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Abstract  

 

Intraspinal microstimulation (ISMS) is a neural prosthetic technique which can restore locomotor 

function in models of severe spinal cord injury (SCI). Historically, ISMS has been implemented 

with microwire electrodes or rigid multielectrodes, which suffer from limitations related to either 

functionality or biocompatibility. Microwire electrodes, although demonstrating chronic 

biocompatibility, are functionally limited in that they can only electrically stimulate one discrete 

location - at the deinsulated tip. Multielectrodes, although capable of stimulating multiple 

discrete sites along the device shank, are typically large and constructed from stiff materials 

which can increase tissue damage and exacerbate foreign body responses. A recent trend in 

neural interface research has focused on developing flexible multisite electrodes for the nervous 

system which can stimulate multiple targets while reducing foreign body responses caused by 

mechanical mismatch between the implanted device and the nervous system.  

In this research, a flexible polymer-substrate penetrating multielectrode for the spinal cord was 

developed as a way to improve the efficacy and biocompatibility of ISMS. Polymer 

multielectrodes were created from platinum-iridium foil and a polydimethylsiloxane-based 

substrate using laser microfabrication methods. Electrochemical properties of the laser-

deinsulated multielectrode stimulating sites were assessed with standard electrochemical 

methods, including electrochemical impedance spectroscopy, cyclic voltammetry, and voltage 

transients, and were compared against microwire electrodes in phosphate buffered saline and in 

vivo in domestic pigs. Multielectrode mechanical properties were characterized through standard 

compression tests, in which the buckling force and theoretical Young’s modulus were compared 

against those of microwire electrodes. Lastly, multielectrode functionality was verified in vivo in 
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a pig model of spinal cord injury by stimulating within the spinal cord and measuring evoked 

isometric joint torques and joint kinematics.  

Polymer multielectrodes were shown to be significantly more flexible than microwire electrodes, 

owing to their exceptionally flexible PDMS substrates. Multielectrode laser-roughened 

stimulating sites were shown to have higher charge storage capacities than microwire electrodes 

in phosphate buffered saline and higher charge injection limits than microwire electrodes in vivo. 

When stimulating within the pig spinal cord, polymer multielectrodes were capable of producing 

joint torques and kinematics similar to those previously generated by microwire electrodes. 

However, acute tissue damage from implanting the multielectrodes with rigid insertion aids 

generated significantly more acute tissue damage than the microwire electrodes - suggesting that 

other insertion aid methods should be explored. Overall, these results suggest that this new 

polymer multielectrode design may improve targeting, functionality and biointegration in models 

of spinal cord injury. 
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“We have a habit in writing articles published in scientific journals to make the work as finished 

as possible, to cover up all the tracks, to not worry about the blind alleys or describe how you 

had the wrong idea first, and so on. So there isn’t any place to publish, in a dignified manner, 

what you actually did in order to get to do the work.” - Richard P. Feynman, Nobel Lecture, 

1966 
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Overview 

 

The overall goal of my thesis research was to design, fabricate and characterize a new, 

implantable neural interface for the spinal cord which could be used to restore mobility after 

severe spinal cord injury. My research aimed to explore how recent trends in flexible polymer 

neural interface designs for intracortical and intrafascicular neural interfaces can be applied to 

the spinal cord to achieve improved device functionality and biocompatibility.  Herein, I 

explored the fabrication and functionality of a new intraspinal multielectrode created with a new, 

exceptionally flexible smart-polymer substrate recently described by Gökaltun et al. for 

biomicrofluidics [1]. Through this initial characterization, I aimed to demonstrate the mechanical 

flexibility of these newly created devices compared to traditional microwire implants, compare 

the electrochemical properties of these devices to microwire implants, and demonstrate 

functionality of these implants in an animal model of spinal cord injury (SCI). I hope that this 

research will establish the groundwork for testing these devices further in vitro and in vivo to 

assess how these devices may improve biocompatibility compared to traditional implant designs. 

In this introductory chapter, I will begin by exploring SCI and current treatment options. This 

will be followed by an introduction into neural interfaces used to restore mobility after paralysis 

caused by SCI. I will then focus on intraspinal microstimulation - the technology which I focused 

on for my research - and discuss some of the considerations involved in designing intraspinal 

neural interfaces. Lastly, I will discuss how polymer multielectrodes may address some of the 

current challenges faced by intraspinal implants. 

Spinal Cord Injury  

 

Spinal cord injury is a devastating condition that can result in paralysis, loss of sensation, and 

many other life-altering secondary complications [2]. In Canada, the estimated incidence of SCI 

is 3,675 cases per year, with a prevalence of 85,556 persons [3]. The impacts of SCI are 

multifaceted, with physical [2], [4], social, and economic dimensions [5]. In terms of the 

economic impact, the costs associated with traumatic SCI (tSCI), where injury is due to an 

external physical impact, are estimated to be between $1.5 - $3.0 million per person, costing the 

Canadian healthcare system $2.67 billion annually [6]. Although the priorities of people with 
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SCI differ depending on the level and extent of injury, regaining mobility has often been listed as 

a high priority [7]. 

Treatment Options for SCI 

 

Currently, there is no cure for SCI, although various treatment options have been developed to 

preserve or improve function after injury. Treatment options under investigation for SCI often 

fall into three major categories: neuroprotection, neuroregeneration and rehabilitative or assistive 

devices. Neuroprotection, which aims to prevent further damage from occurring after the initial 

injury, can be accomplished with surgical techniques, such as surgical decompression, or by 

administering anti-inflammatory drugs [8]. Neuroregeneration, which aims to improve recovery 

after injury by regenerating neural tissue, can be accomplished through experimental drug and 

cell therapies [9], [10]. Lastly, rehabilitative or assistive devices, which seek to restore function 

after injury, can be realized through a wide range of clinically available technologies and 

approaches such as with wheelchairs or exercise training, or through experimental procedures 

involving exoskeletons or functional electrical stimulation (FES) to restore lost function or 

augment remaining function [11]. 

FES Systems to Restore Lower Limb Mobility after SCI 

 

In the context of lower limb mobility, FES systems for both the peripheral and central nervous 

system are under development to restore the ability to stand, step and walk after SCI [12], [13]. 

These FES devices exist on a spectrum of invasiveness and specificity, where more specific 

electrical stimulation may come at the cost of increasingly invasive surgeries. 

Peripheral Functional Electrical Stimulation 

 

For peripheral FES (pFES) systems, surface stimulators and implantable devices can stimulate 

peripheral nerves to activate muscles paralyzed due to a SCI. In people with American Spinal 

Injury Association (ASIA) Impairment Scale (AIS) A-C injuries, a pFES system, implemented 

with a combination of intramuscular and epimysial electrodes, was able to achieve standing 

times of greater than 30 minutes for 3 participants and median standing times of 3.33 minutes for 

all 11 participants [14]. In another study, a similar pFES system allowed a participant with an 
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AIS A injury to walk distances of up to approximately 100 m, completed over the course of 

multiple 3-6 minute walking sessions in one day, and stand for 15 minutes [15]. Although 

promising, the major limitation of pFES systems is rapid muscle fatigue due to the reversed 

recruitment order of motor units, where large diameter axon, fast-fatigable motor units are 

recruited first instead of small diameter axon, fatigue-resistant motor units [16]. However, recent 

techniques have demonstrated that fatigability may be reduced with pFES systems by adjusting 

stimulation parameters, such as pulse amplitude and frequency, or by employing interleaved 

stimulation through multiple electrodes to reduce motor unit discharge rates or recruit motor 

units in a more physiologically normal order [17].  

Epidural Spinal Cord Stimulation 

 

For the central nervous system, the dominant FES technology available is epidural spinal cord 

stimulation (eSCS). Historically developed for treating pain, eSCS involves the placement of 

multicontact electrodes on the surface of the dura mater to electrically stimulate the posterior 

spinal cord [18]. More recently, epidural stimulators have produced some locomotor recovery in 

people with SCI [19], [20]. In three landmark studies, eSCS paired with rigorous locomotor 

training for 15 to 85 weeks resulted in participants with AIS A-B injuries walking up to 102 m 

and participants with AIS C-D injuries walking up to 1 km [13], [21], [22]. After training and 

when eSCS was turned off, participants with less severe injuries (AIS C-D) experienced 

neurological recovery which had not been attained through previous rehabilitative training alone, 

such as the ability to walk several steps without assistive devices or stimulation and the recovery 

of some voluntary leg movements [13]. However, when eSCS was turned off for participants 

with motor complete injuries (AIS A-B), the ability to walk overground or step independently on 

a treadmill was lost [21], [22]. These studies have created considerable excitement regarding the 

potential of paired exercise training and FES for restoring function after SCI. 

Intraspinal Microstimulation 

 

Another experimental technique for stimulating the central nervous system is intraspinal 

microstimulation (ISMS). ISMS is a more invasive procedure than eSCS, involving the 

implantation of hair-like microdevices directly into the spinal cord parenchyma to achieve focal 
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electrical stimulation [23], [24]. By electrically stimulating within the spinal cord, ISMS can 

activate locomotor networks to produce flexion, extension, alternation, and synergistic 

movements in the legs [25]. ISMS is believed to produce these movements and synergies by 

activating a combination of motoneurons, pre-motor networks, fibers-in-passage, interneurons, 

and sensory afferents [26], [27]. The location of these locomotor targets within the spinal cord 

have been shown to be consistent within species [28] and across species, such as in the rat [29], 

cat [23], pig [30] and in non-human primates [31]. These functional locomotor regions within the 

spinal cord exhibit a similar functional arrangement to the motoneuronal pools within the 

lumbosacral spinal cord [31]. Hip flexion and knee extension can be produced by electrically 

stimulating within the rostral lumbosacral cord while movements such as hip extension, ankle 

extension, and knee flexion can be produced by stimulating more caudally [31]. In preclinical 

studies, average standing durations of 20.89 minutes [32] and overground walking distances of 

609 m - 835 m [33] have been achieved. 

Comparing FES Technologies for Restoring Lower Limb Mobility after SCI 

 

Compared to eSCS and some pFES systems, ISMS is one of the most invasive techniques 

proposed for restoring motor function after SCI. pFES and eSCS systems have both been 

successfully validated in humans for partially restoring locomotor function in people paralyzed 

by SCI, whereas ISMS systems for restoring locomotor function have not yet been translated to 

humans. Both pFES and eSCS systems have been capable of producing walking distances of 

around 100 m in people with severe SCI, however this was achieved without rest using eSCS and 

with rest using pFES [15], [21], [22]. Comparing these FES technologies in preclinical models, 

ISMS can produce longer durations of standing than pFES by selectively recruiting motor units 

in a graded and nearly normal physiological recruitment order [29], [32]. Additionally, pFES 

systems are known to experience lead wire breakage as they are implanted in regions of the body 

that may experience considerable movement, such as the limbs [34]. Because eSCS and ISMS 

systems are implanted in a small and relatively fixed position above or inside the spinal cord 

respectively, movement-associated implant damage may be reduced with these systems. 

Comparing eSCS and ISMS, ISMS can produce immediate locomotor function through the 

application of electrical stimulation within the spinal cord [33], [35], without the need for 

excessive, paired locomotor training required by eSCS [22]. However, locomotor function 
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generated by ISMS would likely be involuntary and controlled by an implanted stimulator, in 

contrast to voluntary locomotor recovery which can be facilitated by eSCS [13].  Lastly, ISMS 

can produce long distances of walking in models of severe SCI [33], which may not be possible 

with eSCS [21], [22] or pFES [97]. Thus, although considerable work is still required to translate 

ISMS to humans to restore locomotor function after SCI, ISMS remains an exciting area of 

spinal cord neural prosthesis research which may demonstrate some functional advantages over 

pFES and eSCS systems in terms of fatigue resistance and achievable walking distances.   

Neural Interfaces used in Intraspinal Microstimulation 

 

Several different neural interface designs have been used to implement ISMS. Typically, 

microwire arrays, fabricated by hand from 30 - 50 μm diameter stainless steel or platinum-

iridium alloy microwires coated in polyimide or Teflon, have been used [24], [36], [37]. 

