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ABSTRACT

Implantable devices are widely used for a large number of sensing and stimulating
applications. However, majority of implantable devices are faced with reliability issues that limit
their long-term usability. For example, in implantable glaucoma drainage devices (GDD) that
remove excess aqueous humor (AH) from the anterior chamber, the microscale channel of GDDs
often gets obstructed due to biofouling and requires additional surgical intervention. Moreover,
Platinum (Pt)-based microscale neurostimulation electrodes often corrode during its usage due to
irreversible electrochemical reactions, which can diminish their long-term charge-injection
performance and damage the surrounding neural substrate. In this work, I will demonstrate
methods to mitigate these major challenges of biotic and abiotic nature towards highly reliable and
superior implantable transducers. As a proof-of-concept, I will share our latest attempts to develop
a smart “self-clearing” GDD by integrating magnetically-powered microactuators inside the
drainage tube of GDD to combat biological occlusions. The magnetic microactuators can be
controlled using externally applied magnetic fields to mechanically clear biofouling-based
obstruction, thereby eliminating the need for additional surgical intervention. I will show that the
microactuators are effective in removing proteinaceous film deposited on device surface as well
as on the inner surface of the microchannel, which supports our hypothesis that a smart selfclearing GDD may be possible. As a second example, I will demonstrate that a monolayer of
graphene can be used to virtually suppress Pt dissolution while maintaining excellent
electrochemical functionality. The results of our work to date suggest that graphene can serve as
an excellent diffusion barrier that can ameliorate the concerns for Pt dissolution in chronically
implanted neurostimulation microelectrodes. In the future, I plan to evaluate the performance of
our devices in vivo to demonstrate that our smart self-clearing GDD and graphene-coated Pt
microelectrodes can be chronically and reliably implanted while maintaining their superior
functional performance.
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INTRODUCTION

1.1

Implantable Devices
An implantable device is defined as a device or tissue, which is intended to be partially or

completely inserted into the human body and remain after the procedure. Implantable devices have
been developed for treating variety of diseases, replacing damaged or missing biological structures.
As early as 4,000 years ago, ancient Egyptians and Romans used linen for sutures, iron and gold
as dental implants, and wood for toe replacement [1]. In the past six decades, the number of
advanced implantable medical devices exploded with a series of significant developments
including the first implantable cardiac pacemaker developed in 1952 [2]. Although the first
implantable pacemaker was made possible with the development transistors, it was not clinically
successful due to low battery life that only lasted for less than 3 h. The designing of implantable
devices is driven by three main participants: the patient, the medical staff, and the engineer. The
development of the implantable medical devices is highly affected by the demands of patients, the
preferences of medical doctors, and the technical feasibility of the device determined by the
engineer. The development of the implantable medical devices requires an abundant amount of
information gathered from mathematical simulations, benchtop testing, manufacturability, and
animal and clinical studies.
With advancements in microelectronics, batteries, and biomaterials, there are currently
many different implantable biomedical devices in clinical use. Advanced implantable devices such
as the implantable cardiac defibrillator, cochlear implant, pressure sensors have all become
valuable tools to monitor physiological responses or to provide therapy. In recent years, significant
efforts have been made to miniaturize the implantable devices to minimize the invasiveness of
implants to improve patient recovery and quality of life [3].
The invention and subsequent advancement of microfabrication techniques, specifically in
the area of microelectromechanical systems (MEMS) and microfluidics, have allowed engineers
to produce well-controlled medical devices that range in size from millimeters to nanometers.
Even a cursory review of literature will reveal that there are hundreds of microscale implantable
devices being developed all around the world. One of the most commercially successful implants
is a miniaturized blood glucose sensor for the management of diabetes mellitus. Now there are
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continuous blood glucose-monitoring (CGM) systems that can fully implanted (Eversense,
Senseonics, Inc.) [4]. This CGM system utilizes a fluorescent, boronic-acid based glucose
indicating polymer to enable more stability over time in vivo [5]. Microfabricated capacitancebased pressure sensors have the potential for measuring blood pressure from a small region during
studies of cardiovascular physiology. The EndoSensor/CardioMEMS HF system from
CardioMEMS is the first FDA approved implantable blood pressure monitoring device for
detection of heart failure within the pulmonary artery [6], [7]. Similar capacitance-based pressure
sensors have also been developed for intraocular pressure measurements in glaucoma patient [8].
CMOS image sensors could replace damaged photoreceptors in the back of the eye for those that
are visually impaired. MEMS piezoresistive shear stress sensors have been developed to detect
shear stress at the interface between join implants and the human body to prevent tissue damage
by notifying the information to patients.

