, published a first short report on the action potential (i.e. 

the electrical properties that govern how a nerve cell communicates or transmits signals to other 

cells or tissues) recorded in the giant axon of a squid in 19397. After a decade, Hodgkin and Huxley 

continued their work by developing a voltage-clamp technique to study ionic movements, 

previously proposed in the “membrane hypothesis” by Julius Bernstein4, as a basis of bioelectric 

potentials7–9. The Hodgkin-Huxley model quantitatively described the action potential in terms of 

voltage-gated permeabilities of the cellular membrane to sodium and potassium: their intuition that 

voltage-gated “particles” controlled the membrane potential laid the foundation for modern-day 

understanding of ion channel function. Their work, for which they shared the 1963 Nobel Prize in 



3 

 

Physiology or Medicine with synaptic physiologist John Eccles, revolutionized the field of 

neuroscience and physiology. Around this time, pioneering work by Ralph N. Adams resulted in 

the development of fast-scan cyclic voltammetry (FSCV), first introduced by Julian Millar in 

198010, to record chemical signals in the brain. Mark Wightman popularized the method in 198811 

as a powerful tool for real-time neurochemical detection. Meanwhile, building on the Hodgkin-

Huxley model, Erwin Neher and Bert Sakmann created the patch-clamp technique enabling direct 

measurement of currents in single ion channels12. A notable tool during this time that facilitated 

most of these techniques and future implant work was the construction of wire electrodes encased 

in a glass micropipette.  

 Initially used in plant cells, and eventually in animal cells, the glass micropipette underwent 

numerous inventions, advances, regressions and evolutions as an electrode by multiple prominent 

scientists throughout the early 1900s. In 1947, Gilbert Ning Ling advanced prior work on the glass 

micropipette and produced the Gerard-Graham-Ling microelectrode (filled with salt solutions, 

often KCl) for precise measurements of electrical potentials in living cells13. Dowben and Rose 

(1953) filled the glass micropipette (tip diameter 10 µm) with wetting metals (such as gallium and 

indium) and electrodeposited platinum on the microelectrode tip to detect extracellular recordings 

in the thalamus of a cat14. Improving the mechanical durability of the glass micropipette, David 

Hubel (1956) made the first microwire-based microelectrode using tungsten as an easily prepared, 

sturdy implantable device to record single-unit action potentials from regions in the cat spinal cord, 

brain stem and cerebral cortex for up to 1 hour15. Shortly after, Strumwasser developed the first 

microwire bundle (or microelectrode array) composed of four to six stainless-steel insulated wires 

that was chronically implanted to record signals for up to one week in the reticular formation of 

hibernating squirrels16. These major advancements sparked a renaissance in neurotechnology, 
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uncovering novel insights into the nervous system and igniting interest in the potential of 

implantable electrodes and devices.  

 In subsequent years, implantable probes with improved geometries, fabrication and 

materials were of particular interest to increase the duration, quality and processing of signal 

recording in animal models. Microwire arrays containing nichrome wires could record signals for 

7 days in the rat hippocampus and midbrain tegmentum, and tungsten microelectrodes could record 

Figure 1.1. Early devices developed for cortical signal recordings. A. First multielectrode 
microprobe fabricated using micromachining (integrated-circuit) techniques reported by Wise 
et al. © 1970 IEEE18. B. Platinum-Iridium (Pt-Ir) glass microelectrodes with a flexible 
interconnection for cortical neuron recordings by Salcman et al. © 1973 IEEE19. C. Initial 
development of the modern-day silicon Michigan-style probe by Drake et al. © 1988 IEEE22. 
D. Initial scanning electron micrographs of the modern-day Utah array as a “three-dimensional” 
silicon-based electrode array by Campbell et al. © 1991 IEEE26.  
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spike potentials for up to one month in the cat hypothalamus17. In 1970, Wise et al. reported on 

the first multielectrode microprobe on a silicon substrate using integrated-circuit fabrication, or 

micromachining techniques (Figure 1.1A)18. Soon after, platinum-iridium (Pt-Ir) microelectrodes 

with a flexible interconnection from the device to the connector were developed as a first attempt 

to withstand cortical movements and maintain signal viability in the cat cortex (Figure 1.1B)19. 

These microelectrodes were later technically refined (based on mathematical modeling of the 

electrode tip motion relative to brain-skull displacement) for reproducibility and mass manufacture 

by utilizing pure gold wire, gold plating and parylene-C coatings in the fabrication process20. 

Schmidt et al. implanted 12 of these refined chronic microelectrodes in the motor cortices of 

monkeys to record single unit data for up to ~7 months21.  In 1988, Drake et al. published a first 

report on a planar multisite microprobe, now known as the Michigan probe, developed using thin-

film technology and micromachining on a silicon substrate to allow for simultaneous recordings 

from multiple sites and depths when implanted in the rat motor cortex (Figure 1.1C)22. These were 

implanted in rats to reliably record brain signals for over a year by the early 2000s23,24. Shortly 

after the first account of the Michigan probe, the Normann group at the University of Utah reported 

on 100-silicon needle type-electrodes arranged in a 10 x 10 array (Figure 1.1D) with a glass/silicon 

base offering superior mechanical strength and electrical properties25,26. This is now known as the 

Utah array, a popular choice in the clinical setting for signal recording in the human brain, 

especially in the BrainGate trials27–29.  

 The 20th century breakthroughs in device fabrication and manufacturing techniques have 

shaped neuroscientific research and laid the basis for many present-day neurotechnology-driven 

ventures and enterprises. A type of Utah array, NeuroPort Array30 manufactured by Blackrock 

Neurotech, has been tested to record signals in the human brain since 2004, and has received 
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commercial FDA approval. Synchron utilizes a stentrode device31, an electrode array to sense 

motor signals within blood vessels, that is also FDA approved for human clinical trials as a brain-

computer interface (BCI) to detect neural signals and allow control of assistive technology. 

NeuroNexus was launched in 2004 by leaders involved in developing the Michigan silicon probe, 

and provides cutting-edge neuroscientific tools designed for research purposes32. More recent 

start-ups that have attracted attention towards neuroscience tools and implant development include 

Paradromics33, Neuralink34, and Precision Neuroscience35 for BCIs to restore human capabilities 

for those living with neurological conditions, and Flow Neuroscience36 for mental health illness 

treatment using transcranial Direct Current Stimulation (tDCS).  

 Today, implanted electrodes are widely being used to study brain function in clinical and 

research settings. The application of neural implants in the central nervous system has created new 

treatment strategies for numerous medical conditions including Parkinson’s disease (PD), 

paralysis, Alzheimer’s disease, Tourette’s syndrome, obsessive compulsive disorder, depression, 

deafness, tinnitus, chronic pain or stroke37–49. Symptomatic treatment of such disorders can employ 

closed-loop systems, which condition electrical stimulation on detected signals50. The adaptive 

power of closed-loop systems has driven new advances for rehabilitation of movement disorders 

such as PD, essential tremor and dystonia: for example, deep brain stimulation can be controlled 

by activity recorded in the motor cortex51,52. Likewise, recorded neural activity from brain implants 

can be decoded and used to control assistive technologies for restorative and rehabilitative 

therapies for paralyzed patients53,54.  

1.3 METHODS OF RECORDING SIGNALS FROM THE BRAIN  

 Several techniques have been developed to record signals from the brain in vivo and in 

vitro, most of which can be grouped into the following broad categories – (1) Electrical activity 
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recording, for example, electrophysiology, electroencephalography (EEG), electrocorticography 

(ECoG), and magnetoencephalography, (MEG); (2) Electrochemical detection methods, such as 

amperometry and FSCV; (3) Nuclear medicine tomographic imaging, such as positron emission 

tomography (PET) and single-photon emission computed tomography (SPECT); (4) Optical 

sensing techniques and optical fiber based sensors (fiber photometry), surface-enhanced Raman 

spectroscopy, fluorescence, chemiluminescence, and colorimetry; and (5) Microdialysis with 

coupling methods such as high-pressure liquid chromatography (HPLC). Considering applicability 

to the research discussed in future chapters, this work will expand on two main approaches of 

detecting brain signals - (I) electrical signaling (electrophysiology), and (II) chemical signaling 

(electrochemical detection methods of amperometry, cyclic voltammetry, and FSCV). Detailed 

information on other categories can be found in the reviews by Niyonambaza et al (2019)55 and 

Wu et al. (2018)56. 

1.3.1 ELECTRICAL SIGNALING (ELECTROPHYSIOLOGY) 

 Electrophysiology refers to the study of how electrical signals are generated and 

propagated to influence the activity of neurons, muscles, and other tissues. These electrical signals 

are essential for everyday brain and bodily functions, governing our abilities as humans. At the 

simplest level, neurons are considered excitable cells, having the ability to generate and propagate 

electrical signals. This excitability is facilitated mainly due to ions, channels, a polarizable 

membrane and action potentials. This section will briefly cover how each of these components 

contributes to electrical signaling. 

Ions & ion channels: Sodium (Na+), potassium (K+), calcium (Ca2+) and chloride (Cl-) ions play 

crucial roles in moving across the cellular membrane through ion channels to elicit electrical 

signaling in the nervous system. Ion channels can further be considered excitable molecules 
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themselves that are responsive to a stimulus (for example, chemical or neurotransmitter presence, 

membrane potential change, mechanical or temperature change, etc.)4. This response is known as 

“gating”, an important feature that allows the opening and closing of a pore based on the stimulus 

to enable selective permeability to the flow of certain ions. In electrophysiology, these gated ion 

fluxes can be studied as electric currents across the cellular membrane. The ion fluxes have an 

instantaneous effect on the overall potential of the membrane, thereby exciting other ion channels 

in the membrane and inducing a propagating effect. The classic work conducted by Hodgkin and 

Huxley in 1952 studied such ionic currents in the squid giant axon which led to the recognition of 

the Na and K channels9. Ever since, advances in electrophysiology and molecular genetics have 

enabled the identification of numerous different types of ion channels, genes encoding for these 

channels, and families or classes of channels with similarities4. Some commonly recognized types 

of ion channels present in neurons to aid electrical signaling include voltage-gated (Na, K, Ca, Cl), 

ligand-gated, mechano-sensitive, and cyclic nucleotide-gated channels. 

Polarizable membrane: The membrane of an excitable cell is composed of a phospholipid bilayer 

that is conductive due to the ion channels embedded within the bilayer. Since these channels span 

the lipid bilayer, ion fluxes create electric currents which in turn influence the membrane potential 

overall. From a simplified biophysical perspective, charge carried in excitable cells via ions is 

similar to that in an electronic circuit57, and follows the fundamental Ohm’s Law that provides a 

relation between current (I), voltage (V) and resistance (R). Ohm’s law defines that current passing 

through a conductor between two points is directly proportional to the V across the two points and 

inversely proportional to the R, and can be expressed as: 

𝑉𝑉 = 𝐼𝐼 × 𝑅𝑅 
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Here, resistance is a reciprocal of conductance which is the measure of an ion channel’s ability to 

move ions across itself. Ohm’s law is central to membrane biophysics, or understanding how ion 

channels influence electrical properties of the cell membrane, since each channel acts as a small 

conductor enabling ions to move across the otherwise insulating lipid membrane. The electrical 

conductance of a membrane as a whole is dictated by the sum of all these elementary, small 

conductances. Additionally, the membrane of an excitable cell acts as a capacitor. The thin 

insulating bilayer separates external and internal conducting solutions i.e. divides intracellular 

components from the extracellular space. This makes the excitable cell membrane an efficient 

electrical capacitor, and determines how many ions must move across the membrane to make 

electrical signals.  

Action potential: Prior to the discussion of an action potential, it is important to understand the 

excitable cell at rest, or equilibrium58. In general, all systems maintain and move towards 

equilibrium. The equilibrium potential of an excitable cell for a particular ion can be explained by 

the Nernst equation, proposed by Hermann Walther Nernst in the 1800s, to understand how each 

ion contributes to the overall membrane potential4. The Nernst equation was founded on the 

discovery that ions carrying charge can move across conducting solutions and generate potential 

or voltage differences. In electrophysiology, the Nernst equation can be applied as: 

𝐸𝐸𝑖𝑖𝑖𝑖𝑖𝑖 =
𝑅𝑅𝑅𝑅
𝑧𝑧𝑧𝑧

ln 
[𝑖𝑖𝑖𝑖𝑖𝑖]𝑜𝑜
[𝑖𝑖𝑖𝑖𝑖𝑖]𝑖𝑖

 

Here, Eion is the equilibrium potential of the ion, R is the universal gas constant, T is the temperature 

in Kelvin, z is the valence of the ion, [ion] is the concentration of the ion, o stands for outside of 

the cell, and i stands for the inside of the cell. For a deeper discussion on the relation of the Nernst 

equation to equilibrium potentials in this context, refer to Chapter 1 of Hille 20014. Yet, as 

discussed previously, the membrane potential is determined by more than one ion’s movement 



10 

 

across the membrane. The Goldman-Hodgkin-Katz (GHK) Equation is an extension of the Nernst 

equation that accounts for the presence and movement of multiple ions across the membrane. The 

GHK equation adds to the Nernst equation by considering the permeabilities and concentrations 

of other ions involved59,60. For example, for each K, Na, and Cl ion concentrations, the GHK 

equation adds a term as such: 

𝑉𝑉𝑚𝑚 =
𝑅𝑅𝑅𝑅
𝑧𝑧𝐹𝐹

ln 
𝑝𝑝𝑘𝑘[𝐾𝐾+]𝑜𝑜 + 𝑝𝑝𝑁𝑁𝑁𝑁[𝑁𝑁𝑁𝑁+]𝑜𝑜 + 𝑝𝑝𝐶𝐶𝐶𝐶[𝐶𝐶𝐶𝐶−]𝑜𝑜
𝑝𝑝𝑘𝑘[𝐾𝐾+]𝑖𝑖 + 𝑝𝑝𝑁𝑁𝑁𝑁[𝑁𝑁𝑁𝑁+]𝑖𝑖 + 𝑝𝑝𝑘𝑘[𝐶𝐶𝐶𝐶−]𝑖𝑖

 

Here, the equation contains similar variables to the Nernst equation, except Vm is the membrane 

potential and pion[ion] is the relative membrane permeability for the ion. Such mathematical 

equations and models quantitatively describe the fundamental ionic interactions and cellular 

processes that give rise to intracellular electrical signals (for more comprehensive quantitative 

explanations on intracellular events and understanding the Nernst equation, refer to Ion Channels 

of Excitable Membranes4 and referenced articles58,60–64).  

 The resting membrane potential of a neuron is typically maintained between -85 mV and -

60 mV relative to the outside of the cell. The more negative potential is mainly because more K+ 

selective channels are open (compared to Na+, Cl- or Ca+ selective ions) at rest. When a stimulus 

triggering an action potential presents, the membrane potential becomes less negative as more ion 

channels open. The depolarization of a membrane must reach a threshold of ~55 mV for the action 

potential to occur; else, the neuron will not carry out an action potential (commonly known as all-

or-none firing). Once the -55-mV threshold is reached, voltage-gated Na+ channels open and allow 

an influx of Na+ ions to rapidly depolarize the membrane to ~ +40 mV; this is known as the 

depolarization phase of an action potential (Figure 1.2A). As the system tries to restore 

equilibrium, voltage-gated Na+ channels close and voltage-gated K+ channels open for K+ ions to 

leave the cell and repolarize the membrane; this is known as the repolarization phase (Figure 
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1.2A). Few Ca+ channels are involved during depolarization, but most are activated during 

repolarization where Ca+ entry can also drive calcium-activated K channels (e.g. BK channels and 

SK channels)65.  The continued efflux of K+ ions temporarily hyperpolarizes the membrane to a 

more negative potential than the resting state, referred to as the hyperpolarization phase which is 

closely followed by an afterhyperpolarization (AHP) phase. During AHP, ion channels (such as 

the sodium-potassium pump) work to re-establish equilibrium and recover the resting membrane 

potential. The AHP can have fast, medium or slow components, and include a refractory period 

which prevents the firing of a subsequent action potential. However, in some neurons, an 

afterdepolarization can occur right after a fast AHP, where the membrane experiences a small 

depolarization which in turn can elicit subsequent action potentials, or all-or-none burst, if the 

threshold is reached65 (Figure 1.2B).  

Figure 1.2. Intracellular action potential (AP) characteristics as recorded by whole cell 
electrophysiology. A. Singular action potential of a naïve deep layer pyramidal neuron in the rat 
motor cortex. Labels indicate widely recognized features that are used for calculating AP 
characteristics. B. Representative trace of burst firing of action potentials that can used to assess 
qualitative effects. Reproduced from Gregory et al. Copyright 2023. 
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 Action potential firing is the process of transmitting electrical signals in the central nervous 

system.  This electrical transmission is often studied as spiking activity in electrophysiology, and 

can be divided into two types – (1) intercellular electrical signaling (within a single neuron), and 

(2) extracellular electrical signaling (in the extracellular space, outside of neurons).  

1.3.1.1 INTRACELLULAR ELECTRICAL SIGNALING 

 Intracellular electrical recordings allow for highly precise measurements from a single cell 

using a microelectrode. Common types of intracellular electrical recording techniques include 

patch-clamp (having a whole-cell configuration enabling voltage-clamp & current-clamp modes), 

dynamic clamp, and sharp electrode recording. These techniques usually employ a glass 

micropipette containing a concentrated salt solution and a silver wire that is connected to an 

amplifier4.  Experimentally, in the whole cell configuration of the patch-clamp technique, a ~1 µm 

mouth diameter pipette (resistance between 2 and 6 MΩ) is placed just outside the cell membrane 

with the amplifier zeroed. Positive pressure is applied to the pipette while advancing to come in 

contact with the cell membrane, and then released, to attach the pipette mouth to a “patch” of the 

cell membrane. This forms an initial low resistance (MΩ) seal that can be tightened to a higher 

resistance (GΩ) by negative pressure or light sucking. By steadily pulling the pipette out to the 

cell surface, and applying more negative pressure, the cell membrane can be ruptured to make the 

pipette solution continuous with the cell cytoplasm. In the current-clamp mode, a specific current 

amplitude can be injected through the experimental set up to record cellular excitability. Similarly, 

in the voltage-clamp mode, the membrane potential can be held at a user specified potential for 

the purpose of the study. By holding the membrane potential at a specific voltage, it is possible 

isolate and measure ionic currents such as excitatory post-synaptic currents (EPSCs) and inhibitory 



13 

 

post-synaptic currents (IPSCs). These post-synaptic currents are facilitated by applying a stimulus 

to a presynaptic neuron or by neurotransmitter binding at the recorded postsynaptic neuron.    

 Action potentials recorded via intracellular electrical signaling may consist of different 

shapes, rates, and firing patterns based on the distribution of ion channels and type of neuron65. 

The individual parts of an action potential and the anatomy of a spike can further be studied to 

provide insight into neuronal function and behavior. Gregory et al. (2023) assessed individual deep 

layer pyramidal neurons surrounding microelectrode arrays implanted in rat motor cortices using 

whole-cell electrophysiology which enabled an investigation of action potential (AP) 

characteristics (sag amplitude, AP maximum amplitude, AP threshold, etc.)66 (Figure 1.2). Using 

current-clamp configuration, it was found that neurons surrounding devices showed reduced sag 

amplitude i.e. a lessened depolarizing response to a hyperpolarizing current stimulus, and 

increased spike frequency adaptation, i.e. widening of the interval between spikes during a 

sustained depolarizing current injection. Further, voltage-clamp recordings revealed a reduction in 

the firing frequency of spontaneous EPSCs in neurons surrounding devices that had been 

implanted for 6 weeks.  In this way, intracellular electrical signaling enables measurements of 

action potentials, membrane potentials and synaptic potentials in single neurons to discover novel 

information about electrical signals and neurological states. 

 Pharmacological manipulations during intracellular signal recording is another powerful 

tool to uncover electrical function or dysfunction of excitable cells. It is known that certain marine 

toxins can disrupt the function of voltage-gated Na channels by inhibiting current flow or changing 

the activation and inactivation of gating processes. Consequently, these ligands can be employed 

by electrophysiologists in research and clinical settings targeted towards understanding 

neurophysiology and/or drug development67.  
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1.3.1.2 EXTRACELLULAR ELECTRICAL SIGNALING 

 Extracellular electrical recordings are taken from the extracellular space, usually outside 

of a neuron, and contain information from multiple neurons. As various cellular processes occur 

(e.g. ion fluxes, action potentials, etc.) and neuronal activities generate transmembrane currents, 

the extracellular space experiences a net potential change (Ve), relative to a reference potential, 

due to a combination of all the current changes in the electrical field68. All ionic processes in the 

brain, including slow changes in glia and explosive action potentials, generate currents that 

superimpose at any point in space to generate Ve at that location. When recorded by 

microelectrodes implanted in the brain, the low-frequency component of Ve is referred to as the 

local field potential (LFP); however, recent advances have verified that this term is a misnomer as 

the LFP can propagate beyond the immediate local region68,69. LFPs recorded using a 

microelectrode array, such as the silicon Michigan probe, are visualized as slow oscillations 

obtained by low pass filtering (below ~300 Hz) of the raw neural signals. The LFP signal can be 

especially informative of population-scale synaptic activity, making this method a powerful form 

of studying electrogenesis. 

 Theoretically, the LFP waveform (amplitude, frequency and magnitude) largely relies on 

a number of factors within the broad categories of: (1) various extracellular current sources; (2) 

the architectural organization of the cellular-synaptic network, and; (3) the synchrony of current 

sources. Multiple current sources contribute to the LFP including synaptic activity, fast action 

potentials, calcium spikes, intrinsic currents and resonances, spike AHPs and “down states” (i.e. 

hyperpolarized states), gap junctions and neuron-glia interactions, and ephaptic effects68. The 

placement of the microelectrode relative to the current source (shorter distance yields a higher 

amplitude) also dictates the LFP waveform. Greater distances from the current source result in 
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spatially averaged, less informative LFP signals that include interferent or background currents. 

The magnitude, direction, spatial density as well as temporal coordination (synchrony) of 

individual current sources add to the electric field. Further, neuronal geometry and architecture are 

foundational to the network that contributes to extracellular electrical signals. Here, the 

morphology of neurons, i.e. shape and size, as well the organization, i.e. spatial alignment, 

influences the magnitude of the extracellular current. For example, pyramidal cells with long, 

apical dendrites generate strong dipoles that strongly contribute to the ionic flow of the 

extracellular space, whereas thalamocortical cells that are spherically symmetrical, with equally 

sized dendrites, generate small dipoles. Temporally synchronous changes in the membrane 

potential of groups of neurons also add to the magnitude of the extracellular LFP: this rhythmic 

firing of neurons gives rise to network oscillations that are associated with different LFP 

magnitudes and brain states (e.g. asleep, awake, aware, etc.).  

 Raw extracellular electrical signals recorded using a microelectrode array, such as the 

Michigan probe, can further be high-pass filtered (~above 300 Hz) to extract spikes70. Additional 

processing of the extracted spikes can differentiate between multi-unit activity (MUA) and single-

unit activity (SUA)70,71.  MUA represents all the detected spikes (or combined action potentials) 

generated by threshold crossing, but without spike sorting, from a collection of neurons in the 

vicinity of the implanted electrode. SUA can reflect the timing of action potentials fired by 

individual neurons and is obtained by threshold crossing with subsequent data processing 

techniques (spike sorting). MUA is less precise and reflects an aggregated view of a neuronal 

spiking activity over a period of seconds, while SUA shows the behavior of a single neuron over 

a period of milliseconds but requires complex analysis. A typical extracellular action potential of 

an individual unit (from the soma region) displays a waveform that is reversed in polarity in 
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comparison to the waveform of a typical intracellular action potential71 (Figure 1.3). Additionally, 

extracellular electrical signal recording techniques have a compelling advantage of sampling in 

awake, behaving subjects over long periods of time. 

1.3.2 CHEMICAL SIGNALING (ELECTROCHEMICAL DETECTION) 

  Chemical signaling takes place via chemical messengers in the central nervous system 

(CNS), allowing nerve cells to communicate with other destination cells such as gland or muscle 

cells. Camillo Golgi, who created the Golgi stain in 1873, and Santiago Ramon y Cajal, who 

presented the neuron doctrine in 1888, were the first to introduce the complexity of neuronal maps 

and circuits that laid the basis for our modern understanding of chemical signaling72. These ideas 

were advanced by the prominent neurophysiologist Sherrington who established the term 

Figure 1.3. Waveforms of A. intracellular vs B. extracellular single unit spike signals. Both 
waveforms reflect the typical phases of an action potential labeled as: (1) at rest, (2) 
depolarization, (3) repolarization and (4) after-hyperpolarization.  Reused from open-access by 
Jung et al.71 Copyright 2023. 