Microwire arrays have been shown to produce minimal functional deficits in chronic 

experiments in the cat [24] and produce minor foreign body responses in chronic experiments in 

the rat [38]. Minimal tissue damage was likely observed due to the relatively small size and 

flexibility of microwire implants. However, microwires are limited in that they can only 

electrically stimulate at one discrete location within the spinal cord - at the deinsulated tip. If a 

desired locomotor target is missed by the microwire electrode upon first implantation, the 

microwire must be implanted again until an adequate target is reached, which may result in 

multiple spinal cord penetrations and increased potential for tissue damage. When creating 

functional locomotor maps of the macaque spinal cord, it was noted that approximately 45% of 

microwire implant sites produced no locomotor activity when electrically stimulated [31], 

demonstrating that reaching the correct target is of paramount importance.  

Accurately implanting ISMS microwire electrodes is challenging, requiring submillimeter 

precision in the rostrocaudal, dorsoventral, and mediolateral axes. Generally, arrays can be 

fabricated based on average spinal cord dimensions determined by atlases [39]. More accurate 

dimensions can be attained by first completing pre-operative magnetic resonance (MR) imaging 

to obtain precise dimensions of the target spinal cord [36]. Based on this information, a 

microwire array can be constructed to the exact specifications of the spinal cord to improve the 

chances of proper array placement and functionality. Additionally, to improve targeting 
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accuracy, image-guided implantation systems have been developed which employ MR imaging 

[40] or ultrasound imaging [41] to ensure microwire electrodes are implanted in the proper 

location intraoperatively. 

Due to the design of microwire arrays, where multiple electrodes are separated rostrocaudally by 

a specified distance (2 - 4 mm), rostrocaudal targeting specificity is addressed by implanting 

multiple microelectrodes in the spinal cord. Moreover, because most ISMS microwire arrays 

allow for the individual placement of each microwire electrode separately, mediolateral 

positioning of each microwire electrode can be adjusted intraoperatively as required. 

Dorsoventral targeting with microwire electrodes, however, can only be addressed during the 

manufacturing process, as each microwire implant is fabricated with a specific implantation 

depth and can only stimulate at the tip of the electrode. Thus, it becomes difficult to modify the 

dorsoventral position of a microwire implant.  

To solve this problem, researchers have investigated the use of multisite devices for the spinal 

cord, such as cylindrical multielectrodes constructed on an optical fiber core substrate [42] or 

multisite silicon microelectrode arrays [43] - [45] which have multiple electrical stimulation sites 

along each device shank. With these devices, a single electrode insertion can effectively reach 

multiple dorsoventral targets, increasing the likelihood that a suitable locomotor target is reached 

after the first spinal cord penetration. Although these devices solve the problem of dorsoventral 

targeting specificity within the spinal cord, their fabrication methods inevitably lead to larger and 

stiffer devices, which can increase tissue displacement and exacerbate foreign body responses. 

Lastly, a key consideration for intraspinal implants is how the relative motion of the spinal cord 

and spinal column affect implant integrity. In domestic pig cadavers, which have a similar spinal 

column range of motion to that of humans, Toossi et al. showed that the lumbar enlargement 

experienced a change in length of 5.64 ± 0.59 mm when transitioned from hyperextension to 

hyperflexion [46]. Similarly, it was shown that the L2 lamina, which would act as a rigid fixation 

point for the ISMS lead wires, underwent a displacement of 5.66 ± 0.57 mm relative to the 

adjacent spinal cord when transitioned from hyperextension to hyperflexion [46]. For a rigidly 

implanted ISMS device, where the electrode is implanted in the spinal cord and the lead wire is 

fixed to the L2 spinous process, the combination of spinal cord strain and relative displacement 

between the spinal cord and spinal column could produce tethering forces sufficient to explant 



8 

 

the intraspinal device [46] or cause tissue damage [47], [48]. To overcome this problem, strain-

relief systems [46] and wireless designs [49] have been proposed for intraspinal implants. 

Foreign Body Reponses of Neural Interfaces 

 

Implanting a device into the nervous system leads to a natural cellular and immune response 

known as the foreign body response or reaction (FBR). Upon implantation into neural tissue, 

damage to the blood brain barrier leads to blood-plasma proteins adhering to the device, 

followed by a cascade of microglia and astrocyte activation which seek to encapsulate the device 

in a glial scar [50]. Although inflammation has recently been shown to be unexpectedly 

beneficial in promoting functional recovery after injury by enhancing neural plasticity [95], FBR 

is generally considered an unwanted response for neural interfaces and a key reason why neural 

implants, especially systems for recording single unit neural activity, fail over time. Glial 

encapsulation and chronic inflammation can lead to either migration or death of neurons near the 

implant [51], resulting in reduced efficacy of the device. To decrease FBR and improve the 

biocompatibility and functionality of neural interfaces, several implant modifications have been 

tested. At the surface level, hydrophilic coatings such as polyethylene glycol (PEG) [52], 

bioactive coatings [53] and anti-inflammatory drugs [54] can modulate or reduce FBR. 

Mechanically, it has been shown that tethering forces and implant size also exacerbate FBR [48]. 

Thus, reduced implant size and strain relief mechanisms [46], [55] have been explored. Lastly, 

implant stiffness and mechanical mismatch between the implant and tissue have been shown to 

exacerbate FBR [56], [57], leading to the development of implants which strive to be as flexible 

as the brain or spinal cord. 

Electrochemical Safety Requirements for Neural Interfaces 

 

Electrochemical considerations play a key role in device safety when stimulating within the 

nervous system. Generally, the mechanisms of how electrical stimulation causes neural tissue 

damage can be understood by two main theories: 1) mass action theory, which claims that 

electrically-induced neuronal activation can lead to cellular or environmental changes, such as 

excitotoxicity, which result in neuronal death, or 2) electrochemical theories, which claim that 

toxic electrochemical byproducts caused by charge injection mechanisms can lead to cell death 
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[58]. When electrically stimulating neural tissue, current may be delivered through a 

combination of capacitive mechanisms, involving the redistribution of charge at the electrode 

surface and within the electrolyte, and Faradaic mechanisms, which achieve charge transfer via 

redox reactions at the electrode/tissue interface [58], [59]. Faradaic charge injection mechanisms 

in particular can create electrochemical byproducts involved in electrochemical theories of tissue 

damage. 

Focusing on electrochemical theories of tissue damage, experimental evidence has shown that 

tissue damage can be reduced or eliminated by operating stimulating electrodes within strict 

limits based on the charge per phase and charge density of the stimulating sites [60] - [62]. Based 

on experimental data, electrochemical limits have been historically described for reducing tissue 

damage, such as maintaining charge densities below 30 µC/cm2 or reducing charge per phase 

below 4 nC/ph [62], [63]. Yet most studies assessing tissue damage from electrical stimulation 

fail to capture the multitude of parameters which may affect damage, such as stimulation 

frequency, pulse duration and duty cycle, electrode geometry and size, or current densities, and 

exceptions to these firm electrochemical limits, where electrodes may operate beyond known 

limits and produce minimal damage, may exist [62]. A commonly accepted approach to reduce 

tissue damage from electrical stimulation involves employing biphasic, charge-balanced 

stimulation waveforms and restricting the potentials of stimulating devices within safe limits 

(such as between -0.6 - 0.8 V for platinum alloys, relative to Ag|AgCl) to prevent water 

hydrolysis; through these restrictions, cytotoxic electrochemical byproducts stemming from 

water hydrolysis and other non-reversible faradaic reactions can be reduced [58], [59].  

Methods for Improving the Electrochemical Properties of Neural Electrodes 

 

Several surface modifications can be applied to stimulating electrodes to improve their 

electrochemical properties and allow devices to inject more charge safely into neural tissue, such 

as by applying activated iridium oxide films (AIROF) [64], hydrogels or conductive polymers 

such as poly(3,4-ethylenedioxythiophene) (PEDOT) [65], [66], or graphene oxide coatings [96]. 

In chronic stimulation experiments, iridium oxide and hydrogel coatings have demonstrated 

persistent advantages over bare platinum electrodes, although graphene oxide coatings may have 

reduced efficacy at chronic timepoints [96]. These modifications may be critical for reaching 
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required stimulation levels in vivo to produce functional responses while remaining within safe 

potential limits, especially considering that charge injection capabilities in vivo are typically 

reduced compared to in vitro measurements [67].  

Electrochemical Assessments for Neural Electrodes 

 

Neural electrodes can be electrochemically assessed with a number of common techniques, 

including electrochemical impedance spectroscopy (EIS), cyclic voltammetry (CV) and voltage 

transients (VT) [59]. EIS characterizes the electrochemical impedance of an electrode over a 

range of stimulating frequencies, which can be a useful measure for comparing electrodes in 

terms of how much current they may be capable of delivering while remaining within safe 

potential limits. CV can be used to assess how much current can be delivered through an 

electrode when the potential is ramped at a constant rate between predefined potential limits; by 

integrating the cathodic current over time, the amount of reversible cathodic charge which can be 

stored on at the electrode-tissue interface - termed the cathodic charge storage capacity (CSCc) - 

can be calculated. And lastly, VT can be used to assess the maximum cathodic and anodic 

potentials of an electrode during a stimulation pulse to determine the maximum charge injection 

limit (CIL) of the electrode before potentials exceed safe limits.   

Polymer Microelectrodes 

 

To improve the biocompatibility of neural implants, a recent trend in neural interface research 

has centered around the use of polymer substrates to create flexible, implantable devices [68] - 

[70]. These devices, known as polymer microelectrodes, utilize a wide range of common and 

experimental polymer materials to produce implants with lower Young’s moduli than that of 

metal or silicon. These materials have Young’s moduli ranging from 10.6 GPa for liquid crystal 

polymer (LCP) to as low as 0.1-0.5 MPa for polydimethylsiloxane (PDMS) [71]. When 

compared to traditional microelectrode materials such as silicon, which has a Young’s modulus 

of 190 GPa [69], these polymer materials are much closer to matching the modulus of nervous 

tissue, which can be as low as 5 kPa for the spinal cord [72]. Devices have been fabricated with 

polyimide substrates [73], parylene-C substrates [74], and LCP substrates [75], [76]. PDMS, one 

of the lowest modulus polymers available, has been used as the substrate of non-penetrating 
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neural interfaces [77]. However, PDMS has less commonly been used as the substrate for 

penetrating neural interfaces [78] - [80], and has never been used as the substrate of penetrating 

electrodes for the spinal cord. One likely reason for this is because the extremely low modulus of 

PDMS makes it exceptionally difficult to insert into tissue.  

Insertion Methods for Polymer Microelectrodes 

 

Due to their high flexibility, polymer microelectrodes become nearly impossible to insert into 

neural tissue on their own. Instead, researchers have used strategies such as temporary insertion 

guides or shuttles [79], [81], dissolvable stiffeners [82] - [84], smart polymers or shape memory 

polymers that exhibit lower moduli after insertion [56], [85], or tunable liquid metal probes [80] 

to help insert these probes into the nervous system. In some cases, this requires modifying the 

surface characteristics of the polymer substrate in order to achieve better adhesion between the 

implant and any dissolvable stiffener [83].  

Laser fabrication methods for neural interfaces 

 

To construct polymer microelectrodes, traditional microfabrication and nanofabrication 

techniques are often utilized, such as spin coating, photolithography, chemical vapor deposition, 

physical vapor deposition methods, and reactive ion etching [68], [69]. Yet these traditional 

techniques can be costly and time consuming, requiring multiple lithographic masks to be 

developed for each design iteration. Laser microfabrication has been established as a rapid and 

cost-effective prototyping method for developing neural interfaces and neural prostheses [86], 

[87]. Lasers can be used to machine metals, polymers, ceramics, and composites by selectively 

heating, melting, vaporizing, or ablating the target material [88]. Laser microfabrication 

techniques have been utilized to create prototype devices for retinal prostheses [86], [87], 

peripheral nerve and intrafascicular interfaces [74], [89], and intracortical interfaces [82], [90]. 