1.2

Biotic Failures: Biofouling
Biofouling on implantable devices remains a critical issue that can limit the device

reliability and functionality. Biofouling refers to the formation of biological layers on the surface
of a foreign materials [9]. When an implant is inserted into the body, a conditioning layer
composed of lipids and glycoproteins immediately and spontaneously coat the device’s surface
[10]. The conformation of the layer is dependent on material properties, size, surface chemistry,
design, morphology, and degradation of the device. The interaction of adsorbed proteins such as
albumin, fibronectin, vitronectin, globulin, and fibrinogen with receptors expressed on
inflammatory cells are related to the cellular recognition process and subsequent inflammation
[11]. The foreign body response leads to the formation of a dense and collagen-rich capsule around
the devices (Fig 1.2) [10]. At the end stage of the foreign body reaction, the implanted device gets
covered by a vascular, collagenous fibrous capsule 50 – 200 mm thick [12]. The fibrous wall
prevents functional motions of implants and interaction between the device and the surrounding
tissues. Depending on the situation, bacteria could adhere to the surface and proliferate into
biofilms.
The implantation of synthetic materials used for pacemakers [13], drug delivery platforms
[14], hydrocephalus catheters [15], glaucoma implants [16]–[18], and stents [19] all trigger the
foreign body response (Fig 1.3). The adhesion of foreign body cells or biofilms leads to
15

Figure 1.1: Temporal representation of the foreign body response leading to encapsulation of an
implanted material. After immune response cells encounter unusual adsorbed protein coating,
fibroblasts produce excess collagen correlated with formation of foreign-body giant cells
(FBGCs) [10].
malfunctions of clinical implantable devices. For example, the adherent macrophages and
foreign body giant cells crack the leads of a pacemaker because it can cause areas of stress
concentration [20]. Furthermore, 𝛼2-macroglobulin, a protein locally synthesized by macrophages,
catalyzes oxidation and chain cleavage of polyurethane parts in a pacemakers [21].
Most functional loss of biosensors is related to the foreign body reaction, especially the
inflammatory response and the fibrous encapsulation [22]. That is, the adsorbed protein and the
fibrous capsule can physically hinder the diffusion of biomarkers to the sensor surface [23], [24].
One of the critical malfunctions in medical shunt systems, such as hydrocephalus catheter and
glaucoma drainage devices, is tube occlusion by biofoulings. A blockage of medical shunts can
occur in any part of the device by blood cells, tissues or bacteria [19], [25]. Shunt obstruction for
cerebrospinal fluid management accounts for more than 50% of shunt failures in the pediatric
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Figure 1.2: Biotic failures of implantable devices due to biofoulings. (A) A pacemaker lead
surrounded by fibrous capsule [13]. (Open square = 1 mm) (B) Macroscopic images of the tissue
capsule surrounding the wirelessly controlled drug delivery microchip device after explantation
(A and B) [14]. (C) Attached cells on the surfaces between the fluid intake holes in a
hydrocephalus shunt [15]. (D) A thrombotic occlusion of a multiple overlapping stents [19]. (E)
The end of glaucoma shunt tube blocked by a translucent vitreous gel with pigment deposition
[16].

population [26]. Tube occlusion in glaucoma drainage devices directly results in failure of
intraocular pressure control by inflammatory deposits or debris [17], [27].
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1.3

Current Strategies for Resisting Biofouling
To inhibit surface biofouling, several anti-biofouling materials have been designed by the