17 

 

“synapse” – the junction between two neurons where chemical or electrical signals are 

transmitted72. Ever since, deeper investigations into the nature of chemical signaling have provided 

insight into the presence of biogenic amines acting as neurotransmitters (chemical messengers), 

such as dopamine (DA) and serotonin (5-HT), and their widespread projections in the CNS. 

Further, it was found that chemical signaling was not only limited to neurotransmitter 

communication in the synapse, but also extended to the extracellular space, now termed volume 

transmission. Today, two widely recognized modes of chemical transmission are synaptic and 

volume transmission. Electrochemical detection methods are powerful techniques that employ the 

use of microelectrodes to study these modes of chemical transmission in the brain.  

1.3.2.1 AMPEROMETRY 

 Similar to other electrochemical detection methods, amperometry employs the use of an 

electrode to detect the oxidation and reduction of specific neurotransmitters. This method is better 

known as constant-potential amperometry as the electrode is held at the same potential to facilitate 

redox reactions, and generate currents based on mass transport73. The response currents are 

obtained as a function of time, and current integration typically gives the concentration of the 

electrolyzed analyte74. Amperometry is especially useful to analyze the kinetics of 

neurotransmitter release due to high temporal resolution dependent on the rate of data collection73. 

Initial chemical evidence for catecholamine exocytosis in chromaffin cells was found using 

amperometry and voltammetry by Mark Wightman and colleagues (1990)75. The high sensitivity 

of the technique allows exocytosis events to be captured as oxidative current spikes that provide 

quantitative and qualitative information about the nature of neurotransmitter release73.  

 The constant-applied potential restricts amperometry to be used only with samples of 

specified and known components73. At a given voltage, all the electroactive species in an analyte 
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will be oxidized or reduced, thereby offering insufficient chemical information about the 

compounds in a sample73. For this reason, experiments using amperometry often use other 

detection techniques, such as voltammetry or separation methods, to predetermine and confirm 

analytes of interest. Zhao et al. (2010) used continuous amperometry with the boron-doped 

diamond (BDD) electrode to measure 5-HT release in guinea pig mucosa tissue to better 

understand common gastrointestinal disorders76. To confirm that the measured analyte was in fact 

5-HT, differential pulse voltammetry (DPV) for in vitro measurements of 5-HT and citalopram, a 

selective serotonin reuptake inhibitor, was employed at the BDD electrode76. Numerous other 

works have adapted amperometry with the carbon fiber microelectrode (CFME) to study 

exocytotic events involving catecholamines77, 5-HT78 and peptides79 in a variety of cells80. These 

studies demonstrate another powerful feature of amperometry and ECD techniques – measurement 

of different analytes with suitable working electrodes based on experimental requirements.  

1.3.2.2 VOLTAMMETRY AND CYCLIC VOLTAMMETRY (CV) 

  Voltammetric methods apply time-dependent voltage to a working electrode and measure 

the resulting current, generated by an electroactive analyte, as a function of the applied 

potential81,82. The measurements are represented as voltammograms which are current (I) vs 

voltage (V) plots, and can be distinct for different analytes82. The type of voltammetric method is 

driven by its voltage profile since the applied potential can be manipulated to take various shapes83. 

For example, square wave voltammetry and DPV are based on stepping or pulsing to different 

potentials, and linear sweep voltammetry involves a single straight sweep of potential from initial 

to final value84. Whereas, cyclic voltammetry (CV) is driven by ramping the voltage up and down 

in a linear fashion82. Along with superb temporal resolution, some voltammetric techniques can 

also provide good selectivity and are preferred over amperometry for bioanalysis82.  
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 In CV, an electrode is submerged in an unstirred solution (electrolyte) and supplied with 

voltage in a cyclic manner using a potentiostat. The working electrode potential is controlled 

against a reference electrode, often in the form of a silver/silver chloride (Ag/AgCl) wire85. The 

voltage is ramped to a switching potential and back in a linear fashion, creating a triangular 

waveform, to analyze redox currents at those potentials83. More specifically, the voltage is swept 

from an initial potential (E1) to a switching potential (E2) completing the “forward scan”, and then 

reversed to sweep back from E2 to E1 as a “backward or reverse scan” – this concludes one cycle 

in the experiment85,86. Fundamentally, it is important to note that the triangular waveform applied 

in CV can be visualized as a potential vs time (s) plot, whereas the current measured at the working 

electrode during this time is represented as a voltammogram (I vs V). In a voltammogram, when 

the potential is scanned positively (low E1 value to high E2 value), oxidation of the analyte occurs, 

and the resulting current is anodic84. Conversely, when the potential is scanned negatively (high 

E1 value to low E2 value), the analyte is reduced, and the observed current is cathodic84. The speed 

or rate at which the potential varies linearly over time defines the scan rate (V/s) of the 

experiment86. The typical rate for CV is ~ 100 mV/s, and too slow to capture neurotransmitter 

release in biological matrices83. However, CV is still a powerful and versatile technique to study 

the redox reactions of molecular species86. Although conventional CV cannot be employed for in 

vivo neurotransmitter measurements at the relevant timescale, in vitro experiments have proved 

useful in studying the oxidation-reduction processes of compounds. CV experiments can provide 

key insights into the behavior of molecules at a given electrode including the redox properties, 

reaction mechanisms, adsorption and surface interactions, diffusion coefficients, and mass 

transport processes. Major neurotransmitters, including DA, 5-HT, NE, and their metabolites, are 
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electrochemically active and have been studied extensively in vitro with CV at various 

electrodes73,83. 

1.3.2.3 FAST-SCAN CYCLIC VOLTAMMETRY (FSCV)  

 Motivated by studying the electrochemistry of biogenic amines in 1973, Ralph N. Adams 

and his group carried out the novel experiment of implanting a carbon-paste electrode in the 

caudate nucleus of an anesthetized rat and detecting a responding signal using voltammetry73,87. 

This work pioneered in vivo electrochemical detection of neurotransmitters in the brain using 

voltammetric techniques73. Following advancements in the field led to the development of FSCV 

as a powerful tool to study instantaneous neurochemical changes and responses in the brain. FSCV 

has become a popular electrochemical method to detect real-time neurotransmitter release and 

changes in the CNS, especially in the research setting, offering superior temporal resolution and 

large area sampling73. FSCV is fundamentally similar to CV (described above); however, one 

major difference sets the techniques apart – the scan rate in FSCV is usually 400 V/s, much faster 

(1000x) than conventional CV83. Due to the high scan rate, FSCV is able to monitor subsecond 

changes in the biological environment and capture neurotransmitter release in living samples73. 

This section will look at exemplary neurotransmitters, DA and 5-HT, at the carbon fiber 

microelectrode (CFME) explain the FSCV voltammogram and basics further.  

FSCV is a background subtracted technique – Due to the high scan rate of FSCV, a single scan or 

cycle can be completed in just a few milliseconds; however, a major complication of this is a large 

capacitive, background charging current83. When voltage is applied to the electrode, a background 

current is generated by the rearrangement of ions around the electrode, or charging of the electric 

double layer73. This charging current magnitude is proportional to scan rate73,83. Simultaneously, 

a faradaic current is produced by the oxidation or reduction of an electroactive analyte at the 
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electrode83,88. Slow scan rates produce a small background charging current that does not interfere 

with the faradaic current; however, FSCV background currents are much larger (10 – 100 times 

bigger than the faradaic current at a CFME) due to the high scan rate83. The background signal can 

overlap with the faradaic current, complicating identification of one from the other83 (Figure 1.4 

A & B). However, FSCV background currents are relatively stable and similar in each scan, and 

the background current can be subtracted out from each scan to obtain the differential signal 

representing the faradaic current (Figure 1.4C)83. Due to this, measurements with FSCV are 

differential in nature and capture rapid changes (not basal amounts) of neurotransmitters83,89. 

Electrodes for FSCV measurements – The background charging current is also proportional to the 

surface area of the electrode83. Thus, FSCV can only be used with small surface area electrodes, 

usually microelectrodes83. With large, macroscale electrodes (e.g., glassy-carbon electrode) the 

background current requires very long durations to stabilize, whereas the CFME is temporally and 

spatially ideal83. CFMEs are the standard electrodes for neurochemical sensing with FSCV90.  

FSCV voltammogram: peak separation, symmetry, height – Compared to traditional CV, the 

background subtracted FSCV voltammogram looks particularly different. These differences lie in: 

(1) peak separation; (2) peak symmetry, and; (3) peak heights. Firstly, in the FSCV 

voltammogram, the oxidation and reduction peaks are spread apart by approximately 750 mV83 

Figure 1.4. FSCV is a background subtracted technique. FSCV background currents with and 
without 1 µM 5-HT plotted with respect to A. time, and B. voltage. C. FSCV background-
subtracted faradaic current of 1 µM 5-HT at the CFME. 
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(Figure 1.5D). Peak oxidation of DA occurs at ~ 0.6 V, and peak reduction is at ~ -0.2 V. This 

peak separation is much wider in FSCV (compared to slower scan rate techniques) mainly because 

of the high scan rate, sluggish electron transfer of DA at the electrode surface, and high current 

density83,91. Secondly, the FSCV DA peaks are quite symmetrical as the current returns to zero 

before the backward scan begins83. FSCV kinetics are essentially adsorption-controlled at CFMEs, 

restricting DA to the surface area of the electrode in a manner that all the analyte is oxidized before 

being replenished by mass transport, and the current returns to zero as the potential is reversed, 

resulting in symmetrical peak shapes83. Thirdly, the symmetrical peaks are not the same height – 

the oxidation peak is much larger than the reduction peak83. At the CFME surface, DA is first 

oxidized to dopamine-o-quinone (DOQ) during the forward scan, and then, DOQ is reduced back 

Figure 1.5. Generation of the cyclic voltammogram (CV) represented by FSCV. A. Triangular 
waveform applied at the electrode. B. Redox reaction of analyte: DA oxidizes to DOQ, and 
reduces back to DA. C. Unfolded CV along time axis to illustrate DA oxidation and reduction 
within 8.5 ms. D. Folded, typical current (I) vs voltage (V) CV generated by FSCV. 
Characteristics of the CV can be studied (e.g. peak separation, peak heights etc.) to investigate 
analyte responses. DA redox reaction illustration made with ChemSketch167. 
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to DA with the backward scan83 . While the same DA molecules can be oxidized and reduced over 

and over again, the peak heights differ as the amount of DOQ being reduced is not the same as the 

amount of DA being oxidized81,83. This is due to differences of DA and DOQ adsorption on the 

electrode surface: some DOQ possibly desorbs and falls off the surface before being reduced back 

to DA, thereby resulting in a smaller reduction peak83,92.  

FSCV waveform – A major factor influencing the FSCV waveform is adsorption of the analyte on 

the electrode surface83. The well-established DA triangular waveform (Figure 1.5A) generally 

begins at -0.4 V goes to 1.3 V and back to -0.4 V, with a scan rate of 400 V/s repeated at 10 Hz 

frequency (applied potential is versus Ag/AgCl reference electrode)83,89. Wightman’s group 

pioneered FSCV waveform development, and demonstrated some of above-mentioned parameters 

as ideal for DA detection at CFMEs92,93.  The LOD for DA at the CFME is as low as 15 nM with 

the typical DA waveform using FSCV83. 

 The triangular waveform holds the electrode at a negative potential of -0.4 V initially to 

selectively target and adsorb DA on the electrode surface89. With increasing holding potential, the 

measured FSCV current for DA decreases83. Since DA is inherently positively charged, the 

electrode must be at a negative potential initially to facilitate surface adsorption. At very negative 

potentials (~0.6 V), oxygen can be reduced and may interfere with analyte measurement94,95; thus, 

-0.4 V is the optimized holding potential for DA adsorption83.  The voltage is ramped up to a 

switching potential of +1.3 V and back to -0.4 V at 400 V/s to oxidize DA to DOQ and reduce 

back to DA within 8.5 ms (Figure 1.5 B, C and D). Increasing the current over + 1.0 V increases 

the DA current as the carbon fiber surface is activated to add more edge plane sites and break 

carbon bonds83,93,96. At very high potentials (> +1.3 V) the CFME surface can undergo prominent 

etching96, while +1.3 V is sufficient to completely oxidize DA and preserve the electrode surface 
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over time. Repetition of the triangular waveform at 10 Hz is carried out to facilitate a temporal 

resolution of 100 ms in which neurotransmission can be detected89. It was found that the DA 

current decreased with increasing frequency92; hence, 10 Hz was demonstrated as the ideal rate to 

repeat FSCV measurements on the biological time scale. Since oxidation of DA is adsorption 

controlled, higher scan rates also increase DA current83,92. However, very high scan rates can make 

electrodes unstable, and therefore, 400 V/s ensures stable currents and minimizes peak distortion83.    

 The FSCV waveform can be modified to detect distinct compounds depending on the 

electrochemical properties of the analyte73,97 and the working electrode73,98. For example, 

adenosine oxidation requires modified anodic limits of the potential scan to facilitate electron 

transfer73. Waveform optimization can improve detection of analytes and diminish electrode 

fouling89,99. Despite modifications, interferent analytes (e.g. ascorbic acid) in the same potential 

window can still complicate selectivity of detecting neurotransmitters with FSCV83,100. Data 

analysis techniques (e.g., principal component regression (PCR) and machine learning) and 

modified electrodes have been employed to tackle issues with analyte identification73,89.  

FSCV color plot and current vs time plot – Figure 1.6 illustrates an FSCV color plot and the 

corresponding current (I) over time (T) representation of a 1µM DA flow injection followed by 

Tris aCSF buffer rinsing in an in vitro flow cell set up. One second can contain 10 CVs, and a 

single run of few seconds will collect hundreds of CVs continuously89. Since it would be 

impractically time consuming to individually analyze every CV, developed FSCV software101 

stack all the collected CV data from one experimental run in the form of a color plot83,89 (Figure 

1.5B). On a 2-dimensional scale, the color plot is represented as a voltage (V) vs time (s) plot89. 
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The pseudo colors showcase different currents occurring during the length of the run – blue for 

reduction, green for oxidation and brown as background or baseline current. A horizontal section 

extracted from the color plot at a given potential presents the I vs T trace of the run, while the 

vertical section extracts the CV83. 

1.4 COMMON TYPES OF IMPLANTABLE ELECTRODES IN THE BRAIN 

 The emergence of the first implantable electrodes for signal detection in the 1950s ushered 

in a new era for implantable neurotechnology. Traditionally, silicon and metal-based, and lately, 

Figure 1.6. FSCV color plot and I vs T trace. A. Current (I) vs time (T) trace of 30 sec produced 
by a horizontal section (dotted line) of the color plot. B. FSCV software generated color plot 
(voltage vs T) of stacked CVs. Green block represents oxidation, blue shows reduction. C. 
Resulting background-subtracted CV of DA redox reaction extracted by vertical section (dotted 
line ~) of the color plot at the given point. A triangular waveform of -0.4 V to +1.3 V to -0.4 
V at 400 V/s at 10 Hz was applied. Dopamine (DA, 1 µM) was injected at ~ 8 s, Tris aCSF 
was used as a buffer solution at a flow rate of 750 µL/min. Scale bar on bottom left of color 
plot is 5 s. 
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polymer-based, electrodes are common choices for electrical signal recording. Whereas, carbon-

based electrodes have been popular selections for chemical sensing. Assessments of implantable 

devices of different designs, architectures, dimensions and materials have been carried out in the 

field (Figure 1.7). This section will briefly discuss conventional and next-generation implantable 

electrodes in the context of primary neural signal detection (i.e. electrical or chemical).  

Figure 1.7. Different types of implantable devices and histological metrics commonly used in 
the field. Top and bottom panels are organized to contain device image with the corresponding 
histological image placed directly below.  A-C. traditional, high density silicon and metal-based 
arrays. D-E. mesh arrays. F-I. polymer-based electrodes. J-L. carbon-based electrodes. Various 
neuronal (NF: neurofilament, NeuN: neuronal nuclei, NeuroTrace: neurons, B-Tubulin-III: 
neuronal microtubules) and glial markers (GFAP: glial fibrillary protein, Iba-1: microglia, ED-
1: microglia) are pre-selected to assess densities around the injury/implant, but selection of 
these histological markers is not standardized across research groups and studies. Other 
histological markers such as Hoechst (universal DNA stain) and endothelial barrier antigen 
(EBA: blood brain barrier) can provide added information about the device-tissue interface. 
Reproduced from open-access article by Thompson et al.50 Copyright 2020. 
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1.4.1 ELECTRODES WIDELY USED FOR ELECTRICAL SIGNALS 

Microwires and microwire bundles – Some of the first electrical recordings in the brain were 

carried out using the glass micropipette containing a salt solution and a platinum or silver wire, 

paving the way for metal-based electrodes soon afterwards. Microwires employing a variety of 

conductive metals and alloys, such as iridium, stainless steel, platinum-iridium, and tungsten, were 

developed to detect unit activity, usually in cortices of smaller animals (cats, rats, squirrels, etc.). 

These proved useful for extracellular recording of electrical signals as the conductive metals were 

insulated with an exposed tip for detection in the contact tissue. As more knowledge on unit 

activity in the brain became available, microwire bundles were developed to sample from a larger 

area and include MUA signals102. These employed similar metals and alloys as regular microwires, 

but contained different designs and configurations, for example, stereotrodes (two closely-spaced 

microwires, often twisted together) and tetrodes (four microwires bundled together)102.  

Microelectrode arrays (MEAs) – Silicon-based shank arrays (‘Michigan’-style arrays) were the 

first to employ micromachining techniques for fabrication of a multisite platform. These planar 

devices with a tapered shape usually contain a silicon substrate with multiple metal recording sites. 

Generally, recording sites nested along the shank of the probe are defined by metal deposition 

(platinum or iridium) onto conductive traces (polysilicon insulated with silicon dioxide and silicon 

nitride)50. Such micromachining fabrication techniques are advantageous as the devices are 

customizable to user specific needs, offering the possibility of different configurations (e.g. multi-

shank, unique site design, multi-modal, etc.). These electrodes offer a small footprint and high 

yield of recorded cells for signal detection with superior biocompatibility102. Similarly, the Utah 

array, used in larger animals and humans, also utilizes a doped silicon substrate, etched into a 10 

x 10 array, or 100 microneedles, with SiO2 insulation between channels. The comb-like needles 
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have an insulation of Parylene-C along most of the length, with the tip coated with metals such as 

platinum or iridium50,102. The Utah array configuration has a flat base for needles with a flexible 

wire bundle enabling to needles to be positioned into the brain at a right angle. This allows the 

array to “float” with the natural movements of the brain relative to the skull, an important feature 

required for implants in larger primate and humans30. The Utah array is the most widely used MEA 

in human brains for signal detection, and sometimes, also for electrical signal delivery. A notable 

recent high-density, silicon-based array with 364 recording channels is the Neuropixels 

probe103,104. While this device presents an unprecedented number of recording sites of titanium 

nitride (TiN) along the length of the array resembling the physical design of the Michigan probe, 

it also experiences hardware and software constraints that limit simultaneous recording from all 

sites. 

Polymer-based and next-generation electrode arrays – Flexible substrates offering reduced 

footprint and smaller dimensions have gained recent attention as modern implantable 

neurotechnology advances towards better integrating the device and host tissue. Ellis Meng’s 

group reported on a flexible Parylene-based planar array with precisely organized platinum traces 

and recording sites to detect signals in the rat hippocampus105,106. Investigations on this device 

showed that bending stiffness, i.e. the measured material resistance towards deformation upon 

implantation, along the tapered shank was minimal. The Parylene sheath electrode, also developed 

by the Meng group, allows tissue to occupy the device structure for cellular signaling through the 

device107. Coatings of bioactive compounds can further increase biocompatibility and long term 

(~ 50 weeks) recordings using this device. Other developments with Parylene-C have supported 

similar results of notable integration in the tissue and overall biocompatibility50,108,109. Purcell and 

Seymour reported on a planar, hollowed out, Parylene-coated device containing a scaffold seeded 
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with neural stem cells. These showed promising transient effects of greater neuronal densities and 

reduced acute immune response around the implanted device in rat cortices, but not beyond the 6-

week timepoint at which glial encapsulation and cell density appeared similar to control 

conditions.  Polyimide-based devices also offer a reduced footprint and potentially improved 

integration including the use of bioactive surface modification. The flexible polyimide probe has 

shown viable signal recording over 5 months, and reduced astrocyte device encapsulation at 160 

days after implantation. The nanoelectronic thread (NET), or Neuralthread device, developed by 

Chong Xie’s group, is an ultra-flexible probe micromachined to be scalable to smaller dimensions 

and include biocompatible materials110. These flexible devices are inserted using a carbon fiber 

shuttle device that attaches to the micro-hole at the apex of the NET similar to how a sewing needle 

interacts with a thread, and then disengages once the device is implanted at the desired depth. Post-

implant chronic histology showed improved recovery of neuronal density, and better overall 

integration with minimal cellular morphology disruption around the device.  

1.4.2 ELECTRODES WIDELY USED FOR CHEMICAL SIGNALS 

Carbon electrodes – Carbon electrodes are routinely employed for electrochemical detection 

methods as these materials commonly offer notable properties of high mechanical strength, good 

electrical and thermal conductivity, chemical inertness, and rich surface chemistry111.  Carbon can 

form microstructurally distinct allotropes, including glassy carbon, single and polycrystalline 

diamond, diamond-like carbon (sp2 and sp3 carbon bonding mixtures) and graphitic carbons (e.g. 

single sheet graphene, nanotubes, etc.)111. A standard carbon electrode used for sensing in 

biological samples is the CFME. This is a benchmark electrode to use with FSCV, offering the 

excellent properties of carbon electrodes as well as increased surface area and flexibility as a 

microelectrode. The CFME contains sp2-bonded carbon structure along with an extended π-
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electron system90. The surface oxide functional groups adsorb cations, making these devices 

excellent tools for detecting positively charged neurotransmitters83. CFMEs offer small-diameters 

that cause minimal tissue damage, and low-cost hand fabrication methods that are easily 

accessible100. The kinetics at these electrodes are adsorption controlled83,92, which is especially 

advantageous for techniques like FSCV. Coatings and surface modifications to the CFME are 

commonly employed techniques to enhance chemical sensing at the electrode. Recently, different 

types of carbon-fiber based microelectrodes have been developed in an attempt to reduce cellular 

response to the electrode, minimize fouling, and device-design challenges for chronic recordings 

112–114. These include the micro-invasive probe (µIP), flexible glassy carbon multielectrode array, 

carbon fiber thread array, and carbon nanotube electrodes (CNT)114.  

 Carbon materials are also a popular choice as nanocoatings due to high conductivity, 

biocompatibility, and versatility for not only electrochemical sensors, but also electrophysiological 

sensors 115–120, despite trade-offs in signal instability, etching and fouling (explained further in 

Section 1.7) of the carbon material itself. Coatings, such as electrodeposited PtIr and poly (3,4-

ethylenedioxythiophene) polystyrene sulfonate (PEDOT-PSS), can enhance the charge carrying 

capacity at the electrode surface121. CNTs have similarly been deposited as coatings due to 

exceptional electrical performance and biocompatibility115 while graphene and nanodiamond have 

proved useful as biocompatible materials122–128.  

Diamond-based and next-generation electrodes – Although an allotrope of carbon, diamond and 

diamond-like carbon materials have been recognized widely for the prospect of biosensing, and 

development of next-generation devices129–132. The boron-doped diamond (BDD) electrode, often 

produced by chemical vapor deposition (CVD), is one such candidate with extensively studied 

electrochemical properties and promising biocompatibility appropriate for neurochemical 
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sensing98,133. Diamond itself is a form of carbon that has a rigid non-polar, bonding structure of 

sp3 hybridization90. Upon the level of boron-doping, diamond can become sufficiently conductive 

for use as an electrode90,134. The surface characterization of stable sp3 bonded carbon, without an 

extended π-electron system, enable BDD electrodes to be excellent electrochemical sensors that 

have90: 1) wide working potentials; 2) lower background currents; 3) good mechanical and 

chemical stability, and; 4) good electrochemical activity without pre-treatment98,134. The surface 

characterization is inherently more resistant to corrosion, and the wide potential window allows 

greater stability with applied voltages of over 1.0 V needed for the detection of biomolecules90. 

Chemical and mechanical stability of the electrode resists high adsorption at the surface and 

reduces fouling90. Lower background currents provide better signal to background and signal to 

noise ratio which could be advantageous for long-term implantation and signal stability90,133. BDD 

nano/microelectrodes have already been applied for in vitro biosensing of NE, 5-HT, adenosine, 

histamine and nitric oxide90. Polycrystalline BDD on tungsten rods have demonstrated reduced 

fouling and increased robustness compared to CFMEs with long-term FSCV measurements89,135. 