The biocompatibility of laser microfabricated microelectrode arrays constructed from PDMS and 

platinum foil and has also been assessed, where it was shown that the byproducts of laser 

microfabrication, typically consisting of metal oxides and silicon oxides, do not cause further 

biological responses compared to the unmachined materials [91]. Additionally, laser 

microfabrication techniques have also been used to improve the electrochemical properties of 
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stimulating electrodes. This has been achieved by increasing stimulating electrode surface areas 

through techniques such as structured laser interference patterning (SLIP) [74] or creating laser-

induced periodic surface structures (LIPSS) [92]. 

Polymer Microelectrodes in the Context of ISMS 

 

In the context of intraspinal micro-implants, multisite devices are favorable over microwires 

because they can deliver electrical stimuli to multiple regions within the spinal cord. Multisite 

devices eliminate the need for multiple electrodes to be implanted at the same 

rostrocaudal/mediolateral position to excite multiple dorsoventral targets and reduce the 

possibility of incorrect electrode placement and reinsertion tissue damage. Yet these devices are 

typically larger and stiffer than microwires and may exacerbate FBR. Improving the flexibility of 

neural interfaces has been shown to improve biocompatibility by reducing implant/tissue strains 

[56], [57]. Therefore, a flexible polymer implant with multiple stimulation sites may satisfy both 

the efficacy requirement (i.e., requiring multiple stimulation sites) and the safety requirement 

(i.e., displaying adequate flexibility to reduce FBR) needed to implement ISMS effectively. 

PDMS is a common biocompatible polymer used for constructing non-penetrating neural 

interfaces, yet it has been less commonly used as the substrate of penetrating multielectrode 

neural interfaces because of its exceptional flexibility [69]. With the addition of 

poly(dimethylsiloxane) dimethylsiloxane-ethylene block copolymer (PDMS-PEG BCP) [1], 

PDMS substrates may have the additional advantage of reducing protein and cell adhesion in 

vivo. This added feature, although not directly assessed in this thesis, may provide an additional 

advantage for these devices by modulating glial cell adhesion in vivo and reducing FBR, and 

should be investigated in future research.  

Goal and Aims 

 

In light of the above information, the goal of my thesis research was to design, fabricate and 

characterize a new, polymer microelectrode with multiple stimulation sites (termed polymer 

multielectrode) for the spinal cord in an effort to improve the efficacy and biocompatibility of 

ISMS compared to when ISMS is implemented with traditional 50 µm diameter, platinum-

iridium (80%/20%) microwire electrodes. I have selected to machine these prototype polymer 
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multielectrodes using laser microfabrication, which has been validated as a rapid prototyping 

method for neural interfaces for the cortex and peripheral nerve [74], [82]. To improve the 

efficacy of the device compared to microwire implants, the polymer multielectrode was 

fabricated with 3 stimulating sites separated dorsoventrally along the shank, allowing the 

multielectrode to electrically stimulate 3x more dorsoventral regions than a single microwire 

electrode. Based on evidence showing that flexible neural interfaces exhibit decreased FBR [56], 

[57], the polymer multielectrode was fabricated with a flexible PDMS-based substrate - PDMS 

being one of the most flexible, traditional polymer materials used in neural interfaces [71] - in an 

effort to maximize its flexibility compared to microwire implants and other multielectrode 

designs. Adding to the novelty of this design, the substrate was modified through the addition of 

a low percentage of PDMS-PEG BCP [1] in an effort to modulate FBR. Although this feature 

was not directly assessed in this thesis, we plan to assess this modification in subsequent studies 

on in vitro and in vivo glial cell adhesion and FBR. 

Through this research, I sought to address the following three aims: 

1) I aimed to make a device more flexible than traditional microwire electrodes 

commonly used in ISMS to improve device biocompatibility.  

2) I aimed to create multielectrode stimulating sites that would perform similarly to 

microwire electrodes in terms of their electrochemical properties and charge injection 

capabilities. 

3) I aimed to demonstrate that functional responses could be generated by the polymer 

multielectrodes when implanted within the lumbosacral enlargement of the pig in the 

context of ISMS as seen previously for microwire implants. 

Aim (1) was assessed by measuring the buckling forces [83] of both microwire implants and 

polymer multielectrodes, clamped end-to-end in a custom compression-sensing device inspired 

by a force sensor developed by Qu et al. [93]. A lower buckling force would indicate that the 

electrode is more flexible. Due to the inherent flexibility of PDMS, polymer multielectrodes 

fabricated with PDMS/PDMS-PEG substrates were expected to exhibit improved mechanical 

flexibility compared to traditional microwire implants. 
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Aim (2) was assessed using EIS, CV and VT [59] to compare the electrochemical impedance, 

CSCc, and CIL of microwire electrodes and polymer multielectrodes in both phosphate buffered 

saline and in vivo in a domestic pig model. Domestic pigs were selected as the animal model for 

this study due to their similar spinal cord neuroanatomy to humans [39] and previous use in 

ISMS research [30], [46], [94].  

Aim (3) was assessed by implanting polymer multielectrodes in vivo in a domestic pig model and 

electrically stimulating within the quadriceps motor pool. A force transducer (Scottsdale, AZ, 

USA) firmly held in place proximal to the ankle was used to record isometric joint torques as a 

function of stimulation current amplitude. Kinematics and electrode responses were also 

assessed. 

Along with addressing these three aims, I also report the laser microfabrication process 

parameters and outcomes that were developed during this study to inform future researchers 

when developing neural interfaces with laser fabrication methods. Micromachined materials and 

implants were assessed with scanning electron microscopy (SEM) and energy-dispersive x-ray 

spectroscopy (EDS) (ThermoScientific, MA, USA) to assess surface features, surface elements, 

and the minimum feature size of the devices. 
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INTRODUCTION 

 

Spinal cord injury (SCI) is a devastating condition which can result in loss of mobility, loss of 

sensation, and a reduction in quality of life [2]. The estimated global prevalence of traumatic SCI 

(tSCI), where injury is due to an external physical impact, is between 250 - 906 per million, with 

national incidences between 8 - 49.1 per million reported globally [3]. The impacts of SCI are 

multifaceted, with physical [2], [4], economic [5], [7], and social dimensions [6]. In the United 

States, the estimated lifetime costs for someone living with SCI are between $1.1 - 4.7 million 

USD, depending on the age at injury and extent of injury [5]. Although the priorities of people 

living with SCI differ depending on the level and extent of injury, regaining mobility has often 

been listed as a high priority [8]. 

Intraspinal microstimulation (ISMS) is a neuroprosthetic technique under development for 

restoring locomotor function after SCI. It involves the implantation of microelectrodes directly 

into the lumbar region of the spinal cord where the locomotor networks reside [14], [22]. By 

electrically stimulating within the spinal cord, neural networks capable of producing lower limb 

flexion, extension, and synergistic movements can be recruited [16], [20], [47]. The locations of 

these locomotor targets are consistent within species [17], [20] and in different species such as 

the rat [18], cat [14], [47], pig [19], and in non-human primates [20], and are likely to be 

preserved in humans, thus providing a feasible target for ISMS.  

ISMS recruits motor responses in a graded and nearly normal physiological recruitment order, 

where smaller fatigue resistant fibers which generate less force are preferentially recruited before 

larger fatigue resistant fibers [14], [18]. Due to the resulting fatigue resistance qualities, ISMS 

has achieved long durations of standing of 20.89 minutes in the cat [21] and produced long 

distances of overground walking of between 609 - 835 m in the cat [22]. If translated to humans, 

these qualities may permit ISMS to improve functional recovery, in terms of standing duration 

and walking distances, compared to other available neural prostheses implemented with 

peripheral functional electrical stimulation or epidural spinal cord stimulation, which are limited 

due to muscle fatigue [9] - [13]. Because of these compelling preclinical results, there has been 

ongoing efforts to translate ISMS to humans to restore lower limb mobility after SCI [20], [27], 

[32]. 
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Traditionally, ISMS has been implemented with microwire electrode arrays, with electrode 

diameters between 30 - 50 µm [15], [24], [60]. These microwire arrays produce minimal 

functional deficits when implanted chronically in the cat [15] and produce minor foreign body 

responses (FBR) in the rat [25]. However, microwire electrodes are functionally limited as they 

can only electrically stimulate one region of the spinal cord - at the deinsulated tip. If a desired 

locomotor target is not activated by the microwire electrode, the device must be removed and 

implanted again until a proper response is attained, which may result in multiple spinal cord 

penetrations and an increased potential for tissue damage. This becomes especially challenging 

in the dorsoventral axis, as microelectrodes are fabricated with a fixed insertion length and 

therefore their insertion depth cannot be easily changed. When mapping the rhesus macaque 

spinal cord with microelectrodes, Toossi et al. noted that 45% of sites within the spinal cord 

produced no motor response when electrically stimulated, indicating that targeting accuracy of 

microwire implantation is essential for successful functioning of the system [20].  

One solution to this challenge has been the use of multisite electrodes, with multiple stimulating 

electrodes on a single shank, to improve the chances of correct targeting when the device is first 

implanted. Researchers have used 4-channel cylindrical multielectrodes [28], fabricated with 85 

µm diameter optic fiber core substrates, or silicon-based microelectrode arrays [29] - [31] to 

implement ISMS. Although these devices significantly improve the chances of correct targeting 

within the spinal cord, their fabrication methods and materials inevitably lead to larger and stiffer 

devices, which can increase tissue displacement and damage, as well as exacerbate FBR. 

It is becoming increasingly clear that the mechanical properties of implanted neural interfaces 

greatly impact device biocompatibility [35], [36]. By fabricating devices with materials nearly as 

flexible as the central nervous system, such as biocompatible polymers [45], tissue damage 

stemming from device tethering forces or tissue micromotion can be reduced [35], [36], thus 

mitigating FBR and improving device functionality. Following this trend, increasingly flexible 

neural interface designs have been proposed for the cortex [35], [36] and peripheral nerves [49]. 

Devices have been fabricated using a wide range of common and experimental polymer 

materials to produce low modulus implants. These materials have Young’s moduli ranging from 

10.6 GPa for liquid crystal polymer (LCP) to as low as 0.1 - 0.5 MPa for poly(dimethylsiloxane) 

(PDMS) [45]. Devices have been commonly fabricated with polyimide substrates [48] or 
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parylene-C substrates [49]. However, PDMS substrates, which have been effectively used for 

creating flexible non-penetrating neural interfaces [50], have been less commonly used for 

penetrating neural interfaces [51] - [53]. This is likely because the very low modulus of PDMS 

makes it difficult to insert into tissue.  Although the long-term functionality of polymer 

microelectrodes has seldom been reported for the cortex [44], bladder stimulators constructed 

with PDMS encapsulants have been reported to function for as long as 25 years in vivo with 

minimal material degradation [45]. Due to their remarkable flexibility, nearly all penetrating 

polymer microelectrodes require temporary insertion aids to be implanted into tissue [52], [54]. 

Typically, polymer microelectrodes are fabricated using standard microfabrication techniques 

[43], [44], although rapid and cost-effective prototyping methods, such as laser microfabrication, 

have also been reported [49], [55], [59]. In the context of the spinal cord, flexible polymer 

microelectrodes with multiple stimulation sites may improve dorsoventral targeting compared to 

microwire implants, while avoiding the mechanical tissue damage and strain caused by stiffer 

multielectrode designs.  

In this study, we describe the fabrication and characterization of a flexible polymer 

multielectrode for the spinal cord to implement ISMS. With multiple stimulating electrodes and a 

flexible PDMS-based substrate, we predicted that this device would demonstrate improved 

functionality over traditional microwire electrodes while remaining highly flexible compared to 

other multielectrode or silicon microelectrode array designs. We characterized the mechanical 

and electrochemical properties of the polymer multielectrodes with respect to microwire 

electrodes and demonstrated device functionality in vivo. 