manipulation of physical and chemical surface properties. Hydrophilic surfaces can prevent the
adhesion of biofouling agents by the formation of a hydration layer [28]. For example,
polyethylene glycol (PEG) is widely used in biomedical devices as a hydrophilic anti-biofouling
coating [29]. The use of superhydrophobic surfaces is another promising anti-biofouling strategy.
Superhydrophobic surfaces with fluorinated functional materials are designed to repel the water
and microbe attachments, which can significantly reduce bacterial adhesion [30], [31].
Zwitterionic materials such as poly(sulfobetaine) and poly(carboxybetaine) adhere to
methacrylate backbones to prevent non-specific adhesion of biofouling by maintaining charge
neutrality of the surface and surface hydration [32]. Proteins can adsorb zwitterionic surfaces
because they randomly have positively and negatively charged residues [33]. Therefore, a
homogenous mixture of balanced charge groups from zwitterionic materials can tune antibiofouling properties. Positively charged surfaces disrupt anti-microbial activity, which can reduce
biofilm formation or kill bacterial cells [34], [35]. Cationic charged coatings composed of
polysaccharide materials such as chitosan suppress antimicrobial activity against bacteria and
fungi without adverse effects on mammalian cells [36].
Although these anti-fouling strategies using surface functionalization with different
materials have been used to reduce the progression of biological attachments, they are not reliable
enough for a prolonged exposure in a biological environment. Moreover, these strategies usually
target a specific type of biofouling agent and its associated surroundings, but they often fail to
inhibit the adsorption of others [37]. Furthermore, the surface modification strategies often require
chemical or physical treatments such as oxygen plasma treatment or metal deposition, which can
affect characteristics and functionalities of the resulting devices. Thus, the anti-biofouling
materials may be degraded during the device fabrication procedure with high temperature and
pressure environments.

1.4

Mechanical Anti-Biofouling Strategies
Passive surface treatment methods described above can reduce the amount of adsorption

of the biofoulings, but they often fail in the body after an extended period of time. Furthermore,
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the anti-biofouling capability depends on the density and chain length of the chemicals for
passivation coatings [38]. To solve the issues, mechanical anti-biofouling techniques including
vibration, fluid flow, and shear stress have been researched.
Vibration is a main technique used as a mechanical protein removing method in MEMSbased devices for locally inducing fluidic shear stress. Yeh et al. developed the vibrating
piezoelectric plate to decrease protein adsorption for MEMS-based devices [39]. The silver coated
lead zirconate titanite (PZT) generated vibration at 16 kHz, which results in removing up to 50%
of BSA and IgG from the device surfaces. Acoustic streaming generated by the vibration desorbed
the protein away. Authors also claimed that the electrostatic repulsion from the device assisted the
protein desorption by overcoming Van Der Waals and hydrophobic adhesion interactions.
Pepakayala et al. reported that magnetoelastic resonators can limit the cellular adhesion
on the GDDs [40]. They designed a paddle circumscribing the posterior portion of the plate body
in a GDD. The paddle consists of magnetoelastic material, which can wirelessly oscillate due to
externally applied magnetic field. The vibration from the paddle at resonant frequency varying
from 520 Hz to 4.7 kHz and the average flow velocity of up to 266 m s-1 generated around the
device to mitigate fibrosis in GDDs.
Pan et al. developed a microfabricated hypersonic resonator with 2.5 gigahertz resonant
frequency to remove the nonspecific binding on biosensors [41]. The cleaning forces were
investigated using the FEM simulation identified that the vortex induced by the vibration
hydrodynamically removes the nonspecifically found proteins on the resonator and on other
substrates contacting the vortexes.
Johnson et al. fabricated electrochemical piezoelectric millimeter-sized cantilevers to
release nonspecifically adsorbed proteins by vibration [42]. The transverse resonant vibration of
the cantilever released adsorbed bovine and human serum albumin proteins. They examined the
release of nonspecifically adsorbed protein by electrochemical sensing, mass-change sensing, and
fluorescence assays, which results in removal of 63.2% of the adsorbed proteins. The release of
the proteins resulted from acoustic streaming and body force effects by the vibration.
These mechanical actuation strategies provide efficient way to decrease or remove
biofoulings on bioMEMS or implantable devices. However, they cannot be easily integrated with
microscale implantable devices such as micro invasive glaucoma shunt because they often require
external circuits and battery.
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1.5