Clinically, these electrodes have been implemented to address the issue of CFME degradation 

during chronic sensing, and were successfully applied in humans to detect adenosine during DBS 

treatment135. Due to the surface characterization of diamond, a tradeoff of decreased sensitivity in 

vivo may have to be accepted with BDD microelectrodes; however, stability of the device (as 

working or reference electrodes) offers potential for chronic sensing of biomolecules98.    

1.5 SIGNAL INSTABILITY: A MAJOR CHALLENGE OF IMPLANTABLE 

ELECTRODES 

 Although there is notable success in recording neural activity over time, signal variability 

in chronic recordings is a well-established challenge with implanted devices136–140. Signal 
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inconsistencies have been observed in electrical and chemical recordings in the brain, more 

prominently in the long term. Device failure, signal loss and instability can complicate decoding 

activity and compromise the performance of closed-loop systems. Decoding algorithms and 

closed-loop neurostimulation often rely on neuronal spike detection66. Action potentials generated 

by neurons are detected as spikes in voltage in the ~500 to 5000 Hz frequency band of signals 

detected at electrodes implanted in neural tissue. However, numerous studies across animal models 

have observed a reduction in spike amplitudes as well as complete signal loss over time66,141–145. 

A seminal study by Biran et al. observed a ~40% decrease in neuronal population density around 

silicon Michigan-style probes implanted for 4 weeks in rat cortex146. Chestek et al. reported an 

average 2.4% decrease per month in action potential peak amplitude over 9.4, 10.4 and 31.7 

months in 3 non-human primates implanted with silicon cortical arrays147. In one animal, 

amplitude declined by 37% within the first 2 months of implantation. This rapid decay in signal 

quality and stability has also been observed in days and weeks post insertion in rodent 

models136,148,149. More recently, Chestek and colleagues investigated Utah arrays implanted in non-

human primates for up to 2 years, and found similar ~60% losses in signals150. These observations 

provide evidence of a change in the biological environment surrounding implanted electrodes with 

suboptimal recovery post-implantation to produce viable electrical signals in the long-term. 

 Similar patterns of signal loss have been identified in limited reports with neurochemical 

sensors using FSCV, commonly at the CFME83,89,97,100,137,151. As a background subtracted 

technique, FSCV relies on a stable background current to provide high temporal resolution (i.e. 10 

Hz) that can capture neurotransmission. Consequently, signal instability can majorly compromise 

accuracy of measured peak currents.  The sensitivity of CFMEs to dopamine decreases by ~50% 

after implantation in the rat brain as revealed by pre and post calibrations of electrodes in a study 
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using FSCV conducted by the Wightman group83,152. Other FSCV works have investigated in vitro 

brain tissue exposure and reported similar observations of ~60-70% sensitivity decrease at 

CFMEs100. Chronic in vivo works have reported on drifts in the background currents and gradual 

peak signal decay within days after device implantation in rat brains137. Overall, these findings 

corroborate that the biological environment, or reactive tissue response, is a key underlying 

contributor to signal instability and loss in implanted electrodes. 

1.6 THE BIOLOGICAL RESPONSE TO IMPLANTED ELECTRODES 

 The inherent biological response to implanted electrodes is multifaceted, involving 

physiological, chemical and mechanical factors (Figure 1.8). A cascade of reactive tissue 

responses is initiated immediately upon device insertion, which causes blood-brain barrier breach 

and vasculature disruption. Rapid and nonspecific chemical adsorption of proteins (such as 

albumin and fibrinogen) to the electrode surface occurs within minutes after implantation153. 

Adsorption of proteins builds a layer at the electrode surface, enabling cells gathering at the site to 

interact with the foreign body153. Inflammatory microglia are activated and extend processes 

towards the implant within minutes after device insertion154. Early responders, such as neutrophils 

and macrophages, respond to the implant with degrading enzymes and reactive oxygen species in 

subsequent days153. In the following weeks, microglia and reactive astroglia significantly increase 

to encase and surround the device, forming a glial scar155. Neuronal loss at the implant can 

occur146,156, and functional changes in near-device neurons can be observed66. The chronic foreign 

body response is guided by cellular encapsulation that isolates the electrode from the host tissue 

and impedes overall device performance. Additionally, insertional trauma and signal stability can 

also be affected by mechanical features. A plethora of evidence indicates that electrode design and 

architecture, including device cross-sectional dimensions, Young’s modulus and bending-
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stiffness, are vital features that guide device-tissue integration in the brain50. Tethering forces, or 

mechanical strain, created by connector configuration can also contribute to the tissue response157. 

In general, smaller (<10 um) and softer probes have been suggested to favor improved tissue 

integration. Various device types, including traditional silicon- and metal-based arrays, mesh 

arrays, polymer and carbon-based electrodes, have been implemented in the field to assess 

biocompatibility and signal quality50.  

Figure 1.8. The biological response to implanted electrodes is multifaceted, warranting an 
investigation using a variety of techniques and technology. The overall tissue response is 
guided by physiological, chemical and mechanical factors that give rise to structural, functional 
and genetic changes in the biological environment of implanted electrodes. Reused from Gupta 
et al.168  Copyright 2024. 
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 From a chemical sensing standpoint, electrode material and device type majorly influence 

signal detection in the biological environment. Changes to the electrode surface can alter the 

background current signal when employing FSCV detection techniques for neurotransmitter 

sensing. During in vivo FSCV at the CFME, the electrode is introduced in a conductive aqueous 

environment (interstitial fluid) with an applied potential of greater than 1.0 V (vs Ag/AgCl).  The 

surface of the electrode undergoes chemical and physical changes158 as oxygen-containing 

(carbonyl and hydroxyl) functional groups are added to the carbon-fiber surface that consequently 

increase the CV faradaic current158,159. The addition of these groups increases the background 

current and shifts its peak until equilibrium, or relative stabilization158. Neurochemical recordings 

are typically taken after the electrode is stabilized as the carbon-fiber surface is sufficiently 

activated158. Immediate post-implantation “cycling”, i.e. applying the waveform at a given 

frequency, can stabilize the background current and ensure minimal drift contamination. Acutely 

implanted CFMEs often require ~ 30 mins at 60 Hz followed by at least 10 mins at 10 Hz for 

cycling, whereas chronic CFMEs can take up to ~ 2 hours to stabilize initially158. Regardless of 

thorough cycling periods, the recorded signal still experiences some drift158, and time taken to 

reach equilibrium can vary across CFMEs158 as each electrode is fabricated individually. 

Moreover, the carbon fiber surface is prone to etching with each voltage scan especially over +1.0 

V (vs Ag/AgCl), and this adds to the overall stabilization drift158. Etching effects both the faradaic 

and non-faradaic current, and depends on the duration of applied high potential at the electrode158. 

Generally, the drift generated by surface etching is at a lower rate than that by surface chemistry158. 

The rate of etching drift is not different between acute and chronic electrodes; however, the total 

etching across a working chronic electrode will be greater as the recording intervals are longer158. 

 Whereas etching and background stabilization drifts currently exist as unavoidable 
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phenomena with biochemical sensors employing a voltage driven technique like FSCV, the 

biological tissue response can compound the effects of detected signal variations (Figure 1.9). 

Chronic FSCV studies have reported on the occurrence of biofouling, i.e. the nonspecific 

adsorption of interferent molecules at the electrode surface upon implantation. This arises from 

the obvious presence of electroactive analytes other than the target chemical (specific 

neurotransmitter DA or 5-HT) in a biological presence.  Highly adsorptive electrode surfaces, such 

as that of CFME with sp2 hybridized bonding structure, are prone to biofouling. Although 

electrochemical activation at the CFME with high potentials produces surface defect sites that 

promote adsorption and sensitivity to analytes83,158 , significant corrosion of more than one 

Figure 1.9. Biological challenges to chronic neurochemical sensing with implantable 
microelectrodes. Long-term sensors experience biofouling, occurring from the adsorption of 
unwanted proteins and interferent molecules at the electrode surface, as well as cellular 
encapsulation (gliosis) taking place over days and weeks following implantation. Image created 
with BioRender (www.BioRender.com). 
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chemical at the electrode is also facilitated90. Adsorbed unwanted proteins, due to biofouling of 

the surface, act as a barrier by diminishing the available electrode surface area for adsorption and 

electron transfer of compounds of interest83. Biofouling can change CVs of known analytes – DA 

peaks are shifted apart (as slower electron transfer takes place), and ratio of peak current oxidation 

to peak current reduction changes (as adsorption is restricted)83. The overall peak amplitude and 

sensitivity of the electrode from pre-calibration to post-calibration is further significantly reduced 

(~ 50% loss)83,152.  While the chronic tissue response of cellular encapsulation (gliosis and neuronal 

damage) to implanted electrodes occurs over a prolonged period of days to weeks, biofouling is a 

more acute and immediate process that can affect electrode performance over the duration of the 

study. Together, the biological tissue response can contaminate the electrode surface area, limit 

transfer kinetics, reduce electrode sensitivity and selectivity, shift faradaic peaks and lead to signal 

instability89,137. 

 Evidence of the biological response to implanted electrodes employing neurotransmitter 

detection using FSCV are limited, while electrophysiological reports are abundant. Nevertheless, 

the metrics for assessing tissue response are not well-defined. Histological assessments of neuronal 

density and glial fibrillary acidic protein (GFAP) have traditionally been used to study the 

biological response and tissue health after device implantation160. However, histology alone is not 

a valid predictor of signal quality or recording performance. Michelson et al. demonstrated that 

the biological response at the electrode interface is complex, and long-established histological 

metrics, including NeuN, Iba1, GFAP, and IgG, offer limited information on neuronal health and 

recording performance160. Further, conventional staining and qPCR assessments provide relatively 

limited assessment of device-tissue biocompatibility due to low-throughput (the assays require 

pre-selecting a few markers of interest). Newer techniques of spatial transcriptomics can map 
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transcriptional changes with improved spatial resolution and allow for flexible selection of 

comparison regions alongside traditional immunofluorescence labeling161, which has been used to 

reveal new information about both recording and stimulating electrodes162,163.   

 Recent work from our group has focused on the biological effects of electrode implantation 

in the brain and uncovered unexpected effects of the device presence on the structure, function, 

and gene expression of neighboring brain cells66,164. Using whole cell electrophysiology and 2-

photon imaging, Gregory et al. observed that implanted recording electrodes are accompanied by 

reduced excitatory postsynaptic currents, altered dendritic structure, a reduction of spine density, 

and changes in the spine morphologies and intrinsic excitability of neurons within the recordable 

radius of implanted electrodes66. In parallel, transcriptomics data by Thompson et al. (2021) and 

Whitsitt et al. (2021) revealed hundreds of differentially expressed genes around the implant site, 

indicative of disruptions in synaptic transmission, astrogliosis, oligodendrocyte dysfunction, and 

microglial activation162,164. Spatial transcriptomics on tissue following electrical stimulation 

showed induction of the genetic signatures of cell death, plasticity, and activity in a manner 

dependent on the intensity of the applied stimulus163. Lately, work from our group has 

implemented computational approaches 165 with the goal to identify the genes most strongly 

predictive of changes in recording performance.166 As the field moves toward smaller and softer 

devices, and the incorporation of nanoscale topologies and nanomaterials, the identification of 

biomarkers of performance will enable: (a) the ability to benchmark the biocompatibility of 

emerging materials and design parameters in the context of functional outcomes, and (b) the 

identification of biological mechanisms underlying recording quality and stimulation effects, 

which will enable the design of targeted modifications to improve performance and therapeutic 

effects. 
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1.7 CONCLUDING REMARKS 

 To gain a better understanding of the biological tissue response and the intricacies of the 

device-tissue interface, a diverse approach employing a variety of techniques, device types and 

technology is warranted. This work investigates two sources of signal loss of electrodes in the 

brain (1) protein adsorption (“biofouling”), and (2) cellular encapsulation. By employing a 

material perspective as well as tissue level investigation with computational analysis, the findings 

herein add: (1) novel insights on the performance of a next-generation diamond-based device, 

particularly to investigate biofouling at a recently developed freestanding boron-doped diamond 

microelectrode (BDDME), and (2) new insights of gene expression at the device-tissue interface 

implanted with chronic silicon Michigan-style probes. These details add to the growing body of 

literature suggesting that the biological response to electrodes remains a major limitation for 

chronic recording quality.  
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CHAPTER 2 | ALL-DIAMOND BORON-DOPED DIAMOND MICROELECTRODES 

FOR NEUROCHEMICAL SENSING WITH FAST-SCAN CYCLIC VOLTAMMETRY 

2.1 INTRODUCTION 

 Implantable electrodes that can be integrated with biological tissue to monitor and deliver 

electrical or chemical signals have gained increasing interest in the study of neurological 

disorders1–4. Such microelectrodes and microelectrode arrays have allowed for neural stimulation 

as well as acute and chronic recordings to better understand, diagnose and treat diseases such as 

epilepsy, Parkinson’s disease, and depression5–7. Recent advances in electrode development have 

largely focused on electrophysiological, optical, stimulating or hybrid approaches to study 

electrical activity in the brain8–10. In contrast, current progress with sensors to examine real-time 

and long-term chemical signaling in living systems is relatively limited and challenging2. 

Electrochemical sensors targeted to detect neurotransmitters in physiological environments, such 

as the brain, face major issues including selective identification of analytes, long-term electrode 

stability, sparse distribution of neural circuitries and signal loss due to protein adsorption related 

surface fouling, i.e. biofouling11–14. 

 Exploration of new electrode materials is one avenue towards addressing these challenges 

and contributing to the next generation of implantable electrochemical tools15–17. The carbon-fiber 

microelectrode (CFME) is the present-day standard implantable electrode for neurochemical 

sensing with fast-scan cyclic voltammetry (FSCV), a popular technique offering adequate spatial 

and temporal resolution to study sub-second neurotransmitter release in biological environments. 

In general, FSCV facilitates redox reactions of analytes by applying a fast-repeating voltage-driven 

waveform at the microelectrode to measure the resulting change in current. The CFME offers 
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advantageous sp2 carbon structure to favor adsorption-controlled processes at the electrode surface 

maintains the sensitivity to detect neurotransmitters with FSCV. Despite 30 years of use and 

development, the CFME still faces major drawbacks that limit it as an ideal implantable 

neurochemical sensor for clinical application. First, the high adsorptive CFME surface in 

biological conditions is prone to biofouling and degradation resulting in signal sensitivity loss over 

time. Second, the CFME is conventionally hand fabricated using low-cost assembly methods 

which produce electrodes that are susceptible to human error, inconsistent in size and limited in 

shape and structure. As researchers move towards arrays and away from singular fiber fabrication, 

there has been great development with individual CFMEs being placed on an array and insulated 

with parylene-c18,19. However, these arrays are still hand fabricated. Other FSCV electrode array 

developments have focused on pyrolyzed photoresist films on a silicon wafer20 creating a 4-

channel recording probe, glassy carbon microelectrode arrays on a flexible polymer substrate21,22 

creating multichannel (8+) recording sites. Higher flexibility arrays have been developed using 

carbon fiber electrode threads23 as well as a NeuroString, with a graphene based biosensing neural 

interface24. More recently, the development of a fuzzy graphene microelectrode array has also been 

reported25.  

 To contribute to the advancements of microelectrodes offering array-style platforms, our 

team has previously reported on a promising all-diamond boron-doped diamond microelectrode 

(BDDME) for electrochemical measurements12,15,26,27. The boron-doped diamond (BDD) 

electrode, offering sp3 carbon structure, has gained attention as a favorable biosensor due to its 

low background current, chemical inertness, mechanical stability, large working potential window 

and biocompatibility15,28,29. Others have shown that hybridizing BDD to CFME’s reduces chemical 

fouling, and increases CFME lifetime30,31. Polycrystalline BDD films on sharpened tungsten rods 
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have shown reduced fouling and increased mechanical strength compared to CFME with FSCV 

measurements. However, BDD electrodes grown on metals such as tungsten or platinum still 

require hand fabrication and packaging in an insulating medium, and are not easily amenable 

towards batch electrode array fabrication. Finally, BDD has been microfabricated previously into 

planar multiarray and utilized for amperometric detection of neurotransmitters32 and action 

potential firing33,34 and the heterogeneous distribution of microdomains with chromaffin cells35 

leveraging the wafer microfabrication capabilities of the material. 

 Our team’s all-diamond BDDME is freestanding and contains no additional metals to 

potentially address the outlined challenges faced by the standard CFME and typical metal-based 

BDD electrodes. These BDDMEs were constructed using batch wafer technology which is 

amenable to reproducibility, as opposed to hand fabrication techniques, where all the sensors are 

processed identically at a time. Batch fabrication offers ease of scalability, and the precision of 

semiconductor microfabrication. A key example is on a 4 in diameter Si wafer, where we can 

structure ~472 single channel diamond microelectrodes simultaneously. With precision alignment, 

the electrode yields from the different process steps can be greater than 70%. As this process 

matures, we expect to increase yield up to 90% of produced electrodes. Our all-diamond electrodes 

rely on microfabrication from the semiconductor industry, mature cleanrooms and tool process 

allow for ease of scale running multiple wafers through process steps in parallel, allowing for batch 

mass production. 

 The sp3 to sp2 ratio of the all-diamond BDD is tunable during the diamond growth process. 

The inherent sp3 carbon structure of diamond provides a less adsorptive electrode surface, which 

is advantageous for tackling biofouling, albeit at the expense of sensitivity. Batch wafer fabrication 

of electrodes produces consistent and closely replicated electrodes that could potentially be used 
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in a microelectrode array. From a commercialization standpoint, modern wafer technology allows 

for easy scale-up and batch fabrication of electrodes which surpasses conventional hand 

fabrication techniques producing one sensor at a time. Our recent study on the in vitro biofouling 

performance12 of these BDDMEs suggested that: 1) possible roles of both diffusion- as well as 

adsorption-controlled processes facilitating neurotransmitter sensing at the BDDME with FSCV, 

and 2) reduced biofouling-induced current attenuation at BDDME with a waveform selective for 

a serotonin redox reaction. A deeper investigation of the electrochemical behavior of BDDME was 

warranted to further explore the findings in this previous work. 

 In this report, we provide detailed findings on: (1) the fabrication scheme and changes 

implemented to improve the electrochemical performance of the BDDME, (2) slow scan cyclic 

voltammetric responses at the BDDME of reference analytes, such as Ruthenium Hexamine and 

Ferrocene Carboxylic Acid, and target analytes, such as dopamine (DA) and serotonin (5-HT), (3) 

fast scan cyclic voltammetric responses to common neurotransmitters (DA, 5-HT, 3,4-

Dihydroxyphenylacetic acid (DOPAC), Ascorbic Acid (AA) and, hydrogen peroxide (H2O2) using 

a custom flow cell injection system and, (4) In vitro FSCV responses to mixture solutions 

containing varying concentrations of DA and 5-HT for oxidative peak identification. The limit of 

detection of DA was 260 nM and 160 nM for 5-HT, calculated using the linear dynamic ranges of 

each. Overall, the BDDME demonstrated favorability to detect 5-HT over DA, with the 5-HT 

oxidative peak current response being around two times greater than that of DA for the same 

concentrations. This report provides new findings to extend upon our work to develop the next-

generation BDDME as a chronic, in vivo neurochemical sensor. The findings of this study add to 

the growing body of literature for next-generation electrochemical sensors and implantable neural 

devices.  
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2.2 METHODS AND MATERIALS 

2.2.1 CHEMICALS 

 Dopamine (DA), serotonin (5-HT), ascorbic acid (AA), 3,4-Dihydroxyphenylacetic acid 

(DOPAC), hydrogen peroxide and Agarose (TBE blend 1.0%) were all purchased from Sigma-

Aldrich, Inc (St. Louis, MO, USA). A 1 µM stock solution of each was prepared in 1 mM 

perchloric acid (HClO4), and final working solutions were prepared diluting the stock solution in 

pH 7.4 Tris artificial cerebral-spinal fluid (aCSF) buffer immediately before measurement. 

Calibration ranges were from 200 nM – 200 µM. Tris aCSF was prepared by making a solution of 

25 mM Tris, 126 mM NaCl, 2.5 mM KCl, 1.2 mM NaH2PO4, 2.4 mM CaCl2, 1.2 mM MgCl2 and 

adjusting the solution to pH 7.436. Solution working time for the stocks was kept to no greater than 

30 min to prevent measurable differences through degradation. Agarose gel was prepared at a 

concentration of 0.6% in deionized water. 

2.2.2 INSTRUMENTATION AND DATA ACQUISITION 

 FSCV experiments were conducted using a two-electrode setup vs a Ag/AgCl quasi 

reference electrode. Electrodes were connected to a mini-UEI potentiostat with a variable gain 

headstage. (UNC Electronics Facility, University of North Carolina, Chapel Hill, NC). Data was 

collected using an NI-6363 data acquisition card, using HDCV Analysis software (Department of 

Chemistry, University of North Carolina, Chapel Hill, NC)37. Unless otherwise specified, a 

standard triangular FSCV waveform was used, by applying a -0.4 V holding potential, and ramping 

to a switching potential of 1.3 V at 400 V/s, repeating at 10 Hz to the electrode. Electrodes were 

tested and calibrated using a flow cell injection system with a TTL controlled switching source 

and a flowrate of 0.75 mL/min supplied by a NE-1000 syringe pump (New Era Pump Systems, 
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Inc. Farmingdale, NY). For FSCV calibrations, recordings were taken for 30 s, and boluses of 

sample was injected at 5 s, and removed at 15 s, providing a 10 s window of measured analyte 

exposure on the electrode. Peak oxidations and reduction responses for the various analytes were 

taken at time 13 s of the measurement when the response was stable. Reference electrodes used in 

FSCV experiments were fabricated using quasi-Ag/AgCl wires. Quasi-Ag/AgCl electrode were 

fabricated by soaking a silver wire (0.25 mm, Alfa Aesar) in undiluted concentrated bleach 

overnight (Clorox Professional Products Company, Oakland, CA). Slow-scan voltammetric (< 1 

V/s) and electrical impedance spectroscopy measurements were made using a CHI 660C (CH 

Instruments, Austin TX) potentiostat with a Pt counter electrode and a Ag/AgCl reference 

electrode. 

2.2.3 STATISTICAL METHODS 

 Data was analyzed and plotted using Origin (Pro), 2019. OriginLab Corporation, 

Northampton, MA, USA and Graphpad Prism version 10.3.0 for Windows, GraphPad Software, 

Boston Massachusetts, USA. Means and standard errors are tabulated and reported. Similar to our 

previous report, limit of detections (LOD) were calculated from the linear best fit equation with 

the corresponding sensitivity for the linear dynamic range of each analyte38.  

2.2.4 BORON-DOPED DIAMOND MICROELECTRODE (BDDME) FABRICATION 

 The BDDME was designed to have an 8 mm long shank, with both a 30 or a 50 µm wide 

tip, with a larger connection pad for handling and electrical connection. The conductive diamond 

was designed to be grown 4 µm thick and insulated with a 10µm layer with a a grow around 

method. Using a multi-step fabrication process (Figure 2.1A) modified from our previous work, 

we further developed and optimized these electrodes15,27. Previously, the diamond wafers were 
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fabricated in a 2.45 GHz microwave reactor, grown on 3” silicon substrates27. In an effort to move 

towards scalability, 4” Ø 500 µm thick single side polished silicon wafers were utilized with larger 

diamond reactors. Initially, wafers were scratch seeded and microcrystalline BDD films were 

grown on a 4” silicon wafer using a 915 MHz microwave plasma-assisted chemical vapor 

deposition reactor. Standard BDD synthesis conditions included a microwave power of 9 kW, 900 

Figure 2.1.  Fabrication of all diamond electrodes, where a conductive diamond core was 
insulated with an intrinsic insulating polycrystalline shell. A. Fabrication scheme of all 
diamond electrode where: (1) Boron doped diamond (BDD) is grown on a silicon wafer. (2 & 
3) Using lithography and a metal hard mask, the diamond is plasma dry etched and patterned 
to form the shape of the electrode. (4) The silicon wafer was dissolved releasing the conductive 
core, and (5) insulated by growing intrinsic polycrystalline diamond (PCD). B. Representative 
example of the scalability and flexibility of designing 100’s of electrodes simultaneously. C. 
Electrical connection is formed by cleaving the tip and connection pad. Dotted lines represent 
cleaving points to expose BDD conductive core. D. Scanning electron micrograph of the 
cleaved diamond tip, revealing the insulating polycrystalline diamond encasing the conductive 
boron doped diamond core.  

B 

C 

A. B. 

C. 