METHODS 

 

Multielectrode microfabrication 

 

A three-channel polymer multielectrode was designed in AutoCAD 2020 (Autodesk, CA, USA) 

with a nominal implantation depth of 4 mm, width of 135 µm, and thickness of 120 µm. The 

medical-grade PDMS silicone elastomer MED-6215 (NuSil, CA, USA) was used for 

constructing the substrate of the multielectrodes. Dimethylsiloxane-(60-70% ethylene oxide) 

block copolymer (PDMS-PEG) (Gelest, PA, USA) was mixed into the bulk PDMS to improve 
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the surface hydrophilicity of the multielectrode substrate, as described for biomicrofluidics by 

Gökaltun et al. [1]. Platinum-iridium (80%/20%) flat wire (PtIr-FW) (California Fine Wire, CA, 

USA), with a thickness of 15 µm and width of 150 µm, was used for micromachining the 

conductive elements of the implants. Multielectrodes were fabricated using a combination of 

spin-coating (Laurell Technologies Corporation, PA, USA) and nanosecond exciplex laser 

(wavelength = 248 nm) micromachining (COMPex 110, Coherent, CA, USA). A pictorial 

description of the microfabrication procedure can be seen in Figure 1. A considerable amount of 

time was spent fine-tuning nanosecond laser process parameters, including demagnification, 

beam scanning speed, pulse energy, pulse frequency, and spot diameter, to achieve satisfactory 

metal and polymer machining (summarized in Table 1). As outlined by others, process 

parameters were first tested on cost-effective aluminum foil samples [59] before they were 

applied to more expensive PtIr-FW samples.  
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Figure 1: Sequential processing steps for the polymer multielectrodes, depicted as cross-sectional 

images of (K). (A) a glass carrier is coated in a release layer and (B) a PDMS/PDMS-PEG 

(1.75%) layer is spin coated onto the surface. (C) a platinum-iridium (80%/20%) foil layer is 

mounted onto the polymer layer, and (D) a nanosecond laser is used to machine the foil. (E) 

excess foil is removed, (F) the metal is encapsulated in another layer of PDMS/PDMS-PEG 

(1.75%), and (G)-(I) the laser is used to deinsulate stimulating sites on the top and bottom 

surfaces of the device and cut out the implant. (J) the implant is removed from the carrier. (K) a 

3D rendered image of the implant is shown. 
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A glass carrier (either a microscope slide or glass coverslip) was coated in a cellophane tape 

release layer. A mixture of PDMS and PDMS-PEG was prepared, with a w/w ratio of 1.75% 

PDMS-PEG to PDMS. A layer of the PDMS mixture was spin-coated on the carrier surface at 

1000 rpm for 1 minute. The polymer layer was vacuum desiccated for 30 minutes and allowed to 

partially cure at 65°C for 30 minutes. Samples of PtIr-FW, approximately 7 mm long, were 

mounted to the surface and the sample was then fully cured at 120°C for 1.5 hours. After curing, 

polymer-metal adhesion was suitable for laser machining. Using exciplex laser parameters 

suitable for cutting metal (Table 1), all features of the multielectrodes were machined into the 

PtIr-FW samples. Excess metal between electrical traces was removed manually and the samples 

were encapsulated in another layer of PDMS/PDMS-PEG (1.75%) via spin-coating at 3000 rpm 

for 1 minute. The samples were then cured at 120°C for 20 minutes. After curing, wire-bonding 

sites and stimulating sites on the top surface were deinsulated using laser parameters suitable for 

removing polymer layers without damaging the underlying metal surfaces (Table 1). The PDMS 

samples were then individually cut out using a scalpel blade and flipped upside down to expose 

the bottom surfaces. After flipping, the bottom stimulating sites were deinsulated with the laser. 

A low-intensity laser pulse (Table 1) was applied to the stimulating sites to remove surface 

contaminants caused by laser deinsulation. The samples were then flipped again to the original 

orientation and the border of the polymer multielectrode was machined using the laser, allowing 

the device to be removed from the glass carrier. Lastly, low-intensity laser pulses were used to 

remove surface contaminants from the wire-bonding sites (5 - 10 pulses) and the stimulating sites 

(1 pulse). To assess process parameters, polymer multielectrode samples underwent scanning 

electron microscopy (SEM) imaging and energy-dispersive X-ray spectroscopy (EDS) surface 

mapping (PhenomXL, ThermoScientific, MA, USA) at various stages during production. 

Using a set of micromanipulators, conductive silver epoxy (EPO-TEK H22, Epoxy Technology 

Inc, MA, USA) was carefully deposited onto all wire-bonding sites and allowed to cure at 150°C 

for 15 minutes. Polyimide-insulated microwires, with a diameter of 30 µm, were then bonded to 

the polymer multielectrodes as lead wires to connect to external circuitry. Wire-epoxy junctions 

were cured at 150°C for 15 minutes. After all leads were bonded to the multielectrode, the lead 

junction was insulated with PDMS (Sylgard, Sigma-Aldrich, MO, USA). All samples were 

gently rinsed in 70% ethanol prior to electrochemical testing to remove any remaining surface 

contaminants.  
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Table 1: Nanosecond laser process settings used for micromachining metal layers, polymer 

layers, and surface contaminants. 

 Metal Cutting PDMS 

Deinsulation 

PDMS Cutting Surface 

Contaminant 

Removal 

Demagnification 27.5X 27.5X 27.5X 27.5X 

Scanning Speed 

[mm/s] 

0.04-0.07 0.17 0.17 N/A 

Pulse Energy 

[mJ/pulse] 

215 150 200 150 

Attenuator 

Transmission 

[%] 

25 10 25 5 

Pulse Frequency 

[Hz] 

100 50 50 N/A 

Spot Diameter 

[µm] 

10 27.5 27.5 *variable 

 

*Spot size for surface oxide and contaminant removal was set to the size of the site to be 

cleaned. 

 

Microwire electrode microfabrication 

 

Microwire electrodes were fabricated from 50 µm diameter polyimide-insulated platinum-

iridium (80%/20%) wire (California Fine Wire, CA, USA). A nanosecond laser, with a 

wavelength of 248 nm, was used to deinsulate 400 µm at the tip of each microwire. Microwires 

were then beveled with a microelectrode beveler (BV-10, Sutter, CA, USA) to an angle of 

approximately 15°. For in vivo experiments, microwires were formed into 4-wire microwire 

arrays following methods previously described [23]. Briefly, microwire electrodes were bent at 

90° to a predefined insertion depth of approximately 4.5 mm. All microwires were then 
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embedded within a silastic tube to maintain a rostrocaudal spacing of 4 mm and leads were 

secured together using epoxy and 6-0 suture.  

Compression tests 

 

A custom mechanical force measurement system was developed based on a 3D-printed strain 

gauge recently described by Qu et al. [61]. The mechanical measurement system was calibrated 

with 6 calibration weights to verify signal linearity. Polymer multielectrode samples were 

clamped vertically between two acrylic blocks with a separation distance of 3 mm and loaded 

into the measurement system. A precise 3 mm separation distance was maintained using a 3D-

printed spacer between the two acrylic blocks. Once the blocks were secured in the measurement 

system, the 3D-printed spacer was gently removed. The position of the top acrylic block was 

jogged (step size = 0.01 mm) to ensure that the 3D-printed strain gauge was not initially loaded. 

Compression tests were then performed by lowering the top acrylic block by 1.5 mm at a speed 

of 20 mm/min [56], causing the samples to buckle. The force-time waveforms were recorded on 

an oscilloscope, with a sampling rate of 500 Hz, and saved for analysis. While translating at 20 

mm/min, the force transducer experienced 2 Hz noise due to the stepper motors. To reduce this 

noise, force-time waveforms were filtered using a digital IIR bandstop filter from 1.5-2.5 Hz in 

MATLAB (MathWorks Inc., MA, USA). The buckling force was measured as the difference 

between the peak force and the initial force values. The buckling force of PtIr microwires, with a 

diameter of 50 µm, were also obtained for comparison with that of the polymer multielectrodes. 

Theoretical Young’s moduli of samples 

 

Based on the experimentally measured buckling forces of the multielectrode and microwire 

samples, the theoretical Young’s modulus of each sample was calculated using equation 1 [56]. 

Here, the buckling force (F) of the implant, clamped on both sides, is related to the Young’s 

modulus (E), second moment of area of the beam’s cross-section with respect to the axis most 

likely to buckle (I), and length (L) of the device. The multielectrode was modeled as a 

rectangular beam with a second moment of area described by equation 2, where b is the width of 

the shank and h is the thickness of the shank (b > h). The microwire electrode was modeled as a 
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cylindrical beam with a second moment of area described by equation 3, where r is the radius of 

the cylindrical beam. 

 
𝐹 =

4𝜋2𝐸𝐼

𝐿2
 

(1) 

 
𝐼 =

𝑏ℎ3

12
 

(2) 
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𝜋

4
𝑟4 (3) 

 

Bench electrochemical analysis 

 

Polymer multielectrodes and microwire electrodes were inserted into a beaker of Dulbecco’s 

phosphate-buffered saline (PBS) (Sigma-Aldrich, MO, USA) at room temperature. Using an 

electrochemical test system (MET16, Sigenics Inc., IL, USA), electrodes were assessed in a 

three-electrode configuration consisting of a stainless-steel counter electrode (Cooner AS632, 

Cooner Wire Company, CA, USA), deinsulated to expose approximately 3-5 cm, and a Ag|AgCl 

reference electrode. The working electrodes were assessed using electrochemical impedance 

spectroscopy (EIS), cyclic voltammetry (CV), and voltage transient (VT) analysis [37]. EIS was 

used to measure the electrode-electrolyte impedance magnitude and phase at frequencies ranging 

from 0.1 Hz - 10 kHz. CV was performed at sweep rates of both 50 V/s and 50 mV/s within the 

water window for PtIr alloys (-0.6 - 0.8 V relative to the Ag|AgCl reference electrode) [37]. 

Thirteen CV cycles were performed; the last three were recorded for analysis. The cathodic 

current was integrated with respect to time to calculate the stored cathodic charge; this charge 

was then averaged for each of the three recorded CV cycles and normalized by the electrode 

surface area to calculate the cathodal charge storage capacity (CSCc). VT measurements were 

assessed with a biphasic symmetric, cathodic-leading current pulse with cathodic and anodic 

pulse durations of 200 µs and an interphase duration of 100 µs. Current amplitudes were 

increased with a step size of 25 µA until the maximum cathodic polarization (Emc) was measured 
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just above -0.6 V relative to the Ag|AgCl reference electrode [37]; the cathodic charge resulting 

in Emc was normalized by the electrode surface area and used to calculate the charge injection 

limit (CIL).  If 25 µA resulted in cathodic polarizations below -0.6 V, transients at 10 µA were 

assessed. 

Multielectrode insertion aids 

 

Several dissolvable and rigid insertion aid methods were assessed in vitro and in freshly 

euthanized pig cadavers before settling on a half-needle shuttle design [36]. Needles (30G, 0.5” 

in length) were machined with a nanosecond laser to create rigid insertion shuttles (Figure 2). 

The top half of the needle was selectively removed from the tip of the needle for 5.2 mm along 

the needle shaft (Figure 2A). The remaining half-needle resembled a half-cylinder capable of 

surrounding the flexible polymer multielectrode during insertion in vivo (Figure 2B). The 

polymer multielectrode was secured to the insertion aid using water-soluble polyethylene glycol 

(PEG) 8000 (Sigma-Aldrich, MO, USA), dissolved in an equal weight of deionized water 

(Figure 2C). Using a set of micromanipulators, the polymer multielectrode and insertion aid were 

held in contact while a moderate amount of dissolved PEG solution was applied along the length 

of the insertion aid. After approximately 30 minutes, the PEG adhesive dried, bonding the 

multielectrode and insertion aid together, and the assembly was released from the 

micromanipulators.  
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Figure 2: Half-needle insertion aids, used to implant the polymer multielectrodes into the spinal 

cord, are shown. (A) Needles (30G, 0.5” long) were machined with a nanosecond laser to 

remove the top half of the needle from the tip of the needle for 5.2 mm along the needle shaft 

(scale bar = 5.2 mm). (B) Conceptual images demonstrate how the multielectrodes are mounted 

onto the insertion aid. (C) A completed multielectrode is shown bonded to the insertion aid with 

PEG 8000, a biodissolvable adhesive. 