Abiotic Failures in Implantable Devices
Despite the increasing demand for more advanced implantable medical devices, the

modern implantable devices are faced with several challenges. Active implantable devices with
integrated circuits and sensors are often faced with challenges including packaging and limited
battery lifetime [43]. Implantable medical devices are generally operated by electrical connections
between electronic components. To protect the electronic parts from the body fluid, the packaging
of the device should perfectly isolate the inner systems. The packaging is done by using various
materials such as quartz, polymer, metals, ceramics, and fused silica. However, the device
packaging is often large compared to the electronics inside, which results in a larger wound [44].
Furthermore, packaging materials induce a foreign body response that could initiates device
degradation and malfunctions.
Engineering an electric power supplier with a high capacity for implantable devices is one
of the main challenges in the design scheme of the devices. Cochlear implants and retinal
prostheses have rechargeable batteries. However, pacemakers and deep brain stimulators use onetime-use batteries, which should be changed by operation when the electrical power of the device
is not properly working. Recently, energy harvesting using physical, chemical, and mechanical
phenomena of the body has been developed to solve the battery issue of implantable devices.
However, the energy harvesting techniques still need to be improved because they can only
produce low levels of energy with poor efficiency.
The human body is a chemically harsh environment, which leads to implant degradation.
Corrosion, the gradual degradation of materials, is induced by an electrochemical attack of the
body fluid composed of water, dissolved oxygen, sodium, chlorine, proteins, plasma, and amino
acids [45]. Electrochemical reactions can be accelerated by applying voltage or current flow
through the device’s surface thus consuming the products. Proteins also can bind to metal ions on
the implant’s surface and transport them to a medium for maintaining chemical equilibrium in the
solution. Device implantation leads electrochemical variation in the equilibrium state to accelerate
corrosion rate by changing reaction constants. In addition, the pH of the body fluid can drop from
7 to 4 during recover phase or by bacterial infection, which can also influence the corrosion rate.
Corrosion of metal components can make parts of implants brittle and fractured. Corrosion
is the most common failures in biomedical implants (Fig 1.1) [46]–[48]. Although the surface
oxide layer that forms on metallic materials may act as a protective film against corrosion, the
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Figure 1.3: Abiotic Failures in Implantable Medical Devices. (A) SEM images of a Pt
microelectrode before (Left) and after (Right) electrical discharge [46]. Scaler bar = 1 m. (B)
Electrode corrosion and epoxy erosion of stainless-steel electrodes after continuous 8 hrs
stimulation [47]. Scale bar = 300 m. (C) SEM image of the explanted DBS lead [48].
layer can be dissolved by active oxygen species in body fluid. Once the metal parts fracture,
corrosion accelerates causing an increase of metal-body fluid interface area without protective
oxide layer. The release of corroded metals from implants can lead to adverse biological effects in
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the tissue near the implantable devices and as well as other parts of the body. For example, cobaltchromium alloy which is a commonly used in dental or orthopedic implants releases carcinogenic
toxins. The corroded titanium-aluminum-vanadium alloy used in joint replacements, bone fixation,
and heart pacemakers could lead to long-term ill effects such as osteomalacia, Alzheimer’s disease,
and peripheral neuropathy due to the release of metal.

1.6

Current Strategies for Abiotic Failures
There been several attempts to improve the reliability of implantable devices against the

failure owing to corrosion. Various protection coatings such as plasma immersion ion implantation
and polymer passivation coating were applied to prevent corrosion of active implants [49], [50].
Diamond films have been gaining attention as an ideal candidate for corrosion resistance coatings
on implantable devices due to their mechanical properties, chemical inertness, and
biocompatibility [51]–[53]. Hydroxy-apatite, a natural composite material for bone tissues,
coatings on implants showed good corrosion protection by preventing ion release from the metallic
surface [54]. In the case of titanium (Ti) and Ti alloys, which are generally used in dental and
orthopedic implants, corrosion can be prevented by biocompatible and biodegradable coatings
[55], [56]. Laser-induced surface modifications have also been utilized to improve surface
properties of Ti-based medical implant devices. By laser surface treatment in nitrogen gas, Ti
surface is passivated by titanium nitride (TiN) which has significantly improved corrosion
resistance [57], [58].
However, the application of aforementioned methods is limited in neurostimulation
devices, which operate in high electrical potential and current. Implantable devices for electrical
stimulation such as deep brain stimulation, peripheral nerve stimulation, and pacemakers transfer
electrical charge to activate or block the electrophysiological signals of neurons. The electrolytic
corrosion rate is even more increased in micro-scaled electrodes due to their increased current
density. The passivation layer or anti-corrosion coatings must be carefully considered because
additional layers on stimulating electrodes can negatively affect the performance of the device.
Although capacitive charge-injection materials such as TiN and tantalum/tantalum oxide could be
used as an electrode material because of their chemical inertness, their charge transfer efficiency
is lower than conventional Faradaic charge transfer materials including platinum (Pt), Pt-iridium
alloy, and iridium oxide. Corrosion rates may be controlled by adjusting the stimulation parameters
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such as pulse width, frequency, and inter-pulse delay, however, the broad range of adjustment
parameters must be optimized to achieve therapeutic effects for each patient.