D. 
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⁰C stage temperature, a chamber pressure of 60 Torr and a gas chemistry of 2 % methane. Diborane 

was added to the diamond grown at a B/C ratio of 37,500 ppm to ensure conductivity. Following 

BDD growth, copper and titanium were electron beam evaporated (Kurt Lesker Axiss PVD 

System) and patterned via photolithography (ABM-USA, INC., Jan Jose, CA, USA), (Figure 

2.1B) followed by a wet chemical etch. The patterned BDD films with the copper mask were then 

etched using a microwave assisted reactive ion etcher (RIE) SF6/Ar/O2 with a microwave power 

of 1000 W and a radio-frequency (RF) bias of 150 W (180 V). The copper mask was then removed 

using nitric acid. The Si was removed using an HNA etchant, at a ratio of 6:11:5 acetic acid: nitric 

acid: hydrofluoric acid. Prior to Si etching, batches of electrodes were laser cut out of the main 

wafer to decrease etchant time, and allow for ease of handleability. The now released electrodes 

were then placed on a silicon holder vertically, where an insulting PCD film was grown around 

the freestanding BDD cores, using a hot filament chemical vapor deposition (HF-CVD) around 

the BDD fibers, insulating the conductive diamond.  

 Following fabrication, the ends of the electrodes were physically cleaved to expose the 

BDD core, revealing the pristine diamond (Figure 2.1C). Electrical connection through the 

diamond substrate was made by manually cleaving the opposite end, connection pads. The 

BDDME’s were secured in place and electrically connected to a breakout board using an aqueous-

based graphite conductive adhesive (Alfa Aesar, Ward Hill, MA). Following fabrication, a 

scanning electron micrograph of the BDDMEs revealed a BDD core to have a geometric surface 

area of either 105 µm2 or 175 µm2 (based on a 30 or 50 µm wide pattern, and 4 µm thick BDD 

growth thickness), and an insulating polycrystalline diamond (PCD) shell of 11 µm to 20 µm 

thickness based on the distance tip was cleaved along the shank (Figure 2.1D). Thicknesses varied 

as the growth rate increases with distance from the filaments used during the diamond growth. 
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2.3 RESULTS AND DISCUSSION 

 

Following fabrication, we utilized cyclic voltammetry to characterize the electrochemical response 

of the BDDME to ruthenium hexamine (RuHex) (Figure 2.2A), ferrocene carboxylic acid 

(FcCOOH) (Figure 2.2B), and dopamine (DA) (Figure 2.2C), in Tris aCSF pH 7.4 from 10 to 

500 mV/s. We additionally measured DA in H2SO4 (Figure S2.1A). Utilizing the Randle-Ševčík 

equation we calculated the electroactive area for each electrode, and generated a Tafel plot to 

Figure 2.2. Slow scan cyclic voltammetry at the BDDME to determine electron transfer 
kinetics. A. Representative measurements of Ruhex on a BDDME, with the calculated rate 
constant for this electrode. B. Representative measurements of FcCOOH on a BDDME, with 
the calculated rate constant for this electrode. C. Representative measurements of DA on a 
BDDME, with the calculated rate constant for this electrode. All measurements were made in 
pH 7.4 Tris buffer. Applied potential was versus reference electrode. 

A

B

C
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calculate the heterogeneous rate constant for these materials39,40(Table 2.1). Interestingly, the 

average calculated heterogeneous rate constant for FcCOOH with the BDDME is comparable to 

values previously reported by Jarošová et al. for BDD based microelectrode measurements41. It 

should be noted that Jarošová et al. electrodes were fabricated through growing BDD on Pt, and 

as such would have a lower resistance as compared to the BDD films, where diamond is used as 

the electrical contact. We observed a slight difference for RuHex, where the rate constant was 

slightly slower on our BDD. Notably, our CV current responses indicate a slightly resistive 

electrode or surface, with electrical impedance of 2.1 MΩ at 1 kHz when measured in Tris aCSF 

(Figure S2.1B). When comparing 1 mM 5-HT in Tris (Figure S2.1C), the scan rate at 100 mV/s 

revealed that oxidation was extremely slow, and it was not possible to calculate the electroactive 

area. As such ko was not calculated. This could indicate an electrode-solution interface resistance, 

as when, using a 4-point probe after the conductive diamond growth, we measured the BDD and 

average resistivity to be 4.6 mΩ*cm ±1.4 mΩ*cm. All electrochemical measurements were 

performed on a cleaved diamond surfaces without any electrochemical pre-activation steps.  

 Following slow scan measurements, the BDDME was characterized in a custom flow cell 

injection system. The electrodes were pre-cycled utilizing the DA waveform applied at 10 Hz for 

120 mins to study the background and electrode stability (Figure S2.2). The FSCV background 

current is generated by the rearrangement of ions around the electrode or charging of the electric 

Table 2.1. Heterogeneous rate constants for FeCOOH, RuHex and DA measured in Tris 
aCSF (pH 7.4) with different BDDMEs determined from Tafel Plots. (mean ± SEM, n=4 
electrodes). All analyte concentrations were 1 mM. 

Species Average ko (x10-2 cm/s) 
FcCOOH 3.09±0.72 
RuHex 5.37±1.66 

DA 4.26±1.09 
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double layer42. A high scan rate (400 V/s) captures the faradaic current produced by the redox 

reaction of electroactive species at the electrode43,44, but a large capacitive background current is 

also generated and needs to be subtracted out to identify43,45. Similarly, our all-diamond BDDME 

demonstrated quick stabilization (within 15 minutes) and minimal drift over 120 min of continuous 

cycling of the electrode (Figure S2.2A). The background peak current on average was ~22 nA for 

a 30 µm wide electrode and ~28 nA for a 50 µm wide electrode (Figure S2.2C). The shape 

maintained a low capacitive response. At the turn around potential, there was a slight peak increase. 

This is attributed to possible sp2 etching that occurs at the grain boundaries. We observed that 

during the initial cycle, the peak slightly decreased, however over the course of the 2-hr 

experiment, had minimal change. Interestingly on the back scan, there are non-capacitive changes, 

indicating slight electrochemical modifications to the diamond surface, which warrant further 

studies.  

 Previous publications have often focused on thin film, planar BDD electrodes, but limited 

studies have explored diamond as a microelectrode29,46. Park et al. (2005) reported on the 

background cyclic voltammetric response of thin film BDD on sharpened Pt wire in comparison 

with the carbon fiber microelectrode (CFME), and showed a low and stable background current 

independent of solution pH of the diamond microelectrode47. These BDD-Pt wire electrodes had 

a surface area of 1.8 × 104 µm2 and were hydrogen terminated prior to electrochemical 

measurements to ensure pH insensitivity. However, hydrogen-termination of the electrode 

removes the surface-oxygen functionalities48 that are essential for adsorption controlled 

electrochemical measurements specifically for DA, using FSCV49,50. Our freestanding BDDME is 

unique in its micromachined fabrication process, smaller size (100 to 200 µm2), and bare, un-

treated surface favorable for FSCV measurements. At the same time, lack of hydrogen-termination 
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of the our BDDME may leave some redox-active carbon-oxygen functionalities on the electrode 

surface, making the electrode sensitive to pH changes (Figure S2.3). It is also important to note 

that while our BDDME maintains a bulk sp3 carbon microstructure, some sp2 carbon may exist at 

the grain boundaries due to boron doping content. As shown in Figure S2.2A, the BDDME 

background was relatively stable over two hours with a slight shift that presents as a drift, possibly 

indicative of surface etching of the minor sp2 carbon present on the electrode surface. The BDDME 

showed excellent response stability and repeatability over this time with an average current 

response of 0.293 ± 0.007 nA for 5 µM DA injections (Figure S2.2B). The stability of the electrode 

over the course of two hours, and the stability of measuring ferrocene carboxylic acid (Figure 

S2.2D), demonstrates that the BDDME, without the metal support, maintains physical qualities 

that allow good chemical and electrical properties for an electrochemical sensor.  

 Fast stabilization of the all-diamond BDDME can be especially advantageous for in vivo 

measurements where stabilizing an electrode immediately upon implantation can take long periods 

of time (up to 1 hour) before a single recording. When cycled in a conductive aqueous solution 

with an applied potential over 1.0 V, a carbon electrode surface can undergo chemical and physical 

changes that manifest as background drifts45,51. It has been reported that the BDD electrode lacks 

the majority of sp2 29, and thus, the background reaches equilibrium relatively quickly with minimal 

shifts. Our BDDME similarly contains low levels of sp2 carbon content, mainly concentrated at 

the grain boundaries, allowing the electrode to reach fast equilibrium for adsorption-controlled 

electrochemical measurements. The Raman spectra (Figure S2.4) showcases a strong boron 

doping peak at 491 cm-1, a diamond peak at 1210 cm-1, a disorder band at 1325 cm-1, and a small 

graphitic (G) band at 1540 cm52.  
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 To characterize the response of these diamond sensors and determine the diamonds 

sensitivity towards common neurotransmitters, we initially characterized the response of DA and 

5-HT, AA, DOPAC, and H2O2 on the BDDME. (Figure 2.3 and Figure S2.5). Interestingly, all 

tested analytes maintained a linear response with concentration and were well resolved on the 

BDDME with a sharp on and off current response ensuring high fidelity of temporal resolution 

and minimized electrode chemical fouling. A wide sensitivity difference between DA and 5-HT 

for the same concentration of each analyte (representative 10 µM response of DA and 5-HT shown 

in Figure 2.3A&B respectively) was observed. The electrode showed a linear current response to 

Figure 2.3. Comparison of the response for DA and 5-HT for the BDDME. The triangular 
waveform from -0.4 V to 1.3 V and back at 400 V/s was applied at 10 Hz frequency for all 
measurements. A. Representative FSCV current vs time trace, voltage vs time color plot, and 
current vs voltage cyclic voltammogram for 10 µM DA at the BDDME. B. Representative FSCV 
current vs time trace, voltage vs time color plot, and current vs voltage cyclic voltammogram 
for 10 µM 5-HT at the BDDME. C. Calibration curve of DA at the BDDME (n=3). D. 
Calibration curve of 5-HT at the BDDME (n=3). Buffer solution of tris aCSF (pH 7.4) was 
pumped at a rate of 750 µLmin-1. Dotted lines on color plots indicate the extracted current vs. 
time traces and current vs voltage plots. Scale bars on the bottom left corner of color plots 
indicate flowing period. 

A.  B.  C.  

D.  
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increasing concentrations of DA (Figure 2.3C) over the measured range of 0.2 to 10 µM with a 

limit of detection (LOD) of 0.26 µM found from the linear dynamic range of 0.2 to 10 µM. 

Similarly, a linear current response to increasing concentrations of 5-HT (Figure 2.3D) was 

observed over the same range of 0.2 to 10 µM, but with a lower limit of detection (LOD) of 0.16 

µM calculated from the linear dynamic range of 0.2 to 2.0 µM (summary of statistics is reported 

in Table 2.2).  

 Both neurotransmitters generate cyclic voltammograms (CVs) with oxidation and 

reduction peaks (Figure 2.3 A&B), but 5-HT has a larger and clearer response than DA. Notably, 

the oxidation and reduction peaks are prominently not symmetrical for DA, and a smaller third 

peak is evident near the turnaround potential of 1.3 V. The small peak at 1.3 V is theorized to be 

background subtraction error due to slight changes in the background. The representative CV for 

DA on the BDDME (Current Voltage plot, Figure 2.3A) is similar to a more traditional and 

symmetric “duck-shaped” CV with equivalent oxidation and reduction magnitudes that would be 

expected with slow scan voltammetry where there is less mass transport of the analyte to the 

electrode surface due to the growing diffusion layer43. The shape indicates that diffusion-controlled 

Table 2.2.  Comparison for LOD and sensitivity for dopamine and serotonin using the BDDME 
(n=3) with an electroactive area of ~100 to 200 µm2. 

Analyte 

LOD  
(µM)
* 

Slope  
(nAµM-1) 

Measured 
Range (µM) r2 

Dopamine (DA) 0.26 0.046 0.2 – 10.0 0.999 

Serotonin (5-HT) 0.16 0.192 0.2 – 10.0 0.996 

*Limit of detection (LOD) was calculated for the linear dynamic ranges of 0.2–10 µM for 
DA and 0.2–2.0 µM for 5-HT. See methods section for LOD calculation. 
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kinetics are at play, and the current is unable to drop to zero before the potential is reversed to 

induce reduction of the analyte43. Additionally, the CV has an oxidation peak ~0.7 nA, with a 

reduction peak close to -0.5 nA. Ideally, if adsorption-controlled kinetics were solely governing 

the DA redox reaction, the FSCV voltammogram would generate a reduction peak size that is 

approximately half the area of the oxidation peak due to strong adsorption of DA and quick 

desorption of dopamine-o-quinone, oxidized form of DA, at the surface43,50. Here, the peak heights 

are nearly the same indicating that possibly adsorption properties of the BDDME, although 

containing some sp2 carbon content, and surface oxygen containing groups, do not allow complete 

and strong adsorption of DA with fast desorption of dopamine-o-quinone53–55. On the other hand, 

the CV for 5-HT (Current Voltage Plot, Figure 2.3B) presents a cleaner response with an oxidation 

peak of 2.5 nA and reduction peak of -1.5 nA. Still, even in the 5-HT response, the current does 

not drop to zero before the potential is reversed and a less prominent yet visible second peak is 

present near the turn around. Based on the calibration curves and compared statistics (Table 2.2), 

the BDDME is favorable to detect lower limits of 5-HT than DA over the measured range of 

concentrations based on the diamond surface adsorption property characteristics for these 

catecholamines. Overall, this means that the BDDME is able to carry out adsorption-controlled 

redox reactions for the most part, but diffusion-controlled kinetics interfere possibly due to the sp3 

carbon content at the surface.  

 We further characterized these electrodes against DOPAC, and AA (Figure S2.5A&B) 

using the standard triangular waveform, which both maintained a linear response with 

concentration. Interestingly, for DOPAC, the oxidation response was only resolved for the applied 

current range, and occurred predominantly at +1.1 V. No reduction peak was observed, indicating 

that a lower applied holding period is necessary to resolve the response. For AA, the oxidation 
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peak was clearly resolved. All samples for the calibration curve were pH adjusted, to account for 

decreases in pH due to AA concentration. Comparing DA to DOPAC, a 10 µm DA maintains a 

similar response to 100 µm. DOPAC with the same current magnitude response. Similarly, for 

AA, 50 µm of AA correlates with 10 µM DA maintaining sensitivity favorability towards 10 µM 

DA. Interestingly for H2O2
 there is a much better sensitivity on the BDDME, where 1 nA of 

response is equivalent to 2 µM (Figure S2.5C). It should be noted that the H2O2
 measurements 

were made with an increased potential of 1.5 V for the turnaround to resolve the oxidation. Key 

metrics and responses for the analytes are reported in Table S2.1. 

 Comparing the all-diamond cleaved BDDME towards others which we have previously 

developed and reported on, it should be important to note that these BDDME electrodes with a 

cleaved tip show lowered sensitivity towards DA. Our previously reported all-diamond electrodes 

were prepared using an ND:YAG 1064 nm IR laser to cleave and create the recording site15. No 

long-term studies were done in this report to understand the impact of laser dicing and electrode 

stability. More recently, our findings using a different laser slicing system with an 800 nm femto 

cutting laser show-cased the temporary increase in DA and 5-HT sensitivity, however these 

electrodes lacked long term electrochemical stability due to rapid sp2 rapid etching induced by the 

laser slicing38. Additionally, it was found in both studies that laser slicing damaged the PCD layer, 

increasing the effective surface area of the electrode by an unknown, and minimally controlled 

amount. All pieces of work point towards the need for diamond surface modification to increase 

the sensitivity for DA and 5-HT without causing long-term changes, which may lead towards 

chemical etching of the electrode itself.  

 While the BDDME may present a surface with weaker adsorption than the standard bulk 

sp2 carbon fiber electrodes, advantages to a less adsorptive surface include: (1) resilience towards 
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chemical and physical surface changes in an analyte rich environment such as the brain, and (2) 

distinguishable neurotransmitter peaks due to adsorption favorability of one analyte over the other. 

Poor chronic stability and biofouling, i.e. adsorption of interferent proteins upon implantation in a 

biological environment, are long-standing challenges that disrupt neurochemical detection in the 

brain. We have previously reported that the BDDME experienced significantly lower biofouling-

induced current reductions for 5-HT when using the selective “Jackson” waveform in comparison 

with the highly adsorptive CFME12. This indicates that the BDDME could potentially serve as a 

more resilient electrode in a chronic in vivo setting. Another prevalent FSCV in vivo challenge is 

accurate identification of neurotransmitter peaks – analytes that oxidize and reduce in the same 

potential window may overlap or appear together, complicating selective detection of the 

neurotransmitter of interest. Based on our observations from Figure 2.3, we exposed the BDDME 

to boluses of 10 µM 5-HT and 10 µM DA, individually followed by mixtures using the flow 

A. B. 

Figure 2.4. FSCV responses of mixed solutions containing DA and 5-HT on BDDMEs (n=3). 
A. Overlapping FSCV voltammograms of mixtures with varying concentrations of DA and 5-
HT. Triangular waveform was employed, starting at -0.4 V to 1.3 V and back scanning at 400 
V/s at 10 Hz frequency. Voltammograms of only 10 µm 5-HT and 10 µm DA plotted for 
reference. B. Corresponding current vs concentration plot comparing peak oxidative current for 
each solution. Mixtures (from left to right on x axis) contain 10 µm DA & 10 µm 5-HT (green), 
10 µm DA & 20 µm 5-HT (red), 20 µm DA & 10 µm 5-HT (blue), only 10 µm DA (grey), and 
only 10 µm 5-HT (magenta). 
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injection system to test peak distinguishability. We made mixtures with 1:1 (10 : 10 µM) DA to 5-

HT, 1:2 (10 : 20 µM) DA to 5-HT, and 2:1 DA to 5-HT (20 : 10 µM)  to study the FSCV 

voltammograms and peak shifts (Figure 2.4). As expected, a higher concentration of 5-HT in the 

mixture overwhelmed the response, and reduced the oxidation and reduction peaks’ separation. A 

higher concentration of DA in the mixture pulled the peaks further apart, indicating slower electron 

transfer when DA is present in the mixture.  

 The results in Figure 2.4 show that the BDDME favors detection of 5-HT over DA even 

while using the standard triangular waveform employed for DA detection. There is a slight shift 

in oxidation response from 0.7 to 0.73 V when 5-HT is present as compared to the DA oxidation. 

There is an interesting additional change in the oxidation shape with DA present, where at 1.1 V, 

there is a broadening of the response. Additionally, there is a slight shift in the reduction potential 

as well from -0.35 to -0.3 V when 5-HT is present compared to DA. As there are no intrinsic 

differences in the oxidation measurements additional statistical methods such as PCA would need 

to be used to differentiate the two-chemical species. As both 5-HT and DA oxidize and reduce 

within the potential window of -0.4 V to 1.3 V, other manipulations to the waveform may need to 

be employed in vivo to selectively detect one neurotransmitter over the other. As previously 

reported, employing the Jackson waveform with a faster scan rate may increase the BDDME 

selectivity and eliminate the slower DA electron transfer, leaving a more prominent 5-HT signal. 

On the other hand, slowing the scan rate down may present a cleaner DA signal to match the 

sluggish electron transfer which is planned for future evaluations. 

 To verify intact physical implantation of the BDDME for in vivo application, we inserted 

the BDDME fiber in a low concentration (0.6%) agarose gel model, to mimic the mechanical 

properties of brain tissue56, and validated successful, undamaged implantation and explanation of 
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the electrode (S2.6). To test the diamond response in vivo we fabricated a slightly modified version 

of the BDDME to increase the surface area of the electrode. Briefly, we restructured the diamond 

to form BDD strips using RIE (S2.7A&B) to design 10 or 20µm wide, 4 µm thick and 1-inch long 

fibers. We then placed these inside glass capillaries, and sealed the tips using epoxy resin (S2.7B). 

The electrodes were cut to be ~100 µm long from the epoxy seal to mimic the size of a CFME. 

These were tested in vitro using FSCV flow injection to calibrate the response to DA ranging from 

50 to 1000 nM (S2.7D). Next, for in vivo application, the electrode was PEDOT:Nafion coated57 

and implanted in the rat nucleus accumbens core, and the medial forebrain bundle was electrically 

stimulated for DA release. In vivo data collection was done following previously published 

reports58,59 (see Supplemental Methods).  The measured in vivo stimulated DA response (n=1 rat) 

was ~150 nM on this glass BDDME. This verified the in vivo potential of an all-diamond BDDME 

electrode with a larger surface area, and a device that may be compatible with in vivo FSCV for 

future studies. 

 Various modifications to the electrode could further enhance electrochemical 

measurements at the BDDME, especially for in vivo applications. The BDDME reported here has 

an approximate geometrical electroactive surface area of ~100 to 200 µm2, about ten times smaller 

than the standard carbon fiber microelectrodes (~7 µm diameter, and 100 µm long for an area of 

2238 µm2). Because the size of the detected current is proportional to the electroactive area on the 

surface of the electrode, increasing the electroactive area of the freestanding BDDME could 

contribute to greatly increasing peak current measurements and lowering the limits of detection. 

Additionally, others using CFME have reported on the effect of edge planes for DA adsorption50, 

and taking this into account, the diamond growth direction may impact chemical responses. Our 

measurements are made across the growth boundary, and previous research from our team has 
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indicated a DA sensitivity difference between the growth face and nucleation face of the BDD26. 

Alternatively, employing an array-style electrode could maximize detection sites and overall 

electroactive area. Laser cut BDDMEs, as reported in our recent study38, could provide a more 

sensitive, sp2 rich environment that may be beneficial for acute in vivo detection for 

neurotransmitter rich regions, however laser cite BDDME are short-lived as these etch due to the 

DA waveform switching potential of over 1.0 V. Pretreatment options with cation exchange 

polymers, such as Nafion, could also be advantageous for increased sensitivity of the electrode. 

These polymer films and membranes may increase adsorption limitations, as the diamond material 

would remain stable without etching from underneath the membrane, unlike the carbon fiber 

counterpart, but this remains to be studied. 

2.4 CONCLUSION 

 These findings showcase a scale-able all-diamond probe and provide foundational 

information to guide future in vivo sensor development for electrochemical measurements using 

the freestanding BDDME. The results reported here are aimed at filling the knowledge gaps and 

background information to support our past and future work with the next generation of BDDME. 

The BDDME shows a favorability towards 5-HT detection with the oxidative peak responses 

having a 2-fold increase compared to DA for the same concentrations of analytes and a lower limit 

of detection of 0.16 µM for 5-HT than the 0.26 µM for DA. Similarly, the mixture comparisons 

elucidate that higher concentrations of 5-HT overwhelm the voltammogram, and DA demonstrates 

slower electron transfer in comparison to 5-HT at the BDDME surface. However, modifications 

to the waveform, and selective potential windows, may prove useful to differentiate between 

oxidative peak signals for the in vivo setting. Due to the surface characterization of the BDDME, 

a tradeoff in sensitivity may need to be accepted; however, this can be surmountable with increased 
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electroactive area sizes, array-style electrode and surface treatments, especially for in vivo 

application as verified in this study. These probes offer a biocompatible platform with stability in 

the measurement response for future consistent and chronic in vivo measurement of biomolecules. 