 

Surgical and experimental procedure 

 

All experiments were conducted under protocols approved by the University of Alberta Animal 

Care and Use Committee. Four neurologically intact domestic pigs were used in this study. Three 

pigs were utilized for assessing microwire electrochemical properties in vivo and for refining the 

multielectrode design. One pig was used for assessing refined multielectrode electrochemical 

properties and functionality. Pigs were sedated with an intramuscular injection of ketamine (22 

mg/kg), xylazine (2.2 mg/kg), and glycopyrrolate (0.01 mg/kg). The common carotid artery and 
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ipsilateral external jugular vein were catheterized to allow the pigs to be perfused with 4% 

formalin solution after they were euthanized at the end of the experiment. Pigs were then 

transferred to isoflurane anesthesia and after complete sedation transitioned to a total intravenous 

anesthesia (TIVA) protocol, consisting of propofol (30-160 µg/kg/min), remifentanil (0.05-2.00 

µg/kg/min), lidocaine (1.0-1.5 mg/kg/hr), and dexmedetomidine (0.2-0.7 µg/kg/hr) for the 

remainder of the experiment [62]. Vital signs were monitored continuously, and reflexes were 

assessed regularly to ensure the pig remained within the surgical plane of anesthesia.  

A laminectomy was performed at the L4-L5 vertebral levels to expose the lumbosacral 

enlargement of the spinal cord [26], [62]. In the event that the enlargement was rostrally or 

caudally shifted, the laminectomy was extended accordingly by half a vertebral segment. The 

dura mater was incised and secured laterally with suture to expose the spinal cord surface. The 

position of the quadriceps motor pool, which was inferred from previous work in the pig [62], 

rhesus macaque [20], and cat [14], was located by implanting a 50 µm search microwire, with an 

insertion depth of approximately 5 mm, into the general area of the motor pool and stimulating 

with a 100 µA biphasic pulse train (40 Hz, 200 - 500 ms duration, 200 µs pulse duration) using a 

microelectrode stimulator (STG 4008, Multichannel Systems MCS GmbH, Germany). For the 

first three pigs, the 4-wire microwire array was then implanted ipsilaterally in the quadriceps 

motor pool and assessed electrochemically. For the fourth pig, 4 polymer multielectrodes were 

implanted within the quadriceps motor pools, two on the right side of the cord and two on the 

left, and were assessed electrochemically and functionally. 

Evoked responses, joint torques, and kinematics 

 

The hind body of the pig was supported with a surgical table extension, allowing the legs to hang 

freely during the experiment [62]. Reflective markers were placed on the left and right iliac 

crests, hips, knees, ankles, metatarsophalangeal joints, and toes. Each multielectrode stimulating 

site was connected to the microelectrode stimulator, and a biphasic, charge-balanced current 

pulse train (40 Hz, 1 s duration) with amplitudes between 50 - 300 µA was delivered to the 

spinal cord. The electrically evoked responses were first categorized qualitatively, as either 1) 

properly producing knee extension, 2) producing a reflexive synergy, 3) producing an 

unexpected muscle movement or synergy, or 4) producing no responses at all. After assessing the 
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evoked responses of each stimulating electrode, the electrodes with the best responses on both 

the left and right sides of the spinal cord were assessed further to analyze isometric joint torque 

recruitment and joint kinematics of the knee. 

Isometric joint torques were measured using a force transducer with an integrated 150 lb load 

cell (Scottsdale, AS, USA). The force transducer was held manually just proximal to the ankle to 

measure knee joint torques. Pulse trains with current amplitudes from 20 - 300 µA were 

delivered to the spinal cord, while force transducer signals were measured and recorded at a 

sampling rate of 100 Hz. Three pulse trains were delivered at each current amplitude to calculate 

the average evoked joint torque.  

After the joint torque measurements, the leg was allowed to move freely during stimulation to 

assess joint kinematics. The pig’s ankle was partially suspended by a pulley system with a 2.5 lb 

counterweight. The leg was positioned such that the knee-ankle limb segment was approximately 

parallel to the horizontal plane. Once in this initial position, three 300 µA pulse trains were 

delivered to the spinal cord and leg kinematics were recorded with a camera at 120 fps (JVC 

Americas Corp., NJ, USA). The maximum joint angle changes for the left and right knees were 

calculated based on the initial and final position of the legs.  

In vivo electrochemical analysis 

 

Polymer multielectrodes and microwire electrodes were assessed in vivo using the MET16 

electrochemical test system (see in vitro electrochemical analysis). Electrodes were assessed in 

vivo using a two-electrode configuration, consisting of a large-diameter needle counter electrode 

inserted into muscles adjacent to the spine. EIS and VT measurements were completed as 

described for the in vitro experiments. However, due to the two-electrode configuration, working 

electrode potentials were measured with respect to the counter electrode instead of a Ag|AgCl 

reference electrode. CV was not completed in vivo, as initial testing with electrodes implanted in 

the quadriceps motor pools generated large, sustained knee extensor responses that were 

affecting the stability of the pig on the surgical table and were deemed unsafe to continue. 
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Tissue perfusion and histology 

 

At the end of the experiment, pigs were given a heparin dose (500 IU/kg) 10 minutes before 

euthanization and then euthanized with an intravenous injection of Euthanyl (100 mg/kg). They 

were then perfused with 4L of 4% formalin solution (200 mL/min) through the intracarotid 

catheter. Following perfusion, the spinal cord was extracted, fixed in 4% formalin solution for 24 

hours and cryoprotected in gradually increasing concentrations of sucrose (10-30%) in 0.1 M 

phosphate buffer for 4 days. Spinal cords were cryosectioned at 20 µm and stained with a Cresyl 

Violet Nissl stain to assess the acute damage caused by the implants as well as to identify the 

location of the stimulation sites of the multielectrodes relative to the lumbar motoneuron pool. 

Statistics 

 

Statistical analyses were completed with IBM SPSS software (version 26, IBM Co., Armonk, 

USA). Data were found to violate assumptions of normality and homogeneity of variances, 

therefore nonparametric statistics were selected for the analysis. Buckling forces, Young’s 

moduli, and acute tissue damage stemming from device insertion were compared between the 

polymer multielectrodes and microwires using a Mann-Whitney U Test on mean ranks. 

Electrochemical parameters were compared with a Kruskal-Wallis H Test on mean ranks, with 

Bonferroni-corrected post hoc comparisons. All values were reported as mean ± standard 

deviation unless explicitly stated otherwise. Significance was indicated for p<0.05. 

RESULTS 

 

Multielectrode and microwire microfabrication 

 

Three-channel polymer multielectrodes were fabricated according to methods described above. 

An optical image of a completed multielectrode is shown in Figure 3A. The insertion depth of 

the multielectrodes was designed to be 4 mm based on a spinal cord neuroanatomical atlas 

developed by Toossi et al. [26]. The tip of the implant was designed to reach the most ventral 

aspect of the ventral horn in the lumbosacral spinal cord of the pig, which is approximately 4 mm 

deep relative to the dorsal surface of the spinal cord [26]. The three stimulating sites were 
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separated distally along the multielectrode shank by 400 µm center-to-center, based on the 

interelectrode spacing reported for cylindrical intraspinal multielectrodes [28]. All stimulating 

sites were deinsulated on both surfaces of the device to double the geometric surface area of the 

electrodes. The two deepest electrodes were machined to have one-sided geometric surface areas 

of 1.56 x 104 µm2 (3.12 x 104 µm2 with both sides deinsulated). Due to size restrictions, the most 

superficial stimulating site was restricted in width, thus the surface area of this electrode was 

reduced. The one-sided surface area of this electrode was designed to be 5.2 x 103 µm2 (1.04 x 

104 µm2 with both sides deinsulated). To experimentally measure the deinsulated surface areas of 

the electrodes, large-area stimulating electrodes (n=7) and small-area stimulating electrodes 

(n=7) were machined into a sample of PtIr-FW insulated in PDMS/PDMS-PEG. The average 

deinsulated surface areas of the large stimulating electrodes and small stimulating electrodes 

were measured as 1.45 ± 0.05 x 104 µm2 (estimated to be 2.90 x 104 µm2 with both sides 

deinsulated) and 4.6 x 103 ± 0.6 x 103 µm2 (estimated to be 9.2 x 103 µm2 with both sides 

deinsulated), respectively. These average area values were used for calculating the CICc and CIL 

for all the multielectrode stimulating sites. 
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Figure 3: Images depicting polymer multielectrodes at various stages during production. (A) a 

completed polymer multielectrode without bonded lead wires (scale bar = 2 mm). Three 

stimulating electrodes, one with a one-sided nominal surface area of 20 µm x 260 µm and two 

with one-sided nominal surface areas of 60 µm x 260 µm, are separated dorsoventrally along the 

shank by 400 µm center to center. (B) SEM images of multielectrodes at various stages during 

manufacturing (scale bar = 200 µm). Column 1 depicts metal features machined with the 

nanosecond laser. Column 2 shows stimulating sites which have been deinsulated with the laser. 

Column 3 shows the outer edge of the electrode substrate, machined with the nanosecond laser. 

(C) A minimum feature size of 15 µm was achieved, seen as the trace width and trace separation 
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distance (scale bar = 30 µm). (D) Low-intensity laser pulses are used to remove surface oxides 

and contaminants from the deinsulated electrode surfaces (scale bar = 150 µm). EDS mapping 

shows that oxygen signals, indicative of surface oxide layers, are reduced after low intensity 

pulsing. Platinum signals demonstrate that the stimulating site is properly deinsulated. (E) 

Typical surface features of the stimulating electrodes after laser deinsulation and one low-

intensity laser pulse are shown. Laser scanning produces a course, braided pattern on the 

electrode surface, increasing the electrochemical surface area. (F) Laser-patterned surface 

features are completely eliminated after 5-10 low-intensity laser pulses, leaving the surface 

smooth (scale bar = 20 µm). 

 

SEM images were taken at several timepoints during manufacturing to evaluate sample quality 

(Figure 3B). Through extensive experimentation, laser process parameters were developed for 

selectively machining metal and polymer layers, as well as for removing surface contaminants 

from the laser machining process. These process parameters are summarized in Table 1. Using 

laser process parameters fine-tuned for PtIr-FW micromachining, all features of the 

multielectrode were machined into the PtIr-FW samples (Figure 3B, column 1). Low-intensity 

laser parameters were developed for selectively removing encapsulating polymer layers without 

damaging underlying metal surfaces to deinsulate stimulating electrodes (Figure 3B, column 2). 

Lastly, the outer edge of the device was machined using custom laser settings. Based on the 

optical measurements of 6 multielectrode samples, the width and thickness of the devices were 

measured to be 138 ± 1 µm and 130 ± 10 µm, respectively. A minimum feature size of 15 µm 

was achieved, measured as the trace width and trace separation distance (Figure 3C).  

Following laser micromachining, surface contaminants obstructed all stimulating and wire-

bonding sites. Low-intensity laser pulse settings were developed to clean the PtIr-FW surfaces 

after laser micromachining (Figure 3D). Immediately after laser deinsulation, oxide layers are 

observed on the stimulating electrode surface, seen as a darkened surface in the SEM image and 

strong oxygen signal in the EDS oxygen mapping image (Figure 3D). Platinum metal, assessed 

with EDS, appears to be fully deinsulated after laser deinsulation (Figure 3D). After a single 

low-intensity laser pulse, surface contaminants were removed. The laser-deinsulated and pulsed 

surface of the stimulating electrode appears course and braided, with an increased surface area 
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due to machining (Figure 3E). After an additional 5 - 10 low-intensity pulses, the rough surface 

features created through laser machining were removed and the surface appears smooth (Figure 

3F). Because of this, 5-10 pulses were applied to wire-bonding sites to create smooth metal 

interfaces for bonding lead wires. However, a single pulse was used to clean oxide layers and 

surface debris from the stimulating electrode surfaces to maintain some surface roughness to 

improve electrochemical properties.  