1.7

Scope of Study
The objective of this study is the development of strategies for increasing reliability of

implantable devices against biotic and abiotic failures. More specifically, the primary goal is to: 1)
Develop a self-clearing implantable microshunt featuring magnetic microactuators; 2) Design a
new microelectrode that efficiently transfers electric charge on a small scale and is robust against
electrochemical corrosion. In order to achieve these goals, the primary strategy was
microfabrication of the magnetic actuator using a flexible polymer substrate, and construction of
platinum-based neurostimulation electrode on silicon substrate.
In Chapter 2, I will discuss the development of rapid prototyping of a magnetic
microactuator using a copper cladded liquid crystal polymer. The device was designed by finite
element modeling to achieve threshold shear stress for removing non-specifically binding proteins.
To fabricate the device with low-cost and reduced fabrication steps, maskless photolithography
setup was constructed. Device integration, mechanical characterization, and protein removal
capabilities were accomplished. In Chapter 3, a fractal geometry is proposed to improve charge
injection limit of a Pt-based neurostimulation electrode. Before electrode fabrication, charge
transfer efficiency of electrode designs with high perimeter-to-surface area ratios was calculated
using numerical modeling. Electrodes were fabricated through conventional MEMS process.
Electrochemical characterization of the different electrode designs is presented. In Chapter 4, a
graphene protection layer is used to prevent electrochemical corrosion of the fractal electrode. The
corrosion rates of bare Pt and graphene coated fractal microelectrode were compared. Chapter 5
will conclude this dissertation with closing remarks and future research direction.
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SMART SELF-CLEARING GLAUCOMA DRAINAGE DEVICE

2.1

Introduction
The main function of the eyes is to receive and transmit of the light signal from the

environment to the optic nerve. As such, unlike other tissues of the body, the structures of the eye
must be transparent without blood interference. The eye also must maintain global structure with
an optimum pressure to provide rigid optical alignment of the cornea, lens, and the retina. The eye
achieves this by aqueous humor (AH) with controlled production and drainage flow rate.
The AH is produced by three mechanisms: diffusion, ultrafiltration, and active secretion in
the ciliary body (Fig. 2.1). Diffusion transfers solutes and water of the AH by concentration
gradient between the ciliary capillaries and the posterior chamber [59], [60]. An ultrafiltrate is
passed through the fenestrated ciliary capillaries into the ciliary stroma by a pressure gradient.
Active secretion is responsible for approximately 80 % to 90 % of the total AH production. The
non-pigmented epithelial cells in the ciliary body are the main site for active transport of the AH.
In active secretion, ions are transported into the posterior chamber against a concentration gradient
by protein transporters abundantly distributed in non-pigmented epithelial cells in the ciliary body.
Furthermore, aquaporins in the cellular membrane rapidly transfer fluid against an insufficient
osmotic pressure gap. The energy required for the protein transporters is derived from hydrolysis

Figure 2.1: Schematic diagram illustration of the trabecular meshwork conventional
outflow pathway (Left) and the uveoscleral outflow pathway (Right) [74]
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of adenosine triphosphate. The production rate of AH is approximately 2.5 L min-1, which is
estimated to be approximately 1 – 1.5 % of the anterior chamber volume per minute.