2.5 SUPPLEMENTARY MATERIALS 

2.5.1 ANIMAL, SURGERY AND IMPLANTATION  

 Surgical procedure and implantation were adapted from previously published 

methods58,59. A male, adult, Sprague Dawley rat was kept under isoflurane (2.5-3.5% in oxygen) 

anesthesia for the surgical procedure and in vivo data collection. Craniotomies were performed 

over nucleus accumbens (NAc) (+1.4 mm anterior posterior, +1.4 mm medio lateral from Bregma) 

and the medial forebrain bundle (MFB) (-2.5 mm anterior posterior, +1.7 medio lateral from 

Bregma). Meloxicam (2 mg/kg) was injected subcutaneously prior to electrode implantation as an 

additional measure to minimize risks of pain or discomfort. The BDDME was stereotaxically 

lowered in the NAc at a depth of 6.7 mm from the cortical surface, and the stimulating electrode 

was stereotaxically implanted in the MFB to the depth of 8.3 mm. A third craniotomy was 

performed on the contralateral hemisphere to access the cerebral cortex for placement of a 

Ag/AgCl reference electrode, inserted at a depth of 3mm. Dura was resected at each craniotomy 

prior to electrode implantation. Stereotaxic coordinates were taken from Parent et al59. Upon 

completion of in vivo data collection from the anesthetized rat, electrodes were explanted, and the 

rat was euthanized by an overdose delivery of sodium pentobarbital intraperitoneally. All surgical 

procedures described were approved by the Michigan State University Animal Care and Use 

Committee. 
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2.5.2 ELECTRODES AND INSTRUMENTATION FOR IN VIVO DATA COLLECTION 

 The BDDME was modified for in vivo data collection (Figure S2.7). A PEDOT:Nafion 

coating was applied at the BDDME using methods described by Vreeland et al57 prior to in vivo 

data collection. A bipolar stimulating electrode (P1 Technologies Inc, Roanoke, VA) was lowered 

in the MFB to deliver a 60-pulse train of 1 ms per phase, 300-600 µA, biphasic, square wave pulses 

at a frequency of 60 Hz via a Stimulus Generator (STG4002-1.6 mA, Multi Channel Systems, 

Reutlingen, Germany). The stimulation parameters were taken from Parent et al59. An Ag/AgCl 

wire was used as the reference electrode for in vivo FSCV measurements. All electrodes were 

connected to a mini-UEI potentiostat with a variable gain headstage (UNC Electronics Facility, 

University of North Carolina, Chapel Hill, NC). Data was collected using an NI-6363 data 

acquisition card using the HDCV Analysis software (Department of Chemistry, University of 

North Carolina, Chapel Hill, NC). The Stimulus Generator was TTL controlled using HDCV, and 

the biphasic stimulation pulse train was offset by 20 milliseconds to prevent interference with in 

vivo FSCV measurements.  Electrodes and Instrumentation for In Vivo Data Collection 

 The BDDME was modified for in vivo data collection (Figure S2.7). A PEDOT:Nafion 

coating was applied at the BDDME using methods described by Vreeland et al57 prior to in vivo 

data collection. A bipolar stimulating electrode (P1 Technologies Inc, Roanoke, VA) was lowered 

in the MFB to deliver a 60-pulse train of 1 ms per phase, 300-600 µA, biphasic, square wave pulses 

at a frequency of 60 Hz via a Stimulus Generator (STG4002-1.6 mA, Multi Channel Systems, 

Reutlingen, Germany). The stimulation parameters were taken from Parent et al59. An Ag/AgCl 

wire was used as the reference electrode for in vivo FSCV measurements. All electrodes were 

connected to a mini-UEI potentiostat with a variable gain headstage (UNC Electronics Facility, 

University of North Carolina, Chapel Hill, NC). Data was collected using an NI-6363 data 
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acquisition card using the HDCV Analysis software (Department of Chemistry, University of 

North Carolina, Chapel Hill, NC). The Stimulus Generator was TTL controlled using HDCV, and 

the biphasic stimulation pulse train was offset by 20 milliseconds to prevent interference with in 

vivo FSCV measurements.   

2.5.3 SUPPLEMENTARY FIGURES 

 

  

Figure S2.1 A. Voltammetric response of BDDME to DA in H2SO4. B. Representative 
impedance response of the BDDME in Tris aCSF. C. Representative 5-HT measurement in 
Tris aCSF solution. 

A B C 
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Figure S2.2.  A. BDDME background response when applying the standard DA waveform at 
10 Hz application frequency. B. Repeated injections of 5 µM DA delivered through the flow 
cell to the BDDME every 10 minutes showing a stable and reproducible response for the peak 
oxidative currents. C. Background of the BDDME with the triangular waveform commonly 
applied for dopamine detection starting at -0.4 V to 1.3 V and back at 400 V/s and at 10 Hz 
frequency. D. A representative response to measuring 1 mM FcCOOH in Tris pH 7.4, using a 
flow injection system on the BDDME. Dotted lines on color plot indicate the extracted current 
vs. time trace and current vs voltage plot. Scale bar on the bottom left corner of color plot 
indicates flowing period. 

A B 

C D 
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Figure S2.3. The BDDME was found to be highly responsive to pH changes, and the acidity of 
HClO4 influenced the observed the current. Neurochemical stock solutions for in vitro 
experiments were in 1 mM HClO4 as opposed to 0.1M HClO4 that has been used previously 
reported in literature. High concentrations of HClO4 overwhelmed the real DA current and 
presents on the backward scan. Dotted lines on color plots indicate the extracted current vs. time 
traces and current vs voltage plots. Scale bars on the bottom left corner of color plots indicate 
flowing period. 
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Figure S2.4. Representative Raman spectra of the conductive diamond used for the fabrication 
of the all diamond microelectrodes. 
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Figure S2.5. Commonly investigated NT responses at the BDDME. The triangular FSCV DA 
waveform from -0.4 V to 1.3 V to -0.4 V at a scan rate of 400 Vs-1 with a frequency of 10 Hz 
was applied at the electrode for DOPAC and AA, and increased to 1.5 V for H2O2. A buffer 
solution of tris aCSF (pH 7.4) was pumped at a rate of 750 µLmin-1. Minimum of three buffer 
rinses were done prior to injecting analyte to flush the flow cell and prevent contamination. 
Dotted lines on color plots indicate the extracted current vs. time traces and current vs voltage 
plots. Scale bars on the bottom left corner of color plots indicate flowing period. 

A B C 
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Table S2.1 Figures of merit of common compounds at the BDDME (electroactive surface area 
~ 100 to 200 µm2) (mean ± SEM, n=3 electrodes). 

 

Compound ΔEp (V) 
Ox/Red 

ratio 

Range of 
linearity  

(µM) 

Slope 
(nA∙µM-

1) r2 

Limit of 
detection  

(µM) 
Ascorbic Acid 0.67±0.08 - 5-200 0.00872 0.9989 3.26 

DOPAC 
(extended 

WF, -0.7-1.3 
V) 1.53±0.16 1.53±1.6 10-500 0.0133 0.9953 2.60 

pH - - 7.2-7.6 (pH) 
-5.52 

(nA/pH) 0.9856 - 
H2O2 

(extended WF 
-0.4-1.5 V) 1.40±0.01 - 0.1-5 0.263 0.9911 0.200 
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Figure S2.6. All-diamond BDDME inserted into a low concentration (0.6%) agarose gel model 
to mimic the mechanical properties of brain tissue and test implantation. A. Half length of 
BDDME fiber inserted in the agarose gel. B. Full length of BDDME fiber inserted in brain 
mimic, remaining in tact. C. BDDME fiber fully explanted from the agarose gel and appears 
mechnically undamaged. 
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Figure S2.7. Fabrication and in vivo response of diamond electrode. A. BDD strips were 
designed into 1 inch long, 10 and 20 µm wide and 4 µm thick strips. B. The fibers were 
fabricated by (B.i) growing 4 µm thick BDD film on a 4 in diameter Si wafer in a conformal 
thin film. (B.ii) Using reactive ion etching, the pattern was transferred onto the film. (B.iii) 
BDD was released from the Si substrate using HNA etching (nitric, acetic, and hydrofluoric 
acid) to release (B.iv) the fibers. C. diamond in glass electrodes were fabricated by (C.i) loading 
a strip into the tip of a pulled capillary and sealing (C.ii) the tip with epoxy. The BDD strip was 
cut (C.iii) to ~100 µm from the edge of the epoxy seal, and electrical connection made using a 
wire and carbon paint from the backside to form the diamond in glass electrode (C.iv). D. (D.i) 
The diamond glass electrodes was tested in vitro in a flow injection system against 200 nM DA. 
Current vs time, and the extracted voltammogram showed excellent resolution for 
electrochemical detection. (D.ii) A linear calibration curve from 50 nM to 1000 nM for DA 
(n=1 electrode) maintained a linear response. (D.iii) Stim-evoked in vivo DA response recorded 
with a BDD implanted in the rat NAc post MFB stimulation. Stimulation (red dot on color plot) 
was set at 575 µA following 3 s from the start of the recording. The evoked DA response 
measured can be seen at the vertical slice, and the concentration from the horizontal slice (n=1 
animal). 
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CHAPTER 3 | IN VITRO BIOFOULING PERFORMANCE OF BORON-DOPED 

DIAMOND MICROELECTRODES FOR SEROTONIN DETECTION USING FAST-

SCAN CYCLIC VOLTAMMETRY 

3.1 INTRODUCTION 

 Neurotransmission, or the cellular communication among neurons, is driven by both 

chemical and electrical impulses [1]. Chemical interactions take place when a cell releases 

neurotransmitters that are detectable by surrounding cells and/or itself [2]. A commonly used 

method to study neurotransmitter release is fast-scan cyclic voltammetry (FSCV), which allows 

for the detection of electrochemically active compounds on a sub-second timescale. FSCV is a 

background-subtracted technique that typically employs carbon fiber microelectrodes (CFMEs) to 

repeatedly apply brief voltage waveforms to induce oxidation and reduction in analytes of interest. 

The generated current from the movement of electrons at specific applied potentials allows for 

identification of the neurotransmitter and the resultant concentration based on the measured current 

magnitude. Over the last thirty years, FSCV has been developed and optimized for the detection 

of several common neurotransmitters, including serotonin (5-HT), dopamine (DA), 

norepinephrine (NE), histamine, and adenosine [3–11]. 

 Recently, our team developed an all-diamond, boron-doped diamond microelectrode 

(BDDME) for electrochemical measurements [12,13]. Unlike other BDDMEs which are grown on 

tungsten or platinum metals and insulated with a polymer and CFMEs, this all-diamond electrode 

is freestanding, insulated with polycrystalline diamond (PCD), and batch-fabricated using wafer 

processing techniques. Wafer fabrication allows for ease and flexibility to produce numerous 

custom-fabricated electrode shapes and geometries on a single wafer, all having extremely similar 
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performances, and removes some of the human error during traditional hand fabrication techniques 

such as those for CFMEs and other BDDMEs [14–17]. Several studies [12,18–22] have shown 

BDD to be an extremely versatile material for electrochemical applications due to its (1) wide 

working potential windows; (2) lower background currents; (3) good mechanical and chemical 

stability; (4) good electrochemical activity without pre-treatment; and (5) resistance to fouling. 

However, the nature of the BDD surface in comparison to CFMEs can also yield reduced 

sensitivity and slower electron transfer kinetics [23,24]. Nonetheless, numerous opportunities 

remain to more effectively leverage the potential benefits of BDDMEs, and optimization of the 

applied waveform is an easily implemented first approach to improve results. 

 Several waveform parameters, including the scan rate, holding potential, switching 

potential, and frequency, are known to influence the detected current at CFMEs [25]. Much 

previous work has driven the development of CFMEs to sensitively and selectively detect 

neurotransmitters of interest; for example, the standard waveform swept from −0.4 V to 1.3 V back 

to −0.4 V at 400 V s−1 and applied at 10 Hz is widely utilized today to detect DA [25]. Similarly, 

Jackson et al. (1995) developed the N-shaped waveform starting at 0.2 V to 1.0 V to −0.1 V at 

1000 V s−1 and applied at 10 Hz, specifically to increase and isolate the 5-HT oxidation peak 

current, while minimizing electrode fouling [26]. Waveform optimization tailored the 

electrochemical response of 5-HT on the CFMEs surface and has shown that: (1) the rate of 

adsorption of 5-HT is higher with an N-shaped waveform compared to the triangular waveform; 

(2) the 5-HT current amplitude is 10 times greater when scanning at 1000 V s−1 compared to 100 

V s−1; (3) an interferent electrochemical couple is less apparent at the faster scan rate of 1000 V 

s−1, and; (4) holding the potential at 0.2 V minimized interference by 5-HT oxidation byproducts 

which can build-up and polymerize on the electrode surface [26,27]. 
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 Modified FSCV waveform parameters provide insight into analyte detection and electrode 

surface interactions. With the triangular waveform at CFMEs, Heien et al. (2003) demonstrated 

increased sensitivity of DA and other neurotransmitters, including 5-HT, by extending the 

switching potential from 1.0 V to 1.4 V [28]. Recently, Venton’s group investigated an extended 

version of the Jackson waveform at CFMEs to attain low electrode fouling and higher sensitivity 

for measurements in vivo [29]. In particular, the switching potential of the Jackson waveform was 

extended to 1.3 V, so that the CFME surface could be constantly regenerated [30]. The Jackson 

waveform was determined to be the most selective for 5-HT, while the extended waveform had 

increased electrode sensitivity [29]. A key advantage of higher switching potentials is CFME 

surface activation, facilitated by the breakage of carbon–carbon bonds and addition of edge plane 

sites to promote analyte adsorption and surface cleaning at the electrode [25,30,31]. In an in vivo 

setting, such extended waveforms or higher switching potentials could be advantageous where 

electrode fouling and/or selectivity are prominent issues [29]. 

 A major recognized challenge of in vivo neurotransmitter detection at the CFME is 

biofouling: the adsorption of biomolecules or proteins at the inserted electrode [25]. Implantation 

of a chronic electrode facilitates a cascade of immune response in the tissue [32–34]. Protein 

deposits on the electrode surface can disrupt analyte adsorption, slow electron transfer, and 

interfere with voltammetric performance [25,34–36]. The detection of 5-HT in vivo is especially 

challenging because of the added burden of oxidizable, reaction-specific side-products that 

irreparably foul the CFME surface [27]. The Swain group has reported significantly reduced 5-HT 

fouling on BDDMEs with amperometric detection compared to bare CFMEs [37] and Nafion-

coated CFMEs [38]. The sp3 carbon structure, extended π-electron system, and fewer carbon–
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oxygen surface groups make the BDD resistant to high adsorption of molecules, potentially 

resulting in reduced fouling at the electrode surface [37,38]. 

 In this work, we sought to characterize the in vitro FSCV electrode behavior and biofouling 

performance of our freestanding BDDME compared to the traditional CFME. First, we report on 

5-HT responses at the BDDMEs and CFMEs over a range of FSCV parameters such as scan rate, 

holding potential, switching potential, frequency, and concentrations; this work is an extension of 

our previous conference proceeding [39]. Second, we studied the biofouling effects on the 5-HT 

current at both electrodes with the standard waveform. Third, we investigated biofouling-induced 

changes to 5-HT responses at both electrodes with the Jackson waveform. We found that the 

BDDME showed lower electrode fouling with increasing or changing switching potentials, 

frequency, and analyte concentrations, in comparison with CFMEs. Biofouling effects were 

significantly less pronounced at the BDDME with the Jackson waveform compared to CFMEs. 

The CFMEs maintain higher sensitivity and excellent LODs for 5-HT in comparison with 

BDDMEs for all conditions. These experiments are important steps towards optimizing the 

detection performance of the BDDME for in vivo neurotransmitter sensing applications. 

3.2 MATERIALS AND METHODS 

3.2.1 CHEMICALS 

 All chemicals were purchased from Sigma-Aldrich, Inc. (St. Louis, MO, USA) and Fisher 

Scientific International, Inc. (Hampton, NH, USA). Stock solutions of 1 mM 5-HT were prepared 

in 1 mM perchloric acid and used within 24 h to prevent solution degradation. Diluted solutions 

of 5-HT were prepared in artificial cerebrospinal fluid (aCSF) (pH 7.4; 20.68 mM Trizma 

hydrochloride, 4.32 mM Trizma Base, 126 mM NaCl, 2.5 mM KCl, 1.2 mM NaH2PO4, 2.4 mM 



96 

 

CaCl2, 1.2 mM MgCl2). Solutions of 1 mM ferrocene carboxylic acid (FcCOOH), a highly 

electroactive compound with a well-documented redox response with FSCV, were prepared in 

aCSF and used to test for optimal placement of microelectrodes in the flow injection setup before 

measurements were recorded. For all biofouling experiments, a 4% solution of bovine serum 

albumin (BSA; 40 gL−1 in aCSF, pH 7.4) was freshly prepared before electrode soaking. All 

solutions were prepared with ultrapure water: 18.2 MΩ.cm, TOC < 5 ppb (Barnstead™ GenPure™ 

xCAD Plus Ultrapure Water Purification System, Thermo Scientific, Waltham, MA, USA). 

3.2.2 CARBON FIBER MICROELECTRODE (CFME) FABRICATION 

 CFMEs were constructed similarly to previously reported methods [30]. Briefly, 7.4 µm 

Ø, unsized, AS4 carbon fibers (Hexel, Stamford, CT, USA) were aspirated into glass capillaries 

(World Precision Instruments, Sarasota, FL, USA) using a vacuum pump. These capillaries were 

pulled with a vertical micropipette puller (Stoelting Co., Wooddale, IL, USA). An electrical 

connection was made by coating 32 AWG wire wrapping wire with PELCO conductive carbon-

based glue (Ted Pella, Inc., Redding, CA, USA) and inserting it into the open end of the capillary 

and epoxying it in place. The carbon fibers were then cut to an approximate 100–150 µm exposed 

length measured from the glass seal. All CFMEs, unless otherwise noted, were allowed to stabilize 

for 20–30 min using the standard cyclic waveform of −0.4 V to 1.3 V at 400 V s−1, 60 Hz frequency 

in aCSF, and then allowed to finish stabilizing for 10 min at 10 Hz before being used for 

experimentation. 

3.2.3 BORON-DOPED DIAMOND MICROELECTRODE (BDDME) FABRICATION 

 This fabrication scheme was based on a previous report [13] with some modifications, 

described as follows. The fabrication of the BDDMEs is a multi-step chemical vapor deposition 

process, which includes photolithography, metal masking, and dry etching. The fabrication scheme 
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(Figure 3.1A) represents the basic key wafer processing steps. Briefly, BDD films were grown on 

a 4″ Ø-500 µm thick single-side polished silicon wafer using a 915 MHz microwave chemical 

vapor deposition reactor. Synthesis conditions include a microwave power of 9 kW, a 900 °C stage 

Figure 3.1. Representative fabrication scheme and FSCV response of the BDDME. A. 
Fabrication scheme of the BDDME using wafer processing technology, in which the BDD is 
grown, and insulating PCD is then utilized to encapsulate the BDD core. B. Scanning Electron 
Microscope (SEM) image of the individual, free-standing BDDME showcasing a connection pad 
and electrode shank. C. SEM image of a BDDME sensing tip, with a BDD core area of 123 µm2 
and polycrystalline diamond (PCD) encapsulation shell with a 15 µm thick layer. D. 
Representative FSCV response of 10 µM 5-HT in aCSF at the BDDME with a flow rate of 750 
µL min−1, and an applied waveform of −0.4 V to 1.3 V to −0.4 V at 400 V s−1 and 10 Hz repetition 
rate. Extracted current vs. time trace of the peak oxidation current (top) and cyclic 
voltammogram (bottom) showcase the electrochemical response of the BDDME when 
measuring 5-HT with the BDDME. 
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temperature, a chamber pressure of 60 Torr and a gas chemistry of 2% methane. Diborane was 

added to the diamond grown at a B/C ratio of 37,500 ppm to ensure conductivity. Following BDD 

growth, copper was thermally evaporated (Auto 306; Edward, Inc., West Sussex, UK) and 

patterned via photolithography (ABM-USA, Inc., Jan Jose, CA, USA), followed by wet chemical 

etching and reactive ion etching. The diamond electrodes were then released from the silicon using 

an HNA etchant with an HF:HNO3:CH3COOH composition of 5:11:6, and fully insulated with 

polycrystalline microcrystalline diamond using hot filament chemical vapor deposition (HF-

CVD). Microcrystalline diamond was grown using a base pressure of 35 Torr and 2% methane on 

the freestanding released BDDMEs (Figure 3.1B). After deposition, the ends of the electrodes 

were physically cleaved to expose the BDD core, and the electrical connection was made using 

the conductive carbon glue (Ted Pella, Inc., Redding, CA, USA). Electroactive areas for the 

diamond cores ranged from 100 to 200 µm2 based on a 50 µm wide pattern, and a BDD growth 

thickness of ~2–4 µm (Figure 3.1C). 

3.2.4 FAST-SCAN CYCLIC VOLTAMMETRY (FSCV) INSTRUMENTATION 

 A two-electrode setup (a working electrode versus a quasi Ag/AgCl reference electrode) 

was utilized in a custom flow injection cell for FSCV experiments. A self-constructed potentiostat 

with a variable gain headstage (50 nA/V, 100 nA/V, 200 nA/V, 500 nA/V, 1 µA/V) was connected 

to the electrode to carry out measurements. Data were collected using a NI-6363 data acquisition 

card and HDCV software (Version 4, Department of Chemistry, University of North Carolina, 

Chapel Hill, NC, USA) [40]. For all experiments, the flow injection system used a TTL voltage-

controlled source to switch a six-way HPLC valve to introduce a bolus of test analyte. A flow rate 

of 0.75 mL min−1 was used to deliver aCSF buffer by a NE-1000 syringe pump (New Era Pump 

Systems, Inc., Farmingdale, NY, USA). 
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3.2.5 WAVEFORM PARAMETER INVESTIGATION 

 The waveform factors section of the study utilized the “standard” triangular FSCV 

waveform, −0.4 V to 1.3 V and back at 400 V s−1 at 10 Hz as the baseline. The peak oxidative 5-

HT current value was used to determine the effects of different waveform parameters. The 

following parameters were adjusted individually in the HDCV software: frequency, holding 

potential, switching potential, scan rate, and analyte concentration (0.025 µM up to 100 µM). For 

non-calibration experiments, baseline 5-HT concentrations were used for the two electrode types, 

1 µM for CFMEs and 10 µM for BDDMEs due to differences in electrode sensitivity. Each data 

value was obtained by averaging the current response across three injections of 5-HT into the flow 

cell system, unless otherwise stated. An example redox response to 10 µM 5-HT at the BDDME 

using FSCV is presented in Figure 3.1D. 

3.2.6 BIOFOULING PROTOCOL 

 The in vitro biofouling of the microelectrodes was performed utilizing protocols published 

by Singh et al. (2011) [41], with minor changes. Briefly, electrodes were pre-calibrated with 5-HT 

(0.025 µM to 1 µM 5-HT for the CFMEs, and 0.2 µM to 10 µM 5-HT for the BDDMEs) and 

placed in BSA for ~12 h. For the duration of BSA exposure, the electrodes were fixed in a beaker 

containing 4% BSA in aCSF and only the tips were submerged in the solution. After removal, 

electrodes were post-calibrated with 5-HT, similarly within 24 h. Prior to post-calibration and 

following placement in the flow injection system, electrodes were positioned in the flow path and 

the previously measured highest concentration of 5-HT was detected to eliminate the influence of 

surface refreshing and pre-mature removal of any absorbed BSA (i.e., 1 µM 5-HT at CFMEs and 

10 µM 5-HT at BDDMEs). Two waveforms were investigated at both CFMEs and BDDMEs to 

assess biofouling effects (see Supplementary Materials, Figure S3.1)—(1) the standard waveform 
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and (2) the Jackson waveform. For each waveform condition, batches of freshly fabricated CFMEs 

and BDDMEs were employed. 

3.2.7 DATA ANALYSIS 

 Raw data were extracted using the HDCV analysis software, and exported to a text file. 

Responses were then analyzed using in-house-developed FSCV analysis software for filtering and 

analysis. All data were filtered using a Butterworth 4th order lowpass filter at 1660 Hz for scan 

rates of 400 V s−1 and 8000 Hz for scan rates of 1000 V s−1. The data was also zero-phase filtered 

to preserve the phase shift in the current response with respect to the applied potential induced by 

digital filtering. Graphs were drawn and statistical analysis was carried out using Graphpad Prism. 

3.3 RESULTS 

 The peak oxidative 5-HT current was measured at discrete values of scan rate, holding 

potential, switching potential, frequency, and analyte concentration for both BDDMEs and CFMEs 

to compare response trends. Biofouling effects were measured with the standard DA waveform 

and the Jackson waveform on both electrodes. 

3.3.1 WAVEFORM FACTORS 

3.3.1.1 SCAN RATE 

 In Figure 3.2A, the anodic current increases linearly over the entire range of scan rates 100 

V s−1 to 1000 V s−1 at the CFME, indicating an adsorption-controlled process. The BDDME’s 

current response is linear up to 400 V s−1, before beginning to plateau. When plotted as the square-

root of the scan rate, the slope becomes linear, potentially indicating a diffusion-controlled process 

(Figure S3.2A). 
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3.3.1.2 HOLDING POTENTIAL 

 Figure 3.2B demonstrates that the largest oxidative current was measured at −0.6 V, and 

the peak currents decrease with increasing positive potential for both the BDDME and the CFME. 

There is one exception, where the CFME has a slight increase in measured response when stepping 

from −0.6 V to −0.4 V before a continuing decrease. 