A population of microwire electrodes (n=8) were fabricated and measured to determine the 

average beveled angle and deinsulated tip length, which were found to be 18 ± 1° and 367 ± 18 

µm, respectively. Based on these average dimensions, the average microwire electrode 

deinsulated surface area was calculated as 7.27 x 104 µm2. This average area was used for 

calculating the CICc and CIL for all microwire electrodes. 

Buckling forces and Young’s moduli 

 

The results of the compression tests can be seen in Figure 4. The custom mechanical force 

measurement system (Figure 4A) was calibrated with 6 weights of various sizes: 0.3893 g, 

0.5068 g, 0.6261 g, 0.7030 g, 2.0213 g, and 6.5455 g. Each calibration weight was gently placed 

on the 3D-printed force transducer 8 times and the resulting change in voltage was measured 

with an oscilloscope. The force transducer operated linearly over the range of calibration 

weights, and the relationship between measured transducer signal [y, mV] and the applied force 

[x, mN] was calculated as y = 6.7275x - 0.6975 (Figure 4B). This equation was used to calculate 

the buckling force of the loaded samples during the compression tests based on the force 

transducer signal. 



44 

 

 

Figure 4: Buckling forces for the polymer multielectrodes (n=6) and microwires (n=6) are 

shown. (A) An image of the custom mechanical force measurement system. (B) Force transducer 

calibration data for 6 calibration weights, weighing 0.3893 g, 0.5068 g, 0.6261 g, 0.7030 g, 

2.0213 g, and 6.5455 g, and the resulting average voltage signals measured by the force 

transducer.  A linear relationship was observed over the range of calibration weights. (C) 

Snapshot images show multielectrodes and microwires, clamped between two acrylic blocks, 

before and after buckling. (D) The microwire samples exhibited significantly higher buckling 

forces than the multielectrode samples. (E) Approximate locations where the multielectrode 

samples were clamped by the acrylic blocks. 

 

Microwire samples (n=6) and multielectrode samples (n=6) were prepared for compression 

testing. Each sample was clamped between two acrylic blocks and carefully loaded into the 
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mechanical force measurement system with a 3 mm separation distance. Using calipers, the 

precise separation distance of the 3D printed spacer was measured as 3.03 mm. Compression 

tests were completed by lowering the top acrylic block by 1.5 mm at 20 mm/min [56].  

The buckling force of the microwire samples, measured as 117 ± 14 mN, was significantly 

greater than the buckling force of the multielectrode samples, measured as 5 ± 4 mN (U=0.000, 

p=0.004). Two of the six multielectrodes buckled almost immediately after the compression 

started, withstanding less than 1 mN of compression force, while the other 4 samples 

accommodated between 5 - 12 mN before buckling.  

Based on the buckling forces and equations 1 - 3, the theoretical Young’s modulus of the 

microwire samples was calculated as 89 ± 10 GPa, which was significantly greater than the 

theoretical Young’s modulus of the multielectrode samples, calculated as 56 ± 42 MPa 

(U=0.000, p=0.004). 

Bench electrochemical parameters 

 

Figure 5 shows the results of the bench electrochemical analyses. Microwire samples (EIS & 

CV: n=12; VT: n=8) were compared against large-area multielectrode stimulating sites (n=7) and 

small-area multielectrode stimulating sites (n=4). One of the eight large-area multielectrode 

stimulating sites exhibited much larger charge injection capabilities than the other stimulating 

sites, possibly due to polymer-metal delamination, and was excluded from subsequent analyses. 

EIS results for the multielectrodes and microwire electrodes can be seen in Figure 5A and Figure 

5C. At 1 kHz (Figure 5B), the microwire electrodes had an impedance magnitude of 4.9 ± 0.5 

kΩ, the large-area multielectrode stimulating sites had impedance magnitudes of 8 ± 2 kΩ, and 

the small-area multielectrode stimulating sites had impedance magnitudes of 16 ± 8 kΩ. The 

impedance magnitudes differed significantly from each other (H(2)=15.324, p=0.000). Both the 

large-area stimulating sites (p=0.020) and the small-area stimulating sites (p=0.005) had greater 

impedance magnitudes than the microwire electrodes. The 1 kHz phase angles (Figure 5D) were 

measured as -59 ± 3°, -36 ± 6°, and -38 ± 7° for the microwires, large-area multielectrode 

stimulating sites, and small-area multielectrode stimulating sites, respectively. The phase angles 

also differed significantly from each other (H(2)=16.509, p=0.000). The large-area stimulating 
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sites (p=0.002) and the small-area stimulating sites (p=0.024) had more resistive phase angles 

than the microwire electrodes.  
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Figure 5: Bench electrochemical results, acquired in room temperature PBS, for the polymer 

multielectrode large area and small area stimulating sites and microwire electrodes are shown. 

(A) the electrochemical impedance magnitude and (C) phase of the electrodes are shown. (B), 

(D) significant differences are seen for the impedance magnitude and phase of the electrodes 

when assessed at 1 kHz (multielectrode large area sites: n=7; multielectrode small area sites: 

n=4; microwire electrodes: n=12). CV results were completed at sweep-rates of (E) 50 mV/s and 

(G) 50 V/s. Significant differences between the CSCc of the electrodes at (F) 50 mV/s and (H) 50 

V/s were observed (multielectrode large area sites: n=7; multielectrode small area sites: n=4; 

microwire electrodes: n=12). (I) VT waveforms for a 200 µA current pulse are depicted for 

representative polymer multielectrode stimulating sites and microwire electrodes. (J) the CIL of 

the electrodes observed no significant pairwise comparisons in PBS (multielectrode large area 

sites: n=7; multielectrode small area sites: n=4; microwire electrodes: n=8). 

 

Slow sweep-rate 50 mV/s CV can be seen in Figure 5E. 50 mV/s CSCc results differed 

significantly (H(2)=18.174, p=0.000) (Figure 5F). The CICc of the microwire electrodes, 

calculated as 2.6 ± 0.4 mC/cm2, was significantly lower than the CICc of the large-area (10 ± 2 

mC/cm2) (p=0.019) and small-area (22 ± 5 mC/cm2) (p=0.001) multielectrode stimulating sites. 

Fast sweep-rate 50 V/s CV results can be seen in Figure 5G. 50 V/s CSCc results differed 

significantly as well (H(2)=17.047, p=0.000) (Figure 5H). The microwire electrode CSCc was 

calculated as 230 ± 80 µC/cm2, which was significantly lower than the CSCc values of the large-

area (800 ± 200 µC/cm2) (p=0.008) and small-area (1600 ± 900 µC/cm2) (p=0.003) 

multielectrode stimulating sites. 

VT results for representative multielectrode stimulating sites and microwire electrodes for a 200 

µA current pulse are shown in Figure 5I. In PBS, the microwire electrodes could deliver a 

current of 230 ± 40 µA while remaining within safe potential limits, resulting in a CIL of 60 ± 10 

µC/cm2. Large-area and small-area multielectrode stimulating sites could safely deliver currents 

of 200 ± 60 µA and 60 ± 40 µA in PBS, with respective CIL values of 140 ± 40 µC/cm2 and 140 

± 80 µC/cm2. The maximum current values differed significantly (H(2)=9.397, p=0.009), with 

the small-area multielectrode stimulating sites delivering significantly lower current amplitudes 

while remaining within safe potential limits compared to the microwire electrodes (p=0.014). 
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The maximum CIL (Figure 5J) differed significantly between the microelectrodes and the large- 

and small-area stimulating sites on the multielectrodes (H(2)=6.634, p=0.036), but no significant 

post hoc results were observed. 

Evoked responses, joint torques and kinematics 

 

The isometric joint torques and joint kinematics evoked by stimulating through the polymer 

multielectrodes can be seen in Figure 6. Multielectrodes were implanted into the spinal cord 

using half-needle insertion aids (Figure 2C). After the initial implantation, the insertion aid was 

released and the PEG adhesive was given time to dissolve. Within 30 seconds to 1 minute, the 

multielectrode detached from the insertion aid and the insertion aid was gently removed, leaving 

the multielectrode implanted within the spinal cord (Figure 6A). All multielectrodes were 

implanted into the quadriceps motor pools, two on the left side of the cord and two on the right. 

Each multielectrode was connected to the stimulator and 50 µA - 300 µA biphasic current pulse 

trains (40 Hz, 1 s duration) were delivered into the spinal cord. An expert experimenter palpated 

and visually assessed the leg during electrical stimulation to judge the type and quality of the 

generated motor responses. For nearly all stimulating sites (n=11/12), knee extension movements 

were generated, indicating that the quadriceps motor pool was recruited. In one stimulating site, 

weak reflexive movements were observed, suggesting that current was shunting through the lead 

wire bonding junction. Focusing on the electrodes that produced quadriceps motor responses, 

weak knee extension forces were observed for all of the small-area, superficial stimulating 

electrodes (n=4/4) and for some of the large-area, central (n=2/3) and deep (n=2/4) stimulating 

electrodes. Strong quadriceps motor responses were observed for 3 of the 4 multielectrode 

implants at only one of the three stimulating electrodes. Two implants, implanted rostrally on the 

left and right sides of the spinal cord (Figure 6A), produced strong motor response when 

stimulating through the deepest, large-area stimulating site, while the third implant, implanted 

caudally on the left side of the spinal cord, generated strong motor responses through the central, 

large-area stimulating site. Each of these stimulating sites were selected for a thorough 

evaluation in terms of isometric joint torques and kinematics. However, when completing the 

joint torque recruitment curve for the caudal-left implant, all responses were suddenly lost, 

perhaps suggesting that nearby axons of passage and interneurons had succumb to tissue damage 
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from the inserted multielectrode. Therefore, we could only fully characterize the rostral-left and 

rostral-right multielectrodes. 

When stimulating through the rostral-left multielectrode, isometric joint torques were recruited 

gradually (Figure 6B), which is a key feature of ISMS [14]. At current amplitudes of 160 µA, 

joint torques of 0.49 ± 0.02 Nm were evoked. When the current amplitude was increased to 300 

µA, maximum joint torques of 3.7 ± 0.2 Nm were produced. For the joint kinematics, 300 µA 

pulse trains were able to extend the left knee by 26 ± 1° against the 2.5 lb counter-weight relative 

to the initial position (Figure 6D), resulting in full extension of the knee. Similar results were 

seen when evaluating the rostral-right multielectrode (Figure 6C). At current amplitudes of 160 

µA, joint torques of 0.57 ± 0.03 Nm were produced. At 300 µA, joint torques increased to 4.4 ± 

0.3 Nm. When assessing limb kinematics, 300 µA pulse trains were able to extend the right knee 

by 20 ± 2° relative to the initial counter-weighted position (Figure 6E), again resulting in full 

extension of the knee. The stimulation thresholds for the left and right rostral multielectrodes 

were measured to be 60 µA and 80 µA, respectively. 
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Figure 6: Images show the implanted polymer multielectrodes and the results of in vivo testing. 

(A) Four multielectrodes are shown implanted within the spinal cord. The rostrally implanted 
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devices (left and right) are characterized further in subsequent figures. (B), (C) Evoked isometric 

joint torques for the left and right legs show graded force recruitment and peak torques around 

3.5-4.5 Nm. (D), (E) Joint kinematics resulting from a 300 µA pulse train for the left and right 

knee. The knees are shown to fully extend by approximately 19-26° during stimulation. 