Figure 3.2. Factors of the FSCV waveform to determine the peak oxidative response for 5-HT 
on a CFME and BDDME. A. The response of scan rate to peak oxidation, where the scan rate 
was modified between 100 and 1000 V s−1. B. The peak current response from changes in the 
holding potential, varying from −0.6 V to 0.2 V. C. 5-HT peak current response to the upper 
switching potential varying from 1.0 to 1.5 V. D. Investigation of the applied waveform 
application frequency ranging from 10 Hz to 100 Hz. E. The response of both the CFME and 
BDDME to 5-HT varies from 0.05 µM to 1 µM. The non-normalized peak current was plotted as 
a logarithmic response to better demonstrate the BDDME and CFME response on a comparable 
scale. F. Concentration response from 1 µm to 100 µm, on both the BDDME and CFME to 
determine the upper detection ranges before sensor saturation. Note that on all plots, peak currents 
are normalized to the largest current, except in Figure 3.2E where the logarithmic of raw current 
and concentration are plotted. Data are represented as mean ± SEM CFMEs (n = 5–6) and 
BDDMEs (n = 5). 
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3.3.1.3 SWITCHING POTENTIAL 

 Both the BDDME and CFME response to 5-HT differ in response to increasing switching 

potential (SP) (Figure 3.2C). The CFME has an increasing peak current response as the SP is 

increased up to 1.4 V, with a slight decline at 1.5 V. This trend is only observed in new CFMEs 

that were previously inactivated, i.e., electrodes have not been subjected to potentials larger than 

1.0 V. Conversely, CFMEs that had previously experienced higher SPs show a very slight 

decreasing trend in response to increasing SP (Figure S3.2B). The BDDME maintains a stable 

anodic peak response for all SPs (with minor fluctuation, but no trend in either direction) regardless 

of activation and prior use. 

3.3.1.4 FREQUENCY 

 Figure 3.2D demonstrates that both microelectrode types exhibit a decreasing peak anodic 

response with increasing waveform application frequency. The CFME shows an exponential 

decrease, while the BDDME maintains a linear decrease in peak anodic response. The BDDME 

application rate indicates a higher resilience in response measurements at higher scanning 

frequencies than the CFME, further supporting that 5-HT favors a diffusion-controlled process on 

a BDDME rather than adsorption. 

3.3.1.5 CONCENTRATION LOWEST TO 10 µM 

 Both BDDMEs and CFMEs maintain a linear response to increasing 5-HT concentrations 

from 0.025/0.2 µM (CFME/BDDME) up to 10 µM. In Figure 3.2E, the calibration curves for both 

electrodes are reported as the logarithmic of raw current vs. logarithmic of concentration to 

demonstrate the linear responses and measured signal variability. The signal variability between 

the CFME and BDDME is due to the possible difference in electroactive areas between the 



103 

 

electrodes. The geometric surface area of the CFMEs is estimated to be 1138 to 1578 µm2, while 

the surface area for the BDDME is 123 to 200 µm2. The limit of detection (LOD) for the CFME, 

as determined from the current response of the noise (3 × standard deviation of the noise), was 

0.06 µM with a non-logarithmic linear response between 0.02 µM and 0.5 µM, maintaining a 

sensitivity of 54.59 nAµM−1 (R2 = 0.9937). Similarly, from the noise response of the electrode, the 

LOD at BDDMEs was calculated to be 0.52 µM with a linear response 0.2 µM and 5 µM 5-HT 

and a sensitivity of 0.2901 nAµM−1 (R2 = 0.9951). 

3.3.1.6 CONCENTRATION 1 µM TO 100 µM 

 Figure 3.2F demonstrates that, at concentrations of 5-HT 25 µM, both electrodes lose 

response linearity. However, the CFME saturates and decreases in the response from 50 µM and 

100 µM compared to the BDDME, which maintains an increasing, nonlinear current response up 

to 100 µM of 5-HT. 

3.3.2 BIOFOULING EFFECTS 

3.3.2.1 STANDARD WAVEFORM 

 Biofouling-induced changes were studied at both CFMEs and BDDMEs by measuring 5-

HT responses on the standard cyclic waveform (−0.4 V to 1.3 V at 400 V s−1 and 10 Hz) before 

and after exposure to BSA. From the calibration response in Figure 3.2E, 3.2F, the 5-HT 

concentrations for biofouling experiments were chosen as 1 µM at the CFME (Figure 3.3A–D) 

and 10 µM at the BDDME (Figure 3.3E–H). Figure 3.3 shows representative current vs. time 

traces (I vs. T), color plots, and cyclic voltammograms (CVs) for the CFME and BDDME with 

the standard waveform. The representative CFME in Figure 3.3A–D maintained a 1 µM 5-HT 

current response of 75.33 nA before biofouling, and a 48.07 nA (a 36.19% decrease) after 
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biofouling after 12–14 h of soaking in BSA. Similarly, the CV after biofouling showed that the 5-

HT oxidation peak decreases and shifts positively from 0.54 V to 0.59 V, while the reduction peak 

Figure 3.3. Representative biofouling effects on the 5-HT response with both the CFME and 
BDDME using the standard DA waveform from −0.4 V to +1.3V to −0.4 V at a scan rate of 400 
V s−1 and 10 Hz application frequency. A. Current vs. time trace extracted from the color plots 
(B,C) for the response of 1 µM 5-HT before and after biofouling the CFME surface. D. Extracted 
voltammogram from the CFME response showing the change in sensitivity from fouling to 1 µM 
5-HT. E. Current vs. time trace extracted from the color plots (F,G) for 10 µM 5-HT measured 
on the BDDME from biofouling the electrode surface. H. Extracted cyclic voltammogram from 
the color plot for the BDDME showcasing the biofouling changes to the measured response. 
Dashed lines on color plots indicate extracted CV and current vs. time traces. Red arrows in D 
and H indicate direction of CV peak shift after biofouling. 
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also decreases and shifts negatively ~0.06 V from 0.08 V to 0.025 V (Figure 3.3D). The 

representative BDDME (Figure 3.3E–H) measuring 10 µM 5-HT maintained a 3.52 nA oxidative 

peak that reduced to 2.35 nA (33% decrease) after biofouling. The 5-HT anodic peak shifted 

positively from 0.65 V to 0.70 V, while the reduction peak shifted negatively from −0.01 V to −0.1 

V (Figure 3.3H). 

3.3.2.2 JACKSON WAVEFORM 

 The Jackson waveform (0.2 V to 1.0 V to −0.1 V to 0.2 V at 1000 V s−1 and 10 Hz), 

developed specifically for 5-HT measurement, was employed to understand whether waveform 

characteristics influence biofouling effects on both the CFME and BDDME. On both the CFME 

and BDDME, 1 µM and 10 µM of 5-HT were measured both before and after exposure to BSA 

for 12–14 h on newly fabricated electrodes (Figure 3.4). The CFME oxidative current response to 

1 µM 5-HT decreased from 45.37 nA to 16.83 nA after BSA exposure (a 62.89% decrease) (Figure 

3.4A–D). The CV oxidation peak shifted positively from 0.5 V to 0.55 V, and the reduction peak 

shifted from 0.12 V to 0.05 V (Figure 3.4D). The BDDME anodic response for 10 µM 5-HT 

decreased after exposure to BSA (Figure 3.4E–H) from 2.81 nA before biofouling, and reduced 

by 23.5% to 2.15 nA. The CV oxidative peak shifted from 0.69 V to 0.71 V (Figure 3.4H). Due 

to the increase in the applied scan rate of 1000 V s−1, the cathodic sweep was not resolved at the 

scanned potential window. 

3.3.2.3 CALIBRATION CURVES 

 Both CFMEs and BDDMEs were calibrated before and after biofouling to better 

understand electrode performance and recovery. Figure 3.5 demonstrates the linear raw current 

responses to increasing 5-HT concentrations pre- and post-biofouling at the CFME and BDDME 
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with the standard and Jackson waveforms. Due to the differences in electrode surface area and 

Figure 3.4. Representative biofouling effects on the 5-HT response with both the CFME and 
BDDME using the Jackson waveform 0.2 V to +1.0 V to −0.1 V to 0.2V at a scan rate of 1000 V 
s−1 and 10 Hz application frequency. A. Current vs. time trace extracted from the color plots (B,C) 
for the response of 1 µM 5-HT before and after biofouling the CFME surface. D. Extracted 
voltammogram from the CFME response showing the change in sensitivity from fouling to 1 µM 
5-HT. E. Current vs. time trace extracted from the color plots (F,G) for 10 µM 5-HT measured 
on the BDDME from before and after biofouling the electrode surface. H. Extracted cyclic 
voltammogram from the color plot for the BDDME showcasing the biofouling changes to the 
measured response. Dashed lines on color plots indicate extracted CV and current vs. time traces. 
Red arrows in D and H indicate direction of CV peaks shift after biofouling. 
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response curves reported in Figure 3.2E and 3.2F, the 5-HT calibration concentration ranges were 

chosen as 0.025 µM to 1.0 µM for CFMEs, and 0.2 µM to 10.0 µM for BDDMEs. CFME responses 

to 5-HT concentrations before and after biofouling on the standard waveform are reported in 

Figure 3.5A. The LOD of 5-HT at the CFME before biofouling was 0.049 µM calculated from 

the linear best fit equation with a sensitivity of 55.58 nAµM−1 (R2 = 0.995). After biofouling, the 

LOD of 5-HT was maintained at 0.04 µM, but the sensitivity decreased to 42.50 nAµM−1 (R2 = 

0.997). Before biofouling, the BDDMEs maintained an LOD of 0.26 µM calculated from the linear 

Figures 3.5. Calibration curves for both CFME and BDDMEs pre- and post-biofouling. A,B. 
represent 5-HT responses measured using the standard DA waveform before and after biofouling. 
CFMEs (n = 7) and BDDMEs (n = 2–8). C,D. Response before and after biofouling on the CFME 
(n = 7) and BDDME (n = 2–7) to 5-HT measured with the Jackson waveform. Raw currents are 
plotted as mean ± SEM. Note that some BDDMEs were excluded post-biofouling with both 
waveforms due to physical issues that resulted in a loss of electrochemical connection between the 
fiber and conductive pad. 
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best fit equation with a sensitivity of 0.39 nAµM−1 (R2 = 0.993) (Figure 3.5B). After biofouling, 

the BDDMEs LOD for 5-HT increased to 0.83 µM with a decreased sensitivity of 0.27 nAµM−1 

(R2 = 0.937) (Table 3.1). 

 When using the Jackson waveform for CFME measurements (Figure 3.5C), the 5-HT 

LOD was calculated to be 0.09 µM with a sensitivity of 64.21 nAµM−1 (R2 = 0.985). After fouling, 

the CFME had a decrease in sensitivity to 20.52 nAµM−1 (R2 = 0.988) with an LOD increase of 

0.079 µM. The BDDME with the Jackson waveform (Figure 3.5D) had an LOD of 0.40 µM and 

a sensitivity of 0.38 nAµM−1 (R2 = 0.984). After biofouling, 5-HT LOD increased to 1.02 µM and 

the sensitivity decreased to 0.26 nAµM−1 (R2 = 0.907) (Table 3.2). It is important to note that some 

BDDMEs suffered physical issues during biofouling; the electrochemical connection on these 

Table 3.1. Summary of results for 5-HT responses before and after biofouling conditions with 
the standard waveform. 

Electrode 
(Standard WF) 

LOD * 
(µM) 

Slope * 
(nAµM−1) 

Measured Range * 
(µM) R-Squared * Biofouling 

CFME 
0.049 55.578 0.025–0.5 0.995 Before 
0.04 42.497 0.025–0.5 0.997 After 

BDDME 
0.26 0.385 0.2–2.0 0.993 Before 
0.83 0.271 0.2–2.0 0.937 After 

* CFMEs (n = 7) and BDDMEs (n = 2–8). 

 
Table 3.2. Summary of results for 5-HT responses before and after biofouling conditions 
with the Jackson waveform. 

Electrode 
(Jackson WF) 

LOD * 
(µM) 

Slope * 
(nAµM−1) 

Measured Range * 
(µM) R-Squared * Biofouling 

CFME 
0.09 64.21 0.025–0.5 0.985 Before 
0.04 42.497 0.025–0.5 0.997 After 

BDDME 
0.4 0.383 0.2–2.0 0.984 Before 

1.02 0.260 0.2–2.0 0.907 After 
* CFMEs (n = 7) and BDDMEs (n = 2–7). 
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electrodes was weakened, possibly due to contact pad damage or deterioration of carbon glue in 

the BSA soak model. These electrodes were excluded from the reported datasets. 

3.3.2.4 STATISTICAL ANALYSIS 

 The statistical comparison between both CFMEs and BDDMEs with each waveform is 

shown in Figure 3.6. On average, the current response due to biofouling (prior to post-calibration) 

decreased by −39.2% for the CFMEs when measuring 1 µM 5-HT (Figure 3.6A) and −29.5% for 

Figure 3.6. Quantification of biofouling effects on CFMEs and BDDMEs. A. Individual raw 
current responses to 1 µM 5-HT at the CFME (n = 7) before and after biofouling with the 
standard waveform. B. Individual raw current response to 10 µM 5-HT at the BDDME (n = 5) 
before and after biofouling with the standard waveform. C. Comparison of average current 
decrease in 5-HT after biofouling between BDDMEs and CFMEs with the standard waveform; 
not significant, p = 0.0792. D. Average sensitivity decrease after biofouling between BDDMEs 
and CFMEs with the standard waveform; not significant, p = 0.0885. E. Individual raw current 
responses to 1 µM 5-HT with the CFME (n = 8) before and after biofouling with the Jackson 
waveform. F. Individual raw current response to 10 µM 5-HT with the BDDME (n = 6) before 
and after biofouling with the Jackson waveform. G. Average current decrease in 5-HT after 
biofouling between BDDMEs and CFMEs with the Jackson waveform; significant, ** p < 0.05. 
H. Average sensitivity decrease after biofouling between BDDMEs and CFMEs with the 
Jackson waveform; significant, **** p < 0.0001. 
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BDDMEs when measuring 10 µM 5-HT (Figure 3.6B) with the standard waveform. Although the 

BDDME showed less percent decrease overall, the average reduction in 5-HT response before vs. 

after biofouling was not significantly different between the two electrodes (Figure 3.6C; Welch’s 

t-test, p = 0.0792, two-tailed, t = 2.002, df = 8.245). 

 When comparing the Jackson waveform, the average current response to 1 µM 5-HT 

decreased by −62.5% for the CFMEs (Figure 3.6E) and by −39.01% for the 10 µM 5-HT on the 

BDDMEs (Figure 3.6F). The overall percentage decrease from before versus after biofouling was 

significantly different between the two electrodes (Figure 3.6G; Welch’s t-test, p = 0.0054, two-

tailed, t = 3.964, df = 7.028). The sensitivity changes between CFMEs and BDDMEs were also 

significant (Welch’s t-test, p < 0.0001, two-tailed, t = 6.823, df = 9.737). The BDDME had less of 

a decrease in sensitivity than CFMEs after biofouling (Figure 3.6H) with the Jackson waveform. 

The average percentage current decrease after biofouling was greater at CFMEs with both 

waveforms. 

3.4 DISCUSSION 

 Successfully and safely maintaining chronic in vivo signals for long periods of time 

remains a significant challenge for implanted neurochemical sensors [42,43]. Biofouling [36], 

gliotic cellular encapsulation [32], insertional damage to the device and/or tissue, interferents [44], 

and polarization of the reference electrode [34] can all undermine the voltammetric response 

quality in the in vivo environment. We are developing a customizable, all-diamond, 

microfabricated BDDME to meet these needs, with key advantages for a chronically implanted 

neurochemical sensor [12]. In this paper, we characterized the current responses on both a CFME 

and BDDME through varied waveform parameters and biofouling conditions as necessary steps 

toward characterizing and optimizing detection performance for eventual in vivo usage. 
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 The effects of varying waveform parameters (Figure 3.2) largely followed previously 

reported literature for waveform optimization on a CFME [25,44–46]. Elevated scan rates 

increased the oxidative current response linearly for the CFMEs, indicating adsorption-controlled 

processes at this electrode [25]. The sub-linear current response shown on BDDMEs is 

proportional to the square root of the scan rate, indicating that the background increases faster than 

the Faradaic currents and kinetics at the electrode may be diffusion-controlled [25] (Figure 

S3.2A). However, the reported data also support potential adsorption-controlled processes on the 

BDDMEs, as the peak anodic current decreased with increased application frequency of waveform 

application. Reduced frequency of the applied waveform allows more time for the analyte of 

interest to adsorb on the electrode surface, enhancing detection [25,47]. It is notable that the 

attenuation of current with increased frequency is less pronounced on BDDMEs than CFMEs, 

suggesting that the BDDME measurement of 5-HT is a dual modality measurement. As diamond, 

which is rich in sp3 carbon, lacks the adsorption sites for other carbon surfaces [48–51], further 

investigation is warranted on the electron transfer kinetics of the BDDME. 

 As the holding potential (HP) is decreased, there is a resultant increase in adsorption of 5-

HT at the electrode surface [25]. This is observed in the anodic peak current, with the maximum 

at a HP of −0.6 V for BDDMEs. Similarly, the anodic peak current increased with reduced HP on 

the CFME, although the current plateaued from −0.4 to −0.6 V, which could be due to the potential 

window of the CFME in aqueous environments. Near −0.6 V, oxygen reduction would begin to 

interfere with 5-HT measurements [11,25]. As catecholamines are inherently positively charged 

at physiological pH, negative HPs are favorable and promote more adsorption due to the 

electrostatic charge difference [52]. As mentioned, 5-HT is a complex molecule that resides in a 

reduced state and forms side products upon oxidization that polymerize and foul the carbon fiber 
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surface for subsequent measurements [27,29]. Previous works have shown that holding at less 

negative potentials mitigated this fouling effect at CFMEs [26,27]. Furthermore, very negative 

HPs can facilitate oxygen reduction at CFMEs that may interfere with the recorded analyte current 

[25]. While CFMEs require adjustments in this parameter for optimal 5-HT detection, BDDMEs 

may allow for more flexibility due to its resistance to fouling [37] and wide working potential [23]. 

 When a CFME becomes activated through applied potentials above 1.0 V, the current 

increase is a one-time occurrence, and is non-repeatable for a given CFME. The Wightman group 

has shown that the CFME surface etches at potentials over 1.0 V [53] and higher switching 

potentials (~1.3 V) irreversibly etch the electrode surface [30]. Initial exposure to a high potential 

activates the CFME surface and promotes adsorption at defect sites [25,30]. Our data corroborate 

this effect, as electrodes that had experienced 1.4 V previously showed a decreasing current with 

increasing switching potential values from 1.0 V to 1.5 V (Figure S3.2B). The caveat to this 

phenomenon is that the CFME surface will etch away at a non-trivial rate and the surface becomes 

too small to be effective, particularly in a chronic setting [25,30]. Conversely, at the BDDME, the 

current response is relatively stable for all switching potentials regardless of prior exposure to 

higher potential values. Due to its carbon structure and lack of oxygen groups, the BDDME surface 

may not etch to the same degree as the CFME, suggesting a potential for greater stability in a 

chronic in vivo setting [12,54]. 

 Analyte concentration vs. oxidative current responses are important to investigate, as 

detected in vivo signals can fall within the linear range of the in vitro calibrated current curves, 

allowing the amount of neurotransmitter release to be estimated [25]. The BDDME exhibits a 

linear oxidative current response from 0.2 µM to 10 µM of 5-HT, while CFME is sensitive to 

lower concentrations and displays linearity over 0.02 µM to 1 µM of 5-HT. The 5-HT LOD for 
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BDDMEs was 0.52 µM and 0.06 µM for CFMEs, calculated from the linear best fit equation of 

the respective calibration ranges. There are two possible reasons for the higher LOD and lower 

sensitivity at BDDMEs compared to CFMEs: (1) the estimated geometric surface area of our 

BDDME (123 to 200 µm2) is 10 times smaller than that of the CFME (1138 to 1578 µm2), and (2) 

the sp3 carbon structure and lack of carbon–oxygen functional groups prevent surface adsorption 

of 5-HT at the electrode. The latter is a well-known tradeoff for BDDMEs, and resistance to the 

high adsorption of analytes has been discussed as a beneficial feature for reducing surface fouling 

[12,18,37]. In fact, at higher concentrations of 5-HT (1 µM to 100 µM), a fouling effect is 

especially evident at CFMEs and not observed on the BDDMEs (Figure 3.2F). Unlike at the 

BDDME, the 5-HT responses on the CFME began to decrease rather than plateau after 20 µM, 

suggesting that the surface was possibly irreversibly fouled. Jackson et al. (1995), as well as 

Hashemi et al. (2009), showed that 5-HT oxidation, even at 400 V s−1, forms byproducts that 

polymerize and create layers at the electrode surface [26,27], limiting electron transfer and 

decreasing sensitivity, thereby changing the response of the analyte with time and resulting in 

accelerated fouling at large concentration exposures [29]. This effect is not observed in the 

calibration of the BDDMEs, again suggesting potential for greater signal stability and resistance 

to byproduct fouling. At the same time, the smaller electroactive surface area and lower 5-HT 

sensitivity of the BDDME could be a major challenge for in vivo detection. Further research will 

focus on increasing the electroactive area to enable lower concentration detection. 

 While the Jackson waveform was developed to “outrun” polymerization of the byproducts 

of 5-HT oxidation, the in vivo environment presents additional detection barriers posed by non-

specific adsorption of proteins and subsequent cellular encapsulation of the electrode surface 

resulting in biofouling [55,56]. As expected, our BSA soak model of biofouling reduced the 
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detected current on both CFMEs and BDDMEs, in accordance with previous reports. Singh et al. 

(2011) investigated 1 µM DA response at the bare CFME before and after biofouling by exposing 

electrodes to a common fouling agent (Bovine Serum Albumin, BSA) and brain tissue (in vivo 

and in vitro) [41]. The electrode sensitivity to DA decreased significantly in each biofouling 

condition (60–70% reduction after in vivo brain tissue cycling) [41], which is reasonably well-

aligned with our overall detected in vitro 5-HT current decrease of ~40–60% at the CFMEs 

(Figure 3.6A,E). Along with reduced sensitivity, the faradaic peaks shifted in the cyclic 

voltammograms and calibration curves show signal instability for all after-soak conditions in our 

experiments. These features are indicative of electrode fouling [21], thereby supporting the view 

that BSA soaking effectively replicated an in vitro biofouling effect on both CFMEs and 

BDDMEs. 

 The lower average 5-HT percent current decrease detected at BDDMEs (−39.01% 

decrease) in comparison to that at CFMEs (−62.5% decrease) with the N-shaped Jackson 

waveform (Figure 3.6E,F) likely reflects a combination of factors: (1) it has been suggested that 

BDD is less prone to biofouling [18,37,38], which may be partially attributable to its less 

adsorptive surface character [27], and (2) 5-HT anodic current responses are less sensitive to 

switching potentials from 1.0 V to 1.5 V at the BDDME compared to those at the CFME (as 

observed in Figure 3.2C and Figure S3.2B). The latter could indicate that the BDDME does not 

require as much surface refreshing as the CFME for accurate signal measurements in a fouled 

setting. Another observation to support this idea is that the BDDMEs biofouled more with the 

Jackson waveform (−39.01% decrease) than with the standard waveform (−29.5% decrease), but 

not to the same extent as the CFMEs. The CFMEs biofouled much more with the Jackson 

waveform (−62.5% decrease) than with the standard waveform (−39.2%). Since the Jackson 
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waveform only scans up to 1.0 V, the CFME surface was not regenerated [30], and possibly 

experienced more fouling than with the standard waveform which scans up to 1.3 V. The Venton 

group developed an extended waveform to address this issue at CFMEs and showed reduced 

electrode fouling when the switching potential of the Jackson waveform was set to 1.3 V compared 

to 1.0 V [29]. 

 Scanning at higher potentials may also influence electrode recovery after biofouling, as 

observed in our data where calibration curves for after-soak conditions were steeper with the 

standard waveform in comparison with the Jackson waveform for both electrodes. The curves 

demonstrate that after biofouling, the sensitivity to 5-HT concentrations was reduced at both 

CFMEs and BDDMEs. However, with continuous sweeping of waveforms, both electrodes were 

able to closely recover to the original current responses with the standard waveform, but neither 

recovered with the Jackson waveform (Figure 3.5). The average percent sensitivity decrease after 

biofouling at BDDMEs was significantly lower than that at CFMEs with the Jackson waveform 

(Figure 3.6H), further indicating that BDDMEs may not require as much surface cleaning as 

CFMEs post-fouling. Indeed, as summarized in Tables 3.1 and 3.2, BDDME sensitivity decreased 

from 0.385 nAµM−1 to 0.271 nAµM−1 (29% decrease) with the standard waveform, and from 0.383 

nAµM−1 to 0.260 nAµM−1 (32% decrease) with the Jackson waveform—relatively similar 

sensitivity decreases of ~30% for both waveforms The CFME sensitivity drops from 55.58 

nAµM−1 to 42.50 nAµM−1 (−23% decrease) with the standard waveform, and from 64.21 nAµM−1 

to 20.52 nAµM−1 (−68% decrease) with the Jackson waveform. Nevertheless, it is important to 

note that the CFME maintains a lower, more stable LOD for 5-HT in each condition with both 

waveforms. 
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 Overall the reduced sensitivity and higher LODs of 5-HT are an important limitation of the 

BDDME, as evidenced in our data by the comparatively smaller peak oxidative currents relative 

to responses detected on CFMEs. This is an important consideration for transfer to the in vivo 

environment, where neurotransmitters are especially challenging to detect: in addition to fouling 

and interferents, levels of neurotransmitters in the intact brain are typically in the sub-micromolar 

range (e.g., stimulus-evoked 5-HT levels reportedly measured at 12.7 ± 1.60 nM in the rat brain 

[57). Furthermore, the estimated geometric surface area of the rectangular BDDME is roughly 10 

times smaller than the cylindrical CFME in this study. This could be a major challenge in vivo, as 

large-surface-area microelectrodes allow for sampling from numerous sites/neurons to capture a 

detectable signal [27]. Further, the BSA fouling conditions shifted the LOD of 5-HT to higher 

concentrations for BDDMEs, which could suggest that the electroactive surface was blocked due 

to protein adsorption at the electrode face. 

 Several possible modifications to the electrode could enhance results, including increasing 

the electroactive surface area, and modification of the surface of the diamond. The Chestek group, 

in their CFME-parylene fabrication, utilized a pulsed green laser to remove and burn parylene-c 

insulation on carbon fiber electrodes to expose even tips with increased surface areas [58]. 

Similarly, a laser cutting system could be employed to selectively remove PCD, creating a 

cylinder-style electrode of all-diamond, exposing the conductive diamond core (Figure 3.1E) and 

increasing the surface area of the electrode. Furthermore, in this study, we identified potential 

parameter modifications that could be used to optimize results on the BDDME in accordance with 

previous literature [25]. Modifications to the switching and holding potentials in waveforms, such 

as in the extended Jackson waveform and extended hold serotonin waveform developed by the 

Venton group [29], could reduce fouling and improve BDDME sensitivity to 5-HT in future 



117 

 

studies. Similarly, experimentation with the “sawhorse” waveform devised by Kiethley et al. 

(2011) [59], with scan rates above 1000 V s−1 to increase CFME sensitivity, could help tackle low 

sensitivity at BDDMEs. However, a more comprehensive report on the kinetics and processes 

controlling analyte detection at the BDDME surface may be necessary to solidify limitations of 

the electrode. For in vivo 5-HT detection, it may be crucial to assess a key downstream metabolite, 

5-hydroxyindoleactic acid (5-HIAA), for presence and interference, along with biofouling effects 

on the 5-HT oxidative current at the BDDME. Pretreatment of the BDDME with cation exchange 

polymers (e.g., Nafion) could further reduce fouling and isolate 5-HT responses among interferents 

in the in vivo environment [27]. 

3.5 CONCLUSION 

 This study is the first account of FSCV waveform parameter investigation and in vitro 

biofouling performance of the freestanding BDDME for 5-HT detection. The results from this 

work can guide future improvements in electrode fabrication and electrochemical detection of 5-

HT at the BDDME, particularly for chronic in vivo settings. Our BDDME is unique in its design 

as a discrete, microfabricated device with the potential to reduce fouling and have better long-term 

stability in vivo. The BDDME demonstrated greater stability and reduced fouling over changing 

switching potentials, waveform frequencies, and analyte concentrations. Furthermore, biofouling-

induced effects on the peak anodic 5-HT current were less prominent at the BDDME, especially 

with the Jackson waveform, compared to the CFME. Meanwhile, the CFME displayed excellent 

LODs for 5-HT and maintained linear responses at lower ranges of concentration in the waveform 

as well as biofouling experiments. The BDDME suffers from issues of low sensitivity and a small 

geometric surface area that could present major challenges for in vivo detection of 5-HT. The 



118 

 

results from this work could guide modified electrode fabrication geometries and waveform 

strategies to optimize the performance of the BDDME as a chronic in vivo neurochemical sensor. 

3.6 SUPPLEMENTARY MATERIALS

 

 

 

A. Standard Waveform (triangular) 

B. Jackson Waveform (N-shaped) 

Figure S3.1. Diagrammatic view of standard and Jackson waveform. A. Standard waveform 
scans at 400 Vs-1 while holding at a negative potential of -0.4 V, ramping up to 1.3 V and 
back down to -0.4 V in 8.5 ms. The waveform repeats at a frequency of 10 Hz. B. Jackson 
waveform begins at a positive potential of 0.2 V, sweeps up to 1.0 V and back down to -0.1V 
before returning to 0.2 V in 2.2 ms at 1000 Vs-1 and 10 Hz. 
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A. BDDME 

Figure S3.2. Further investigation of 5-HT oxidative response to scan rate at BDDMEs, and 
to increasing switching potential at inactivated CFMEs. A. 5-HT anodic peak response plotted 
against square root of scan rate to demonstrate possible diffusion-controlled kinetics at 
electrode surface, R2=0.9939. B. Oxidative 5-HT responses at previously activated CFMEs 
with increasing switching potentials show a decreasing trend where 1.0 V has maximum 
response. 

B. CFME 
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Figure S3.3. Background + faradaic currents at CFMEs and BDDMEs. A. & B. Faradaic 
current of 1 µM 5-HT current plotted over background current for CFME with standard and 
Jackson waveforms, respectively. D. & C. Faradaic current of 10 µM 5-HT plotted over 
background current for BDDME with standard and Jackson waveforms, respectively. 
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Figure S3.4.  Response stability over 2 hours at the BDDME with the Jackson waveform.  
Current responses to injections of 10 µM 5-HT administered every 8-10 minutes for 120 mins 
(current variation < 10%). Data are represented as mean ± SEM for BDDME (n=1). 

5-HT Response Stability at BDDME Over 2 Hours 
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CHAPTER 4 | SPATIAL TRANSCRIPTOMICS TO IDENTIFY NOVEL BIOMARKERS 

AT THE BRAIN-ELCTRODE INTERFACE 

4.1 INTRODUCTION 

 Implantable electrode arrays in the brain are increasingly used in research and clinical 

settings to study and treat a variety of neurological conditions1–7. Such treatments can rely on the 

detection of stable signals to guide neuromodulation, brain computer interfaces (BCIs) or other 

assistive technology. Electrophysiological recordings using implantable electrodes have 

previously revealed a trend in signal decline over weeks and months following implantation8–11.  

Additional undesirable effects including insertional trauma, shifting stimulation thresholds, and 

off-target consequences have been observed across such long-term studies. Deeper investigations 

of the device-tissue interface are needed to better under the chronic foreign-body tissue response 

to implanted electrode arrays, justifying the use of newer and more sophisticated techniques12–16.  

 Conventional histology is routinely employed to assess neuronal density and astrocytic 

expression of glial fibrillary acidic protein (GFAP) to characterize the biological response and 

tissue health post device implantation17. Yet, traditional histology is relatively low throughput due 

to the pre-selection of a few biomarkers at a time to provide limited information on the biological 

mechanisms affecting signal quality18. The use of high throughput RNA-sequencing and spatial 

transcriptomics techniques to map transcriptional changes in cells surrounding devices19 can reveal 

novel information about both recording and stimulating electrodes20–23. 

 Initial work employing silicon microelectrodes by Thompson et al. using laser capture 

microscopy extracted interfacial (≤100 µm from device site) and distal tissue (~500 µm from 

device site) samples for RNA-sequencing, presenting hundreds of differentially expressed genes 
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(DEGs) when comparing tissue close to implanted electrodes relative to non-implanted naïve 

tissues23. Certain DEGs, distinguished according to known cellular and molecular mechanisms, 

were significantly upregulated or downregulated across timepoints (24 hours, 1 week, and 6 

weeks) such as reactive microglia/inflammation (e,g., Gpnmb, Cx3cr1, Tnfrsf1a, C3), 

oligodendrocyte metabolism and myelin maintenance (e.g., Olig2, Plp1, Tf, Mbp, Cnp, Fth1), 

neuronal function and plasticity (e.g., Nefh, Camk2a, Snap25, Arc), astrocyte activation and 

fibrosis (e.g., Gfap, Aqp4,  Vim, Ptbp1 Best1), lysosomal activity (Ctss, Ctsb), proliferation 

(Csf1r), and phagocytosis (Dock8). These RNA-seq results, along with others24–27, support that 

cellular and molecular changes (as gene expression differences) are involved in the biological 

environment around implanted electrodes in the brain. For example, high expression of 

inflammatory and phagocytic genes via reactive microglia extended out to 6-weeks post-

implantation, reinforcing the knowledge of neurotoxic mechanisms. A steady upregulation in 

oligodendrocyte genes associated with cellular identity, iron metabolism, and myelination28–30 

possibly suggests a demand for metabolically taxing remyelination and oligodendrocyte turnover 

at the device interface. Decreased regulation of neuronal genes related with synaptic function and 

dendritic spine maintenance potentially verify neuron damage/dysfunction-associated roles 

contributing to reduced signal quality31.  

 Newer spatial transcriptomics methods offering whole-tissue section mapping of gene 

expression levels can further extend these initial findings21. Whitsitt et al. (2021) implanted 

nonfunctional, single shank, silicon microelectrode arrays in rat motor cortices for 24-hours (n = 

1 rat), 1-week (n = 1 rat) and 6-week (n = 1 rat) timepoints post-implantation21. The spatial 

transcriptomics assay (10x Genomics, Visium) enabled fresh frozen tissue to be mounted on 

microscope slides containing capture sites of spatially barcoded, RNA-binding oligonucleotides. 
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Sections were immunostained for neuronal nuclei (NeuN) and GFAP, and imaged prior to tissue 

permeabilization, cDNA synthesis, RNA sequencing and analysis. Each time point presented 

thousands of significant DEGs in comparisons of either implanted versus unimplanted tissue 

sections (24-hour timepoint), and areas near (≤ 150 µm) versus far (≥ 500 µm) from the device 

tract (1-week and 6-week timepoints). A unique observation was that previously reported DEGs 

extended over a large area of the tissue landscape, over 3.0 mm from the injury site, at 24-hours. 

Gene expression became consolidated by 6-weeks, indicating a progression from an acute to 

chronic foreign body tissue response. Interestingly, the device-reactive astrocytes expressed 

similar genes to the glia limitans, indicating widespread activation of astrocytes across cortex. 

Overall, spatial transcriptomics of the whole device-tissue interface at each time point revealed 

significant DEGs that could be further analyzed to uncover prominent biological processes at play.  

 In this work, we extend the RNA-sequencing results reported previously by conducting 

spatial transcriptomics on a larger dataset (n = 10 rats, 5 rats per time point) of rats implanted with 

silicon microelectrode arrays for 1-week and 6-week. Differential gene expression analysis 

revealed that: (1) more genes are upregulated near the device at 6-weeks than previously thought 

while maintaining consolidated expression patterns surrounding the device compared to 1-week 

animals, and (2) certain groups of genes, such as apoptosis-related and chemokine signaling genes, 

are more prominent near the device site at 6-weeks compared to 1-week samples. Further, 

electrophysiological recordings were collected from functional devices implanted in n = 7 rats up 

to 6 weeks. The datasets collected here can be used in further downstream computational network 

analyses targeted to reveal biomarkers of interest at the electrode-tissue interface.   
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4.2 METHODS AND MATERIALS 

4.2.1 SURGICAL IMPLANTATION, BRAIN EXTRACTION AND TISSUE SECTIONING 

 Previously published methods were followed for surgical implantation of devices and brain 

extraction21,32. Briefly, single-shank, planar silicon Michigan-style microelectrode arrays (A1×16-

3 mm-100-703-CMLP, 15 µm thickness, NeuroNexus Inc, Ann Arbor, MI) were implanted in the 

motor cortices of adult, male Sprague Dawley rats (~12 weeks old). Rats were anaesthetized under 

isoflurane (~2.0 % in oxygen) and devices were stereotaxically lowered in the M1 region of motor 

cortices (+3.0 mm AP, +2.5 mm ML from Bregma, and 2.0 mm deep from cortex). Functional 

devices, capable of recording electrophysiological activity, were grounded by wrapping exposed 

stainless-steel wires around the bone screws. A head cap of dental acrylic was made to close the 

surgical site and secure the device in place. Meloxicam (2 mg/kg, subcutaneously) and bupivacaine 

(topically) were administered as post-operative analgesics. Rats were implanted for 1-week (total 

n = 5 rats) and 6-week (n = 7 rats) time points. Non-functional devices were implanted in n = 4 

rats (n = 1 rat for 1-week time point, n = 3 rats for 6-week time point), and functional devices were 

implanted in n = 8 rats (n = 4 rats for 1-week time point, n = 4 rats for 6-week time point). At the 

terminal timepoint, rats were euthanized by an overdose intraperitoneal delivery of sodium 

pentobarbital. Cardiac perfusions with 100 mL of sterile Dulbecco’s Phosphate Buffered Saline 

(Sigma-Aldrich, D8537-100ML) were carried out post euthanasia, and brains were rapidly 

extracted after decapitation. Brains were cryo-embedded immediately after removal in a chamber 

containing dry ice.  Brain tissue was cryosectioned at a depth ~1000 µm from the cortical surface. 

One tissue section of the implanted hemisphere from each animal was mounted in the designated 

capture area of the Visium Spatial Gene Expression slide (10x Genomics, Pleasanton CA). Each 

tissue section was trimmed prior to mounting to fit within the fiducial frame boundaries of the 
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Visium capture areas. All animal procedures were approved by the Michigan State University 

Animal Care and Use Committee. 

4.2.2 IMMUNOHISTOCHEMISTRY (IHC) AND SPATIAL TRANSCRIPTOMICS 

WORKFLOW 

 The spatial transcriptomics assay, along with IHC, was followed based on the vendor 

protocol (10x Genomics), and as reported previously. Briefly, the spatial gene expression platform 

by 10x Genomics offers a Visium Spatial Gene Expression slide containing four capture areas (6.5 

× 6.5 mm) marked by fluorescent fiducial frames. Each capture area further consists of ~5000 

spatially barcoded oligonucleotides, organized as spots (each with a 55 µm diameter) placed 100 

µm apart (center-to-center), to capture mRNA from mounted tissue.  

 In the workflow, immunohistochemistry and imaging is performed prior to sequencing in 

order to overlay the ST data on immunostained wide-field images. Tissue sections placed on the 

Visium Spatial Gene Expression slide were fixed in chilled methanol (at -20° Celsius) and blocked 

with Bovine Serum Albumin (BSA). Tissue was immunostained for GFAP primary antibody 

(Mouse Monoclonal GFAP antibody, 1:400, Millipore Sigma, St. Loius, Mo, Cat. #: A11034) and 

neuronal nuclei (NeuN) primary antibody (rabbit Polyclonal NeuN antibody, 1:100, Abcam, 

Cambridge, MA, Cat. #: 104225). Secondary antibodies of AlexaFluor 647 (Anti-mouse IgG, 

Invitrogen, Eugene, OR Cat. #: A21235) for conjugation to GFAP primary, and AlexaFluor 488 

(Anti-rabbit IgG, Invitrogen, Eugene, OR, Cat. #: A11034) for conjugation for NeuN primary were 

used. A counterstain of Hoechst 33342 (1:10000, Life Technologies Corp, Eugene, OR, Cat. #: 

H3570) was employed to label all nuclei. After staining, the Visium slide was cover slipped as per 

the protocol, and tissue imaging was conducted at the Michigan State University Center for 

Advanced Microscopy. A Leica Stellaris 5 CLSM confocal microscope with a motorized 
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headstage was employed to image individual tiles (10x magnification) of each capture area 

containing tissue. A final wide-field image was generated by reconstructing, or stitching, the 

individual image tiles via the automated Leica software. 

 After imaging, the coverslip on the Visium Spatial Gene Expression slide was removed, 

and subsequent steps for tissue permeabilization and complementary DNA (cDNA) synthesis were 

performed. Briefly, tissue sections on the Visium slide were enzymatically permeabilized to 

release and capture the poly-adenylated mRNA of cells overlying the spots (containing barcoded 

oligonucleotides) in the capture areas. The optimal permeabilization time was determined in a prior 

experiment as 18 minutes. Next, reagents for reverse transcription were added to the slide to extend 

the capture oligo based on the bound mRNA sequence. A series of template switching and second 

strand synthesis then produced a spatially barcoded, full-length cDNA from the captured mRNA. 

This was followed by denaturation and cDNA transfer from each capture area into a corresponding 

DNA/RNA LoBind microcentrifuge tube, producing 4 sample tubes for each capture area 

containing tissue. A small amount (~1 uL) of the cDNA from each sample was transferred to a 

quantitative PCR (qPCR) plate for amplification. Based on the qPCR amplification plot, a 

quantification cycle (Cq) value was recorded for each sample at ~25% of the peak fluorescence 

value. The Cq value determined the number of cycles needed for further cDNA amplification of 

the samples, ensuring adequate mass for library construction. After amplification, the cDNA was 

cleaned up using SPRIselect (Beckman Coulter Inc, Brea, CA), and samples were transferred to 

new microcentrifuge tubes for library construction and sequencing.  

4.2.3 RNA SEQUENCING AND DIFFERENTIAL EXPRESSION 

 Samples containing cleaned cDNA were delivered to the University of Michigan Advanced 

Genomics core for library preparation and sequencing. Assessment of cDNA quality was carried 
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out using the Tapestation 2200 (Agilent) device. Based on the vendor protocol (10x Genomics), 

cDNA was prepared into a library for subsequent sequencing. The LabChip GX (PerkinElmer) 

was used for assessment of the prepared libraries. The final libraries were pooled, and paired-end 

sequencing was performed using the Illumina NovaSeq 6000 system. Raw sequencing data were 

converted into de-multiplexed Fastq files with the Bcl2fastq2 Conversion Software. Lastly, the 

SpaceRanger pipeline (10x Genomics) was employed to align the sequencing reads to a reference 

genome and produce count matrices that were used to quantify the number of reads related to each 

gene. The AGGR function in SpaceRanger (10x Genomics) was employed to aggregate the dataset 

presented in this work. 

 The sequenced data were made available in .cloupe files, accessible by the 10x Genomics 

software “Loupe Browser”, and raw .fastq files. The .cloupe files can combine spatial-barcodes in 

the sequencing data with the wide-field immunostained image (.tif) of a capture area (Figure 4.1) 

for a visual representation of gene expression on a stained tissue section. This is facilitated by the 

fiducial frame (visible on the red channel, 594 nm, while imaging) that defines a capture area, 

matching the sequencing reads to their corresponding location on the Visium slide. Once a .cloupe 

file is loaded in Loupe Browser, the gene expression (overlaid on IHC images) can be analyzed by 

selecting clusters of spots manually. The gene expression levels between clusters can be compared 

to generate lists of differentially expressed genes (DEGs) demonstrating upregulation and/or 

downregulation of detected genes, i.e. differential expression analysis. These DEG lists generated 

by LoupeBrowser contain values with the Log2Fold Change (LFC), and a p-value, adjusted using 

the Benjamin-Hochberg correction for multiple values, for each gene. The software also uses a 

correction factor for differences in number of spots selected in comparisons33. The LFC is a ratio 

of normalized mean gene Unique Molecular Identifier (UMI) counts in a cluster relative to other 
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selected clusters. It is important to note that RNA sequencing identifies counts of gene transcripts 

in each spot of the capture area in a Visium slide, and these reads (tagged with a spatial barcode) 

also have a UMI that identify individual molecules of RNA, ensuring that each count can be 

matched to its original molecule. A single count contributing to the differential expression analysis 

must have a UMI, spatial barcode and gene annotation (recognizing which gene that RNA 

molecule belongs to). Differential expression analysis of genes and representative spatial gene 

expression images reported in this work were generated by loading an aggregated dataset in the 

Loupe Browser software by 10x Genomics.  

 Volcano plots to visualize DEGs were created using GraphPad Prism 10.4.1. DEGs with 

LFC ≥ 0.6 or ≤ - 0.6, and adjusted p-value < 0.05 were considered significant. The p-value was 

transformed to -log10(p-value) following convention for better visualization of the data. The 

volcano plot x-axis was plotted to contain the LFC, and y-axis was plotted with adjusted p-values. 

Significance thresholds are indicated by dotted lines, and significant DEGs are highlighted in red 

in the volcano plots.  

4.2.4 ELECTROPHYSIOLOGY 

 Electrophysiological data collection and analysis of recordings were conducted based on 

previously published methods34. Briefly, electrophysiological recordings were taken post-

implantation at 24hrs, 1 week and weekly thereafter until the terminal time point immediately 

before euthanasia. A RZ2 BioAmp Processor (Tucker-Davis Technologies, Alachua, FL) was 

connected to the 16-channel planar Michigan-style electrodes at the time of recordings to collect 

extracellular spiking activity. Rats were lightly anesthetized (~1%) during the interval of the 

recording session and placed inside of a grounded faraday cage to minimize noise interference. 
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Wideband data was collected at ~48 kHz over short intervals (~5 minutes) for each recording 

session.  

 Data processing was done offline using Matlab, as reported previously, to extract average 

amplitudes of multiunit activity (MUA) and local field potential (LFP) across the 16 channels of 

the implant for each time point per animal. MUA was calculated using the algorithm described in 

the report by Whitsitt et al. (2024) with minor modifications34. To minimize correlated noise 

effects, the common average reference (CAR) was calculated and subtracted from each 

recording35. A band-pass filter at 500-6000 Hz was then applied to the CAR-subtracted signals. 

For each sample outside the bounds of ±3.5 × standard deviations (STD), a 2.4 ms window was 

extracted after centering to the absolute minimum of the signal. The remaining data was excluded 

as noise. The root mean square (RMS) value of the noise floor across 16 sites on the array was 

evaluated to detect and exclude data from potentially damaged recording sites34,35. From the stored 

signal snippets, the peak-to-peak value generated from the average of the positive deflections 

(samples > 3.5 × STD) and negative deflections (samples < -3.5 × STD) was calculated to generate 

the mean MUA amplitude of a given recording site. These values were further averaged across all 

viable channels to calculate the overall average MUA amplitude collected by the implanted 

electrode. For LFP signals, a 60 Hz notch filter was applied to the raw data from each channel to 

eliminate residual 60 Hz noise, followed by band pass filtering at 1-300 Hz. The LFP amplitude 

for each channel was calculated as 6 times the STD of the filtered data and averaged across the 

channels to generate a mean LFP amplitude per implanted device. 

 For each time point (1-week or 6-week), average MUA and average LFP amplitude values 

were generated per recording day for each animal. For example, a 1-week animal underwent two 

recording sessions (at 24 hr post-implantation, and at 1 week or terminal point), generating average 
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MUA and average LFP values at each session. The mean of average MUA and average LFP for 

each time point (day) across animals (n = 7 rats) was plotted as the final average MUA and LFP 

in amplitude vs time plots to demonstrate chronic signal recordings. Recordings from n = 1 rat for 

6 weeks, were excluded from the dataset due to high noise and outlier effects.  

4.3 RESULTS AND DISCUSSION 

4.3.1 ELECTROPHYSIOLOGICAL RECORDINGS  

 Signal variability and quality decline in chronic recordings with implanted electrodes have 

been reported previously by our lab and other research groups34,36. In this work, functional silicon 

Michigan probes were implanted in a subset of rat brains (total functional electrophysiology 

implants n = 7 rats: n = 4 rats implanted for 1 week, and n = 3 rats implanted for up to 6 weeks) 

that were extracted for spatial transcriptomics. Figure 4.1 demonstrates chronic 

electrophysiological recordings as average LFP and MUA amplitudes from implanted rats over 42 

days, or 6 weeks. A general decline in LFP and MUA amplitudes is observed over the recording 

time course, with a slight rise (or “signal rebound”) in LFP signal amplitude at the ~ 1-week time 

point, followed by a gradual decrease over subsequent weeks. The signal rebound is also reflected 

in the MUA amplitude during the first two weeks, accompanied by a somewhat quick decrease 

and steadying of the signal over the remaining weeks. This signal rebound potentially arises from 

the tissue response to initial device insertion and injury, such as blood-brain-barrier (BBB) breach 

and protein adsorption. It has been reported that microglia and early-responder cells migrate 

towards the device within minutes post-implantation, suggesting that cellular activity around the 

implant is increased within the acute phase of the foreign body response. This additional cellular 
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activity could potentially contribute to the overall LFP signal and MUA amplitude recorded during 

the early weeks post-implantation.  