 

In vivo electrochemical parameters 

 

Figure 7 demonstrates the electrochemical properties of the microwires and multielectrodes in 

vivo. Microwire electrodes (EIS: n=12; VT: n=8) were compared against large-area (n=7) and 

small-area (n=4) multielectrode stimulating electrodes. EIS magnitude and phase results are 

shown in Figure 7A and Figure 7C. The impedance magnitudes (Figure 7B), compared at 1 kHz, 

did not differ significantly (H(2)=4.839, p=0.089). The electrochemical impedance of the 

microwire electrodes was 26 ± 7 kΩ and the phase angle was -52 ± 6°. The 1 kHz 

electrochemical impedance of the large-area multielectrode stimulating sites was 23 ± 6 kΩ, with 

a phase of -34 ± 8°, while the impedance of the small-area multielectrode stimulating sites was 

50 ± 20 kΩ, with a phase of -48 ± 3°. As seen in PBS, the impedance phase angles (Figure 7D) 

differed significantly (H(2)=13.492, p=0.001), as the large-area stimulating sites had 

significantly more resistive phase angles than the microwire electrodes (p=0.001). 
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Figure 7: In vivo electrochemical results for the polymer multielectrodes and microwire 

electrodes are shown. (A) The electrochemical impedance magnitude and (C) phase of the 

electrodes are shown. (B) No significant differences were seen for the 1 kHz impedance 

magnitude, but significant differences were observed for the phase of the electrodes at 1 kHz (D) 

(multielectrode large area sites: n=7; multielectrode small area sites: n=4; microwire electrodes: 

n=12). (E) VT waveforms for a 25 µA current pulse are depicted for representative polymer 

multielectrode stimulating sites and microwire electrodes. (F) the in vivo CIL of the electrodes 

was significantly different, with higher CIL calculated for the polymer multielectrodes 

(multielectrode large area sites: n=7; multielectrode small area sites: n=4; microwire electrodes: 

n=8). 
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Representative VT waveforms of multielectrode and microwire electrodes delivering a 25 µA 

biphasic current pulse are shown (Figure 7E). In terms of VT measurements, microwire 

electrodes were able to pass current amplitudes of 21 ± 6 µA while remaining within safe 

potential limits, while the large-area and small-area multielectrode stimulating sites were able to 

safely deliver current amplitudes of 60 ± 40 µA and 10 ± 6 µA, respectively. This corresponded 

to CIL values of 6 ± 2 µC/cm2 for the microwire electrodes, 40 ± 30 µC/cm2 for the large-area 

multielectrodes stimulating sites, and 30 ± 10 µC/cm2 for the small-area multielectrode 

stimulating sites. The maximum current amplitude which could be safely delivered differed 

significantly between the electrode subtypes (H(2)=9.874, p=0.007). The large-area stimulating 

sites were capable of injecting significantly higher current amplitudes than the small-area 

stimulating electrodes (p=0.017). And the CIL (Figure 7F) differed significantly among the 

electrode subtypes as well (H(2)=13.730, p=0.001). The large-area stimulating sites (p=0.005) 

and the small-area stimulating sites (p=0.030) had significantly greater CIL than the microwire 

electrodes. 

Histology 

 

Histological analyses were conducted to determine all multielectrode positions within the spinal 

cord and to qualitatively assess tissue damage resulting from the multielectrodes and half-needle 

insertion aids (Figure 8). All the multielectrodes displayed relatively straight insertion paths into 

the spinal cord, suggesting that proper ventral horn targeting was achieved. To assess acute tissue 

damage caused by the multielectrode insertion, insertion track widths were measured and 

compared against the track widths of microwire electrodes. Typical acute tissue damage for the 

polymer multielectrodes and half-needle insertion aids can be seen in Figure 8A. An example of 

tissue damage caused by a microwire electrode can be seen in Figure 8B. The average track 

width of the multielectrode samples and half-needle insertion aids (n=4) was 270 ± 90 µm, 

which was significantly greater than the average track width of identified microwire electrode 

tracks (n=4), measured as 60 ± 20 µm (U=0.000, p=0.021) (Figure 8C). Tissue disruption and 

bleeding within the insertion track could be seen in some cases up to 200 µm rostral or caudal to 

the center of the implant track. Although much more noticeable than damage induced by 

microwire implants, this damage may be expected considering the that the insertion aid was 312 
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µm wide. By using insertion aids with smaller dimensions [54], acute tissue damage could likely 

be reduced. 

 

Figure 8: Histological images showing the acute damage caused by multielectrodes (n=4), fixed 

in half-needle insertion aids, and microwire electrodes (n=4). (A) a typical track from a 

multielectrode/half-needle insertion aid is shown. (B) a typical microwire electrode track is 

shown. (C) The track width and acute tissue damage caused by the multielectrode and insertion 

aid was significantly higher than the acute tissue damage caused by microwire electrodes. 

 

DISCUSSION 

 

Polymer multielectrodes exhibit greater mechanical flexibility than microwire electrodes 

 

The polymer multielectrodes were observed to be significantly more flexible than the microwire 

electrodes based on their lower buckling force and decreased theoretical Young’s modulus. This 

result is not surprising because the multielectrodes were primarily made from PDMS, which is 

known to have a Young’s modulus as low as 100 kPa [45]. Although the multielectrodes had 

larger cross-sectional dimensions than the microwires, the microwires remained stiffer because 

they were constructed almost entirely from platinum and iridium (80%/20%), which have 

Young’s moduli as high as 172 GPa and 545 GPa, respectively [63], [64]. For similar reasons, 

the polymer multielectrodes would also likely be much more flexible than optical fiber-based 

intraspinal multielectrodes [28] or silicon-based microelectrode arrays [29], [31] due to the 
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greater tensile stiffness of the materials used to create those devices. In our experiments, the 

theoretical Young’s modulus of the microwire implants was lower than values typically reported 

for platinum [63] or iridium [64], yet still significantly stiffer than the modulus of the 

multielectrodes. A possible reason for this discrepancy could be errors in mounting the 

microwires properly in the force measurement system. If the microwires were positioned at a 

slight angle, the buckling force may have been reduced, which would in turn reduce the 

calculated theoretical Young’s modulus.  

With their enhanced flexibility, the polymer multielectrodes are significantly closer to matching 

the mechanical properties of the spinal cord, which has a Young’s modulus as low as 5 kPa [46], 

compared to other rigid microwire or multielectrode implants. Because of this, polymer 

multielectrodes would likely reduce mechanically-induced FBR in vivo [35], [36], improving the 

biocompatibility of the device. Despite clear improvements in flexibility over the microwire 

electrodes, the Young’s modulus of the polymer multielectrodes was still much higher (i.e., 

stiffer) than that of PDMS. This was likely due to the stiff PtIr conductors embedded in the 

substrate. In future work, trace thickness could be reduced, or metal conductors could be 

replaced with flexible conductive materials such as conductive polymers [36], to improve device 

flexibility further. Additionally, although device flexibility was significantly improved, these 

devices may still impart harmful tissue strains because of tethering forces caused by the bonded 

lead wires [33]. In future iterations of this technology, mechanically-induced tissue strain may be 

reduced further by also modifying the lead connections to the device. This may be achieved with 

lead-wire strain relief systems [32] or by utilizing fully wireless designs [34].  

Laser-deinsulated stimulating sites exhibit greater charge injection capabilities than 

platinum-iridium microwire electrodes in bench and in vivo assessments 

 

When assessing the PtIr microwire electrodes and polymer multielectrode stimulating sites in 

PBS and in vivo, clear differences emerged in terms of the electrochemical properties and charge 

injection capabilities of the two classes of electrodes. Although the impedance magnitudes of 

both the large-area and small-area multielectrode stimulating sites were greater than that of the 

microwire electrodes in PBS, the large-area and small-area electrodes demonstrated significantly 

greater CSCc values in PBS and significantly higher CIL values in vivo compared to the 
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microwire electrodes. These electrochemical improvements were likely due to laser-induced 

micropatterning of the multielectrode stimulating surfaces, which has been shown to notably 

increase electrochemical surface area and improve the electrochemical properties of stimulating 

electrodes [49], [65], [66]. Modest improvements in CIL have been reported by creating hatched 

patterns in stimulating electrode surfaces via laser micromachining [65], while significantly 

greater improvements can be attained by using nanoscale laser patterning techniques such as 

structured laser interference patterning (SLIP) [49], [65] or laser-induced periodic surface 

structuring (LIPSS) [66]. In the case of this study, deinsulating the multielectrode stimulating 

sites with laser micromachining roughened the stimulating surface, resulting in the observed 

improvements in CSCc and CIL. The CIL of the microwire electrodes in PBS was comparable to 

values reported in the literature for platinum electrodes. Rose & Robblee reported that the CIL of 

platinum electrodes is between 100 - 150 µC/cm2 when assessed using 200 µs pulse durations 

[70]. Other groups, however, have reported lower charge injection capabilities of around 40 

µC/cm2 for platinum electrodes assessed with similar pulse durations, suggesting that pulse 

frequency may also play an important role in determining CIL [42].  

In vivo, the CIL of all electrodes decreased relative to measurements in PBS. This phenomenon 

has commonly been reported in the literature for stimulating electrodes. Leung et al. 

demonstrated that the charge injection capabilities of platinum electrodes can decrease by as 

much as 10x in vivo [42], likely due to tissue obstruction and differences in ionic conductivity 

compared to bench testing environments [67]. Notably, when assessed in vivo, all the microwire 

electrodes and nearly all the multielectrode stimulating electrodes were unable to safely deliver 

current amplitudes required by ISMS. Typically, ISMS requires current amplitudes of up to 100 

µA to evoke functional motor responses [22], [60]. Yet microwire electrodes were only capable 

of delivering 21 µA of current while remaining within the safe potential limits for platinum-

iridium, and only two (n=2/8) of the large-area stimulating electrodes were capable of safely 

delivering current amplitudes above 100 µA while remaining within safe potentials limits. At the 

electrode-tissue interface, operating beyond the safe potential limits for PtIr would inevitably 

lead to the generation of toxic electrochemical byproducts which may induce tissue damage [37] 

- [39]. However, tissue damage stemming from intraspinal electrical stimulation has been rarely 

observed in previous chronic experiments [15], [25], which may imply that the spinal cord is 

capable of tolerating these electrochemical byproducts. To improve the electrochemical 
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properties of multielectrode stimulating sites, surface modifications could be employed for future 

chronic implementations. This may include coating the devices in electroactive materials, such as 

PEDOT [41], laser-patterning the electrode surfaces with SLIP or LIPSS techniques [65], [66], 

employing activated oxide coatings on the stimulating electrodes [40], or a combination of 

multiple approaches [68]. In the case of laser-patterned surfaces, Green et al. showed that laser-

patterned surfaces exhibited sustained improvements over bare platinum electrodes even after the 

application of 150 million stimulation pulses, indicating that the electrochemical advantages of 

laser surface patterning may be maintained at chronic timepoints [65]. 

Dorsoventral targeting is improved with polymer multielectrodes 

 

All four of the multielectrode samples that were tested in vivo were able to recruit quadriceps 

motor responses through at least 2 of the 3 stimulating electrodes. Importantly, proper motor 

responses were attained after the device was first implanted, without the need for device 

repositioning or multiple spinal cord penetrations. By including multiple electrical stimulation 

sites along the shank of the polymer multielectrodes, the likelihood that a proper locomotor 

target would be reached after the first spinal cord penetration was increased by 3x compared to 

microwire electrodes, which can only stimulate one focal region within the spinal cord. This 

reduced the need for multiple spinal cord penetrations to attain proper locomotor responses, 

which has been commonly observed for microwire electrodes.  

Evoked response amplitudes also changed depending on the dorsoventral position of the 

stimulating electrode on each multielectrode. For two of the multielectrodes, the greatest 

locomotor responses were generated by the deepest stimulating sites, whereas one electrode 

produced strong locomotor responses through the central stimulating site. For this multielectrode 

design, stimulating electrodes were separated by only 400 µm from center to center and only 140 

µm from edge to edge. Considering that adjacent electrodes evoked considerably different motor 

response amplitudes, this reaffirms that functional responses generated by ISMS are highly 

sensitive to correct targeting within the spinal cord, especially in the dorsoventral axis, and that 

correct targeting of the implanted electrode is critical for the successful implementation of ISMS 

[20].  
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Evoked joint torques and kinematics, characterized thoroughly for two of the multielectrodes, 

appeared strong and were within ranges previously observed in the pig when stimulating with 

microwire electrodes under propofol anesthesia (approximate interquartile range: 1 - 8 Nm), 

demonstrating that polymer multielectrodes can produce similar functional responses to those 

produced by microwire electrodes when stimulating within the spinal cord [62]. However, the 

stimulation threshold of the multielectrodes, measured as 60-80 µA, was much higher than 

values reported for microwire electrodes in the pig [62]. Toossi et al. reported that microwire 

stimulation thresholds are typically around 12.5 µA in pig models under propofol anesthesia 

[62]. Additionally, the multielectrodes required higher charge injection levels to produce 

equivalent joint torques evoked by microwire electrodes [62]. These differences could have been 

due to the different geometries of the devices. The sharp edges of the beveled microwire 

electrodes would experience higher current densities than the flat surfaces of the polymer 

multielectrode stimulating sites [37], perhaps leading to differences in neuronal activation near 

the different implanted devices.  