 As the tissue response transitions into the chronic phase, functional and structural changes 

of cells in the local region surrounding implanted electrodes have been reported31. Seminal works 

have shown that neuronal population and density is decreased around chronically implanted 

devices over time17. As the tissue stabilizes and facilitates glial encapsulation of the electrode14, 

extracellular sources contributing to the signals detected by the implanted device may be 

decreased, resulting in the general signal decay observed in the recordings shown in Figure 4.1A 

and B. Errors bars at each data point represent variability in individual electrode performance, yet 

Figure 4.1. Chronic electrophysiological recordings taken from rat motor cortices implanted with 
silicon Michigan probes over 6 weeks. A, C. Average LFP amplitudes and MUA amplitudes, 
respectively, recorded weekly from each rat post-implantation. Data recordings shown here were 
included from n = 4 rats implanted for 1 week, and n = 3 rats implanted for 6 weeks. Error bars 
indicate standard error of mean recordings among animals. B, D. Representative signal snippets 
of LFP, and extracted MUA recordings over 25 seconds for a 6-week rat, taken 24 hours post 
implantation. Electrophysiological recordings were taken at 24 hours, and weekly post-
implantation up till terminal time point (1 week or 6 week) from each animal. 
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the decreasing trend in signal recording quality is maintained across implanted animals supporting 

that other cellular and molecular factors affecting device longevity are at play in the biological 

environment. 

4.3.2 IHC AND SPATIAL TRANSCRIPTOMICS OF THE ELECTRODE-INTERFACE 

OF THE PRIMARY MOTOR CORTEX 

 In 2021, Whitsitt et al. reported the first spatial transcriptomics study of the device-tissue 

interface with a limited sample size containing n = 3 rats, one for each time point of 24-hours, 1-

week and 6-weeks post-implantation. Yet, comparisons between implanted and non-implanted, 

naïve tissue sections had presented 5811 DEGs at 24-hours, 2422 DEGs at 1-week and 513 DEGs 

at 6-weeks post-implantation. Further significant DEGs (p value < 0.05) were found when 

comparing regions near (≤ 150 µm) and far (≥ 500 µm) from device injury site within 1-week 

(1056 DEGs) and 6-week samples (163 DEGs). The current study extends the findings of these 

preliminary results and reports an assessment of DEGs in multiple tissue sections implanted for 1-

week (n = 5 rats) and 6-weeks (n = 5 rats). An immediate observation in the 2021 report, due to 

the high spatial resolution of this RNA-sequencing method, was that the spatial expression pattern 

of DEGs at the 24-hour time point extends past 500 µm and up to the edge of the tissue section for 

many genes. A within tissue comparison of genes in the 24-hour sample was not conducted in the 

2021 study for this reason, and this time point was excluded from the current work for similar 

reasons: the differential expression of genes at the 24-hour timepoint seems to be overwhelmed by 

initial device insertion and immediate damage response extending over the entire tissue section. 

To present reliable comparisons between the acute phase and chronic phase of the foreign body 

response to implanted devices, this study proceeds with an investigation of DEGs at the 1-week 

and 6-week timepoints from tissue sections extracted from a larger sample size.  
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 A powerful aspect of the Visium spatial gene expression (10x Genomics) platform is the 

visualization of gene expression patterns collected by spatially barcoded oligo spots overlaid on 

conventionally immunostained images. Representative wide-field histological images of 1-week 

and 6-week tissue sections immunostained for GFAP, NeuN and Hoechst are shown in Figure 

4.2A and 2B, with the bottom panel offering a zoomed in view of the respective implant site or 

device tract. The expression of GFAP, a commonly used glial protein marker to assess tissue 

response at the device-tissue interface, is increased around and at the implant site in tissue sections 

of both time points. Similarly, NeuN, a widely employed histological neuronal marker for 

Figure 4.2. Immunohistochemistry and spatial transcriptomics of conventional markers of the 
tissue response around brains implanted electrodes for 1-week and 6-weeks. Representative A. 
1-week and B. 6-week tissue sections immunostained for glial fibrillary protein (GFAP: 
magenta), neuronal nuclei (NeuN: green) and Hoechst (universal nuclei counterstain: blue). 
GFAP is highly expressed near at the implant site at both time points, and NeuN expression 
decreases at 6-weeks. Bottom panels of A. and B. show closer view of the respective injury site. 
Representative spatial transcriptomics data overlaid on IHC images to show differential gene 
expression of Gfap and Map2 at C, E. 1-week and D, F. 6-week implanted tissue. Scale bars are 
1000 µm. 
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investigating brain tissue health, is visually increased at the 1-week time point, but somewhat 

decreased at the 6-week timepoint in immunostained images. The overlay of spatial 

transcriptomics on wide-field stained images (Figure 4.2C-F) can offer insight into the gene 

expression patterns of similar conventionally used markers. As shown, Gfap differential gene 

expression at the 1-week time point is upregulated at the implant site, and somewhat spread out 

within a close (~500 µm) radius surrounding the injury. At the 6-week time point, the Gfap gene 

expression appears more consolidated, possibly indicative of a glial encapsulation of the device 

facilitated by the chronic foreign body reaction. Gene expression of microtubule-associated protein 

2 (Map2) can be used as a marker for neuronal cells37, especially due to its involvement in 

microtubule stabilization and crosslinking to maintain neuronal structure, function and 

development. In the 1-week timepoint, gene expression on Map2 is upregulated and more 

widespread across the tissue section, surrounding the device tract. Meanwhile, the extent of Map2 

gene expression appears decreased around the implanted site in the 6-week timepoint, potentially 

supporting previously reported neuronal density reduction or loss around chronically implanted 

devices.   

 Manual selections of the spatially mapped regions of the ST tissue sections are possible via 

the analysis software LoupeBroswer (10x Genomics), enabling investigations of groups of DEGs 

at selected locations within and between tissue samples. Assessments of various areas in the tissue 

samples were carried out between sections as well as within tissue sections at each timepoint. 

Groups, or clusters, were generated by manually selecting regions in tissue sections for differential 

expression analysis via LoupeBrowser (10x Genomics). Novel significantly upregulated and/or 

downregulated genes were found in lists of DEGs generated for: (1) near implant site (< ~300 µm) 

comparisons between 1-week and 6-week tissue (63 significant DEGs); and (2) near (< ~300 µm) 
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implant vs far (> ~500 µm) from implant comparisons within 1-week (25 significant DEGs), and 

6-week (151 significant DEGs) tissue samples. In the results reported here, each timepoint (1-week 

or 6-weeks) contained tissue sections from n = 5 implanted rats. Specific significant DEGs are 

discussed based on publicly available gene databases38,39, and previously known associations of 

cellular expression and interactions. 

Figure 4.3. Differentially expressed genes (DEGs) near the 6-week implant site relative to near 
the 1-week implant site. A, C, E. Visualization of gene expression of specific genes differentially 
expressed at the 1-week tissue section compared to the same genes differentially expressed in B, 
D, F 6-week tissue sections.  Near sites were manually selected to compare regions in G. 1-week 
tissue sections (yellow spots), and H. 6-week tissue sections (pink spots). Near- regions were kept 
< ~300 µm around the center of the device. I. All DEGs (total: 1789 genes, singificant: 63 genes) 
can be seen on the I. volcano plot, while the  the top 40 DEGS are listed in the table on the right. 
Significance p-value < 0.05, total n = 10 rats (n = 5 rats per time point). Scale bars are 1000 µm.  
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4.3.2.1 NEAR IMPLANT SITE COMPARISONS BETWEEN 1-WEEK AND 6-WEEK 

TISSUE 

 Differential expression analysis of near implant sites (< ~300 µm, manually selected as 

shown in Figure 4.3G,H) between 1-week and 6-week tissue samples revealed 63 significant 

DEGs (padj-value < 0.05). Figure 4.3A-F show the spatial gene expression overlaid on IHC 

images for the known top three significant DEGs. The volcano plot (Figure 4.3I), accompanied 

by a list of top 40 significant DEGs, reports the differential expression analysis of near 6-week 

implants relative to 1-week implants. Neurofilament medium chain (Nefm) is significantly 

downregulated (Nefm; LFC: -2.108, p-value: 6.63E−08) at 6-weeks relative to 1-week near the 

implant. Nefm is a protein encoding gene for neurofilament involved in maintaining neuronal 

structure integrity. This gene along with other similar filament protein encoding genes, Nefl and 

Nefh, appear to be significantly downregulated at 6-weeks near implant. Increased expressions of 

these proteins have been related to neuronal damage40, suggesting that down-regulation at 6-weeks 

may be indicative controlled damage and/or neuronal structural changes. This follows previous 

findings suggesting a decrease in neuronal and neuron function associated genes near chronic 

implants. An interesting finding is the high upregulation of the B lymphocyte chemoattractant 

Cxcl13 (Cxcl13; LFC: +3.225, p-value: 1.93E−09) near implant sites in 6-week tissue compared 

to 1-week. This gene encodes for a chemokine (signaling proteins secreted by cells involved in the 

immune system to direct movement of other cells) to specifically attract B cells that are part of the 

adaptive immune system, and been suggested as a therapeutic target involved in central nervous 

system disorders41. Elevated expressions of this gene, linked to mediating glial activation and 

neuropathic pain42, suggest a shift to tissue maintenance and immune defense at 6-weeks compared 

to 1-week near the implant. The consolidated upregulation of Heat Shock Protein Family B (Small) 
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Member 1 (Hspb1; LFC: +2.593, p-value: 1.93E−09) near the implant of the representative 6-week 

section (Figure 4.3F) is another interesting finding, as this gene is expressed under environmental 

stress conditions to maintain cellular protein homeostasis and cell survival43. Overall, while the 

spatial extent and expression of some genes (Gfap, Nefm, Map2) seem more widespread in the 

tissue sections at the 1-week implant, these results (evident in Figure 4.3I) suggest that more 

genes, with various functions, are upregulated and consolidated near the implant at 6-weeks 

relative to 1-week.  

4.3.2.2 NEAR IMPLANT VS. FAR FROM IMPLANT SITE COMPARISONS WITHIN 1-

WEEK AND 6-WEEK TISSUE 

 Differential expression analysis within tissue sections for near (< ~300 µm) vs far (> ~500 

µm) from the implant site revealed (1) 25 significant DEGs (padj-value < 0.05) in 1-week tissue 

sections; and (2) 151 significant DEGs (padj-value < 0.05) in 6-week implants.  Near implant sites 

(< ~300 µm) were kept consistent, while far from implant regions were selected as the area 

surrounding the implant > ~500 µm from the device tract as shown in Figure 4.4D. The area 

around the device selected as the far region was kept within a < 2 mm radius from the device tract 

in order to minimize whole-tissue effects that may include cellular processes prominent in other 

brain regions. In 1-week tissue sections, high upregulation of Secreted Phosphoprotein1 (Figure 

4.4B, Spp1; LFC +8.380, p-value:1.60E−25) is prominent near the implant site compared to far 

regions. Spp1 expression has been related to cytokine activity to mediate cell signaling in the 

immune system, indicating that the tissue response in these sections may be more inflammation 

focused. Interestingly, disease associated microglia expressing Spp1 have been shown to 

ultimately be removed from the injured brain44. Spp1 is also significantly upregulated (Spp1; LFC 
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+3.823, p-value:4.96E−27) within 6-week tissue sections, presenting maintained expression in the 

foreign body response to implanted electrodes. Similarly, upregulated gene expression of Heme 

Oxygenase 1 (Figure 4.4A, Hmox1; LFC +6.083, p-value:1.58E−11) has been related to the 

adaptive immune response, protecting cells in stress conditions including oxidative stress and 

hypoxia45. Gene expression of Hmox1 is also significantly upregulated at near implant sites vs far 

regions in 6-week tissue sections (Hmox1; LFC +3.760, p-value:7.06E−29) reflecting that 

expression levels of some genes are maintained to a certain degree across acute and chronic phases 

of the tissue response. Another immune-system related gene encoding for Lysozyme 2 (Figure 

4.4C, Lyz2; LFC +3.187, p-value:1.436E−11), crucial for microbial defense and innate immune 

Figure 4.4. Differentially expressed genes (DEGs) near relative to far from the implant for 1-week 
implanted tissue and 6-week implanted tissue. Spatial transcriptomics revealing highly 
upregulated genes near vs far regions in A, B, C. 1-week implanted tissue, and G, H, I. 6-week 
implanted tissue. D. Respresentative image of manually selected near vs far regions in a spatial 
transcriptomics tissue section.  Total DEGs were reduced E. near the 1-week implant (total: 991 
genes, singificant: 25 genes), and increased F. near the 6-week implant (total: 1829 genes, 
signficant: 151 genes). Lists of top 40 DEGs for each time point are shown in tables. Significance 
p-value < 0.05, total n = 10 rats (n = 5 rats per time point). Scale bars are 1000 µm. 
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response46, is upregulated near the implant compared to far regions in 1-week tissue sections as 

well as within 6-week tissue sections (Lyz2; LFC +3.277, p-value:2.756E−23). Meanwhile, 

significant upregulation of an apoptosis regulating gene encoding for Galectin-347 (Lgals; LFC: 

+5.689, p-value:1.82E−15 at 1-week, and LFC: +5.186, p-value: 9.20E−38 at 6-weeks, Figure 

4.4G) is evident near the implant compared to far regions within both 1-week and 6-week tissue 

sections. Lgals3 is involved in the innate immune response as well as inhibition of apoptosis, and 

abnormal expression of Lgals3 is associated with certain cancers and inflammatory diseases48,49. 

Similarly, S100a4 (and other S100a family genes), encoding for calcium-binding protein A4 is 

also involved in regulating apoptosis, and irregular expressions of this gene have been related to 

cancer50. This gene is significantly upregulated near the device site within 1-week and 6-week 

samples (S100a4; LFC: +4.622, p-value:8.19E−17 at 1-week, and LFC: +3.342, p-

value:9.621E−28 at 6-weeks). Significant upregulation of Glycoprotein NMB encoding gene 

(Figure 4.4I, Gpnmb; LFC: 5.052, p-value:2.50E−36) is present near implant sites within 6-week 

samples, but not within 1-week tissue sections. Gpnmb is expressed in immune cells regulating the 

immune response, and overexpression of this gene has also been linked to various cancers, 

potentially playing an immunosuppressive role51. Corresponding to the differential expression 

results of near implant 6-week vs 1-week tissue section, a subset of genes encoding for chemokines 

(Figure 4.4H, Cxcl2; LFC: +10.227, p-value:2.51E−33, Cxcl3; LFC: +11.249, p-value: 6.67E−32, 

Ccl3; LFC: +8.195, p-value: 8.28E−27, and Ccl2; LFC: +7.028, p-value: 2.00E−25) are 

significantly upregulated near the device site within 6-week tissue samples, that are not 

significantly present near the injury within 1-week tissue sections. This is an interesting finding 

potentially indicative of a chronic FBR, inducing a migration of immune cells, to the device tract, 

that is not present during the acute response. Overall, these results support that more genes are 
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significantly upregulated and consolidated near the 6-week implant site than previously reported, 

while within 1-week tissue sections had relatively less genes (25 significant DEGs) near vs far 

from the implant site indicating a more widespread tissue response. Further, the chronic tissue 

response, near 6-week implants, showed high upregulation of apoptosis and cancer-related genes 

as well as a subset of genes encoding for chemokines specifically. The trend of numerous 

upregulated genes, with an absence of downregulated genes, is curious and notable in the volcano 

plots (Figure 4.4E,F) visualizing all DEGs near vs far from implant site regions within 1-week 

and 6-weeks tissue sections. These findings also suggest that certain genes, or groups of genes, 

may be employing related mechanisms of expression, and an analysis of these connections may 

uncover novel markers indicative of the tissue response to implanted electrodes.  

4.4 CONCLUSION 

 This study extends previous RNA-sequencing results published by our research group by 

employing a larger dataset and focused comparisons of 1-week vs 6-week implanted tissue 

sections. Here, it was found that a greater number of genes is upregulated at 6-weeks near the 

device implant compared to 1-week, and that certain types of genes, or subsets of genes, might be 

upregulated or downregulated in a similar fashion, demonstrating the need for more sophisticated 

analysis of these large datasets. The newer technique of spatial transcriptomics employed here 

provides the advantages of (1) near-cellular scale resolution of the whole-transcriptome profile of 

genes over the whole-tissue section, (2) improved RNA-quality by employing fresh-frozen tissue 

and PBS-perfused brains, and (3) combination of immunohistochemistry and spatial 

transcriptomics in the same tissue section to relate conventional protein markers and gene 

expression changes. 



148 

 

 At the same time, certain limitations exist in the results reported here which should be 

considered for future experiments and analyses. This dataset can be extended to include a naïve, 

not-implanted sample (or the preliminary naïve sample collected by Whitsitt et al. 202121), which 

could present added information on baseline gene expression results and comparisons. Further, 

manual selection of near vs far regions in tissue sections is a first and convenient approach to run 

initial differential expression analysis as done in this study; however, more sophisticated 

computational approaches could better analyze this data with added uniformity of tissue region 

selections (discussed further in Chapter 5 of this dissertation). Far regions could be prone to 

including genes, or groups of genes, predominantly expressed in other brain regions, thereby 

complicating results.  

  Future work to expand and accurately present this data is discussed in Chapter 5 of this 

dissertation. Briefly, this dataset along with previous similar RNA-seq data can be analyzed 

together to produce a more robust sample set, and train or assess the performance of novel 

computational models adopting network analysis of the data. Gene ontology (GO) analyses of the 

DEGs generated here could further reveal highly enriched GO terms and active biological 

processes involved.  
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CHAPTER 5 | CONCLUSIONS AND FUTURE WORK 

5.1 OVERVIEW 

 This dissertation adds to the basic science understanding of the biological response to 

implanted electrodes by uncovering details on two sources contributing to signal instability and 

device longevity: (1) protein adsorption, commonly termed “biofouling”, at the acute 

microelectrode surface, and (2) cellular encapsulation of chronic devices. The studies described 

employ a variety of techniques and devices to assess each of these sources from a multifaceted 

perspective, consistent with the nature of the biological response.  

 Protein adsorption, or biofouling, was investigated by employing the adsorption dependent 

technique of fast-scan cyclic voltammetry (FSCV) offering high temporal resolution to study 

neurotransmitters on a biologically relevant timescale. Benchtop testing and development of a 

freestanding boron-doped diamond microelectrode (BDDME) was carried out to ultimately assess 

the electrode as a candidate for chronic biosensing. The results demonstrate that the BDDME 

provides higher resistance to biofouling in vitro when compared with the current standard carbon 

fiber electrode (CFME).  

 Cellular encapsulation and tissue response to chronic silicon Michigan-style 

microelectrode arrays were studied using extracellular electrophysiology, immunohistochemistry, 

and the high throughput RNA-sequencing technique of spatial transcriptomics. These experiments 

were carried out in rats implanted for up to 6 weeks to capture the acute as well as chronic phase 

of the foreign body response (FBR). Novel insights on specific differentially expressed genes 

(DEGs) between rats implanted for 1-week and 6-week were uncovered, while overall 

comparisons supported that a greater number of genes, than previously thought, are consolidated 
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and upregulated near the implant at 6-weeks. Further, different individual genes, or groups of 

genes, may be expressing in similar patterns as the tissue response transitions from acute to chronic 

FBR. These results provide large datasets of genes that can be used for further analysis in 

computational models.  

 Together, these findings offer numerous potential avenues to explore in future studies 

uncovering more details that will add to a greater understanding of the tissue response to implanted 

electrodes. The implications of these results, and future work based on this foundation, can guide 

the use of implantable technology in research and clinical settings. Specific developments for next 

studies are discussed in the following sections, with particular focus on in vivo neurochemical 

sensing and analyses of collected chronic data. 

5.2 STRATEGIES TO IMPROVE BDDME PERFORMANCE FOR IN VIVO 

NEUROCHEMICAL SENSING 

 Development of the BDDME as chronic sensor requires further work optimizing the device 

as a sensitive and resilient implant. The freestanding BDDME is advantageous due to its batch 

fabrication technique, producing numerous devices that are scalable and customizable based on 

the experiment. Ongoing collaborations with Dr. Wen Li and Fraunhofer USA Center Midwest – 

Coatings and Diamond Technologies Division are aimed at improving the device based on the 

assessments provided in this dissertation. Such alterations include redesigning the freestanding 

BDDME as an array, similar to the Michigan probe, connected to a multi-channel head stage to 

sample from multiple sites and increase electrochemical detection area at the electrode. Testing 

with surface treatments, such as polymer poly(3-4,-ethylenedioxythiophene) (PEDOT)1 often 

paired with Nafion, could further enhance conductivity and biocompatibility of the electrode. 



157 

 

Additionally, packaging of the probe to withstand brain micromotion, and bending stiffness 

assessments could prove especially advantageous for chronic in vivo preparation of the device.  

 For in vivo neurochemical sensing with FSCV, we have conducted preliminary 

experiments in a newly setup surgical station for detecting real-time stimulation evoked 

neurotransmitter release in acute and chronic experiments in the rat brain. Figure 5.1 provides 

FSCV data collected in acute experiments (~5-6 hours) to detect dopamine (DA) in healthy and 

diseased models, such as the hemi-parkinsonian 6-hydroxydopamine (6-OHDA) rat model. While 

the 6-OHDA lesioned model is useful for studying neurodegenerative conditions, such as 

Parkinson’s disease (PD), newer transgenic models may be more useful in chronic chemical 

sensing studies. Rapid neurotoxin-induced DA loss can lack the hallmark of misfolded, aggregated 

Figure 5.1. In vivo detection of stimulation evoked dopamine (DA) in the rat brain using FSCV. 
A. Real-time DA release detected at the CFME implanted in the nucleus accumbens (NAc) in a 
healthy rat brain. B. In vivo DA signal in the healthy striatum of a hemi-parkinsonian model that 
received 6-hydroxydopamine (6-OHDA) in the contralateral lesioned hemisphere. C. Absence of 
DA detection at the CFME implanted in the diseased hemisphere of the 6-OHDA lesion model. 
Sitmulation was evoked by placing a stainless steel stimtrode in the medial forebrain bundle in 
each experiment. The 6-OHDA rat models were provided by Dr. Caryl Sortwell’s group at the 
MSU Grand Rapids Research Center. 



158 

 

forms of α-synuclein (aSyn) found in the accumulation of Lewy Bodies and Lewy Neurites 

characterizing PD. A pre-formed fibril (PFF) model, developed by the Sortwell group at the 

Michigan State University College of Human Medicine campus, more closely mimics the 

protracted synucleinopathy and neurodegeneration involved in PD2. Employing such rat models 

in future in vivo neurochemical sensing, with the CFME and developed BDDME, will build upon 

the work presented in this dissertation.  

5.3 SPATIAL TRANSCRIPTOMICS DATA TO IMPROVE BIOMARKER 

IDENTIFICATION   

 Larger datasets with increased sample sizes and a variety of conditions can be analyzed 

with sophisticated computational methods to develop more meaningful interpretations of novel 

biomarkers. The results reported in Chapter 4. Spatial Transcriptomics to Identify Novel 

Biomarkers at the Brain-Electrode Interface are a subset of a larger dataset containing RNA-

sequencing results using a similar approach. The larger dataset includes added samples of spatial 

transcriptomics of not implanted, naïve tissue sections, and at tissue collected at the 24-hour 

timepoint. Studies exploring computational network analyses, such as Differential Co-Expression 

(DiffCoEx)3, of spatial transcriptomics data can be carried out to assess the best approach of data 

handling and revealing biomarkers of interest. Additionally, deeper investigations of cellular and 

molecular changes and recorded signal quality can provide novel information on the relationship 

between electrophysiological signals and gene expression at the device-tissue interface. An initial 

assessment of such interactions has been carried out in a recent report by Whitsitt et al. (2024) to 

uncover potential mechanisms and biomarkers related to recording quality4. Similar computational 

approaches could be applied to the dataset reported in this work to extend findings of genes 

strongly related to electrophysiological and histological metrics, uncovering potential biomarkers 
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associated with recording quality and the biological tissue response. Lastly, gene expression 

mapping using spatial transcriptomics offered by the Visium platform (10x genomics) has not only 

provided an initial whole-tissue outlook of the tissue response surrounding implanted electrodes, 

but also illuminated conditions that could benefit from single-cell resolution techniques for greater 

accuracy of subcellular level changes in the implanted brain. Future studies exploring device-

related or brain region specific effects could be carried out with high-performance in situ analysis, 

employing single-cell sequencing techniques such as multiplexed error robust in-situ hybridization 

(MERFISH), or the Xenium platform (10x genomics).  
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