Lastly, in addition to improving dorsoventral targeting in the spinal cord, polymer 

multielectrodes may also permit the recruitment of distinct locomotor responses through separate 

stimulating sites on a single device. In this experiment, all electrodes were implanted rostrally 

within the quadriceps motor pool, which was known to be large in the cat [47] and rhesus 

macaque [20]. In this region of the lumbar enlargement, there is not significant overlap between 

separate motor pools and it is unlikely that adjacent stimulating sites could produce different 

functional responses. But in the caudal lumbar enlargement, which has multiple overlapping 

motor pools [20], improved dorsoventral targeting with multiple stimulation sites may allow a 

single implanted device to activate distinct functional movements and synergies through adjacent 

stimulation sites. Similar advantages have been demonstrated by Pikov et al. with silicon 

microelectrode arrays, where it was shown that intraspinal microstimulation within the sacral 

spinal cord produced distinct bladder and external urethral sphincter responses when stimulating 

through electrodes that were separated by sub-millimeter distances [31].  
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Acute tissue damage from half-needle insertion aids 

 

Due to the inherent flexibility of the polymer multielectrodes, a rigid insertion aid was required 

for implanting the devices into the spinal cord. This is a common challenge for polymer 

microelectrodes, where researchers have used strategies such as temporary insertion guides or 

shuttles [52], [54], dissolvable stiffeners [55] - [57], smart polymers or shape memory polymers 

that exhibit lower moduli after insertion [35], [58], or tunable liquid metal probes [53] to help 

insert these devices into the nervous system. In this case, the half-needle insertion aid, which had 

an outer diameter of 312 µm, was much larger than the 50 µm microwire electrodes typically 

used for ISMS, and therefore resulted in significantly more tissue damage than a single 

microwire electrode. Additionally, the PEG glue used to adhere the multielectrode to the 

insertion aid appeared to have a rough, textured surface, which may have contributed to the 

increased tissue damage. Acutely, this presents a major limitation for polymer multielectrodes. 

Despite improvements in functionality and chronic biocompatibility, the initial insertion damage 

caused by the multielectrode and insertion aid is much greater than the damage caused by a 

single microwire electrode. It is unclear how the spinal cord would tolerate this acute insertion 

damage, although Biran et al. reported that the cortex was resilient to acute, stab-wound injuries, 

and that FBR was mostly observed around chronically implanted electrodes [69]. In terms of the 

proposed polymer multielectrodes, which are expected to decrease FBR when implanted 

chronically, it remains to be determined if the greater initial insertion trauma will be negated by 

decreases in FBR at chronic time points when compared to microwire electrodes. In future 

research, thinner silicon insertion aids [54] or small diameter tungsten insertion aids which may 

produce less acute tissue damage should be explored in the spinal cord as an alternative to the 

half-needle insertion aid used in this study. Additionally, methods to reduce the surface 

roughness of the PEG adhesive, such as by using PDMS molds for casting the PEG [56], could 

be explored as a way to decrease insertion-related tissue damage. 

 

CONCLUSION 

 

For the first time, we have developed and characterized a flexible, PDMS-substrate intraspinal 

multielectrode for generating locomotor function after severe spinal cord injury. This design 
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exhibits similar advantages to rigid multielectrodes [28] or microelectrode arrays [31], in that it 

has multiple stimulating electrodes on a single shank, in order to increase the number of regions 

within the spinal cord that can be stimulated with a single device. However, our device has been 

fabricated with a novel, flexible PDMS-based substrate to improve biointegration by reducing 

the mechanical mismatch between the device and the spinal cord. We have shown that PDMS 

multielectrodes can electrically stimulate 3x more locations within the spinal cord than a single 

microwire electrode. Additionally, the PDMS multielectrodes were significantly more flexible 

than microwire electrodes, which may reduce FBR at chronic timepoints. The laser-roughened 

stimulating electrodes of the PDMS multielectrodes demonstrated improved charge storage 

capacities in PBS and charge injection limits than microwire electrodes in vivo and produced 

functional joint torques and joint kinematics when assessed in vivo. Although this device was 

designed specifically for the spinal cord, similarly fabricated PDMS-substrate multielectrodes 

may be equally beneficial in the cortex or peripheral nerves for improving biointegration and 

device functionality. Overall, this provides a new multielectrode design that may improve 

targeting, functionality and biointegration in chronic models of spinal cord injury.  
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General Discussion and Conclusions 

 

The overall goal of this research work was to design, fabricate, and characterize new polymer 

multielectrodes for the spinal cord in an effort to improve the functionality and biocompatibility 

of technologies used to implement intraspinal microstimulation (ISMS). Firstly, these newly 

developed penetrating polymer multielectrodes, fabricated with a flexible PDMS-based substrate 

and used in the spinal cord for the first time, were shown to be significantly more flexible than 

microwire electrodes (and by extension other rigid multielectrodes or microelectrode arrays) 

traditionally used to implement ISMS, thus satisfying the first aim of my thesis. Because of this 

improved flexibility, polymer multielectrodes may be better suited for mechanically matching 

the compliance of the spinal cord, which has been reported to be as low as 5 kPa [1]. In the 

cortex, other flexible implants have demonstrated pronounced decreases in foreign body 

responses (FBR) at chronic timepoints compared to rigid implants [2], [3]. For the spinal cord, 

this suggests that the PDMS-substrate polymer multielectrodes created through this research 

would generate decreased FBR compared to other rigid intraspinal implants, thus improving 

chronic tissue integration and device functionality. Although device tethering forces may still 

impart some harmful strains at the implant-tissue interface, this could be addressed in future 

research by employing lead wire strain relief systems [4] or entirely wireless designs [5]. 

Secondly, multielectrode stimulating electrodes, machined with laser microfabrication 

techniques, were shown to have higher charge injection capabilities than the microwire 

electrodes, addressing the second aim of my thesis. Laser-deinsulated polymer multielectrode 

stimulating sites, with geometric surface areas approximately 1/3 the surface area of microwire 

electrodes, not only matched the electrochemical properties of PtIr microwire electrodes, but in 

fact exceeded them.  Because of laser-induced micropatterning, which has been shown to 

drastically improve the electrochemical properties of stimulating electrodes [6] - [8], the 

multielectrode stimulating sites exhibited significantly higher charge storage capacities in bench 

testing and significantly higher charge injection limits in vivo compared to the microwire 

electrodes used in this study. In bench testing, the large-area multielectrode stimulating sites 

were capable of safely delivering similar current amplitudes as the microwire electrodes, despite 

having only 1/3 the geometric surface area compared to the microwire electrodes. In vivo, the 

large-area and small-area multielectrode stimulating sites were both capable of safely delivering 
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similar current amplitudes as the microwire electrodes while remaining within safe potential 

limits [9]. Interestingly, the microwire electrodes used in this study were not capable of safely 

delivering current amplitudes typically required for ISMS, despite having similar dimensions to 

microwire electrodes used in previous ISMS research [10], [11], [25]. These microwire 

electrodes were only capable of delivering 21 ± 6 µA, while the maximum required current 

amplitudes to implement ISMS effectively have been reported as 100 µA [10] or even 130 µA 

[11]. Tissue damage stemming from toxic electrochemical byproducts has not been observed in 

chronic implementations of ISMS [12], [13]; however, if the microwire tip exposure areas used 

in this study were to be utilized, these electrodes may require electrochemical enhancements of 

their surface areas, such as nanopatterned surfaces [6], [8], activated oxide coatings [14], or 

conductive polymer coatings [15], to safely deliver the required current amplitudes. Thirdly, 

some of the polymer multielectrode stimulating sites were capable of producing isometric joint 

torques and joint kinematics similar to responses previously demonstrated by microwire 

electrodes in the pig, satisfying the third aim of my thesis. Considering that the PDMS 

multielectrodes had more stimulating electrodes per device than the microwire electrodes and 

that the multielectrode stimulating sites were capable of producing functional responses similar 

to those observed by microwire electrodes, the polymer multielectrodes may in the future 

provide an advantage over microwire implants in the context of ISMS or other penetrating 

devices in the nervous system.  

Future research 

 

In future research, the design of the PDMS multielectrodes could be altered to further improve 

device functionality and biocompatibility. Flexibility could be improved by reducing the 

dimensions of the device or by using more flexible materials to manufacture the device. In terms 

of dimensions, the thickness and width of the multielectrodes, measured as 130 ± 10 µm and 138 

± 1 µm, respectively, were unavoidably large because of the laser microfabrication methods 

used. As the nanosecond laser was used to machine the metal features of the multielectrode, the 

laser would cut through underlying polymer layers as well. It was seen experimentally (data not 

shown) that if the underlying polymer layers were thinner than ~60-80 µm, the nanosecond laser 

would completely cut through the polymer layer and the release layer, ruining the sample 

entirely. Therefore, the underlying polymer layer was intentionally made thicker (80 µm or 
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thicker) to improve device fabrication success rates. This limitation may be eliminated with the 

use of a femtosecond laser to fabricate these devices. Moreover, if traditional photolithographic 

techniques were instead used to deposit conductive elements on the bottom polymer layer, such 

as with physical vapor deposition and electrodeposition [16], conductive traces could be formed 

without the need for a thick underlying polymer layer, thus reducing the size of the device. 

Reducing trace thickness and trace width, both possible with standard electrodeposition and 

photolithographic methods [16], could also be used to reduce metal trace dimensions, thus 

reducing implant stiffness. Alternatively, mechanical conductors could be entirely replaced by 

conductive hydrogels or polymers [3], [17] or with liquid metal conductors [18] to greatly reduce 

the stiffness of the device. Although nanosecond laser microfabrication was very successful for 

machining these polymer multielectrode prototypes, improving the multielectrodes further will 

likely require the use of other manufacturing techniques and materials, such as with traditional 

clean-room technologies [16] or by using experimental printing methods for conductive inks or 

conductive polymers [19], [20].  

Insertion methods for the device could also be improved. A half-needle insertion shuttle design 

[3] was selected for inserting the PDMS multielectrodes into the spinal cord due to its simplicity 

and effectiveness. However, the insertion aid created considerable tissue displacement and 

damage in vivo, potentially hindering advantages in chronic biocompatibility. Other insertion aid 

techniques, such as thin silicon insertion aids [21], mechanically tunable materials [2], [18], or 

dissolvable silk fibroin stiffeners [22] may prove more effective in selectively stiffening the 

device while reducing the initial insertion trauma.  

The electrochemical properties of the devices, although greater than those of the microwire 

electrodes used in this study, could also be improved further through the application of surface 

treatments or coatings [6], [8], [14], [15]. The multielectrodes must be assessed chronically in 

vivo to confirm that their enhanced flexibility truly improves tissue biocompatibility and device 

functionality compared to other intraspinal devices.  

Finally, a key aspect of this multielectrode design, which I did not have time to personally 

assess, was the addition of PDMS-PEG BCP in the PDMS substrate. This substrate modification 

was reported to significantly improve PDMS surface hydrophilicity and decrease protein and cell 

adhesion in vitro for biomicrofluidics devices [23]. In parallel to my thesis research, I only had 
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time to assess this surface modification preliminarily in mixed mouse glial cell cultures in 

collaboration with Christopher Tsui in Dr. Kathryn Todd’s laboratory. At 7 and 14 days, we have 

so far seen that the addition of PDMS-PEG markedly reduces astrocyte and microglia cell 

adhesion on the implant surfaces, which may serve to cloak the multielectrode from the nervous 

system [24] and decrease FBR even more. I regret that I did not have time to evaluate this 

further, although this remains an interesting avenue to explore in future research. 
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