Glaucoma is a group of eye diseases that causes progressive damage to optic nerve.
Typically, glaucoma patients experience poor drainage of aqueous humor (AH) through the natural
outflow pathways (i.e., trabecular meshwork and Schlemm’s canal) [61]. The imbalance between
the rate of production and the outflow of AH from the eye causes an increased intraocular pressure
(IOP), which is a major risk factor that leads to subsequent damage to optic nerve and the loss of
eyesight [62], [63]. It is commonly known as “the silent thief of sight” due to the lack of symptoms
during the early stages [64]. Because of this difficulty in early diagnosis, glaucoma remains as one
of the leading causes of blindness and visual impairments in the world [65]. It currently affects
around 64.3 million people in the world and this number is expected to double by 2040 [66], [67].
In the United States, there are more than 3 million patients with glaucoma and it disproportionally
affects African Americans and Hispanics [68]–[72]. Glaucoma is a major healthcare issue with the
annual cost for treatment in the US that exceeds $2.9 billion.
Unfortunately, there is no cure for glaucoma. However, the progression of disease can
significantly be delayed using pharmaceutical and surgical interventions that maintain the IOP in
a safe range to minimize optic nerve damage [73]. Glaucoma drugs are typically designed to
decrease the production of AH or to increasing its outflow through trabecular meshwork or
uveoscleral pathway [74]–[76]. As with most pharmaceutical interventions, however, these drugs
have several undesirable side effects including bitter taste, headache, conjunctivitis, visual blurring,
eyelid inflammation, and eye pain [77]–[79]. Surgical treatments such as trabeculectomy and laser
trabeculoplasty can also be used to increase AH outflow but these invasive procedures often lead
to serious post-operative complications such as hypotony, cataract, and bleb-related infections
[80]–[83]. Moreover, the surgical ablation of trabecular meshwork often results in coagulative
necrotic tissue, which can cause difficulty in chronic management of optimal AH outflow [84].

2.2

Glaucoma Drainage Devices
For patients with refractory or inflammatory glaucoma who are unresponsive to

conventional pharmacological or surgical procedures, glaucoma drainage device (GDD) are often
implanted (Fig. 2.2). These devices offer several advantages over conventional trabeculectomy
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including better IOP control, ease of surgery, and minimum post-surgical complications [85]–[87].
Traditional GDDs consists of a short polymeric microscale tube that connects the anterior chamber
to a thin silicone plate for drainage of excess AH [88]–[90]. While GDDs have been used to
manage IOP for glaucoma patients for the past 40 years, 15.1% of implanted devices fail within 3
years and more than 29.8% fail within 5 years post-implantation [91], [92]. Clinical studies have
shown that up to 10% of glaucoma patients require additional medications and surgical
intervention because of the tube blockage [93]. The hydrophobic polymer materials from which
GDDs are constructed (e.g., polypropylene, polymethylmethacrylate, and polydimethylsiloxane)
typically have high affinity for interstitial proteins such as fibrinogen, immunoglobulin, and
albumin that adsorbs onto the device surface within minutes after the implantation [94]–[96]. Once
it forms, the proteinaceous layer triggers the inflammatory response that can lead to premature
implantable device failure [97]. Since GDDs generally have a drainage tube with an inner diameter

Figure 2.2: Glaucoma drainage implants with a tube and an explant plate.
(A) Molteno implants with single-plate. (B) Ahmed glaucoma valve. (C)
Krupin slit valve (D) Baerveldt glaucoma implants.
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that ranges from 50 to 600 μm, the microscale channel can easily be occluded by various biofouling
materials including vitreous, fibrin, or blood clot [98]–[101].
One promising approach that can remove adsorbed biofouling material is to ablate
occlusion using neodymium-doped yttrium aluminum garnet (Nd:YAG) laser. However, there are
several potential risks associated with laser treatments including focal cataracts, prolonged
elevation of the intraocular pressure, posterior capsule rupture, retinal injury, and laser injury
[102]–[108]. Tissue plasminogen activator (tPA), which is a serine protease involved in the
breakdown of fibrin or blood clots, has also been used to clear occluded glaucoma shunts [109],
[110]. However, tPA may cause additional undesirable complications such as hyphema, active
bleeding, and vitreous hemorrhage [111]–[113]. Establishing a method to non-invasively remove
biofouling without causing side effects can significantly improve the reliability and functionality
of many chronically implanted devices.
Here we report on the design, fabrication, and testing of anti-biofouling micro- tube
integrated with an array of magnetic microactuators as a part of a self-clearing GDD that can
actively combat against proteinaceous biofouling in situ without the need for additional surgical
or pharmaceutical interventions. We believe our strategy to remove bioaccumulation on-demand
using externally applied magnetic field is a way to significantly improve the functional lifetime of
implantable devices that suffer from biofouling-related performance degradation. By integrating
thin-film magnetic microactuators fabricated out of liquid crystal polymer (LCP) using maskless
lithography, here we demonstrate a low-cost prototype of self-clearing GDD drainage tube (Fig.2.
3). Using fluorescent-tagged bovine serum albumin (BSA-FITC), we show the protein-clearing

Figure 2.3: 3D schematics of self-clearing GDD
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capabilities of these prototype GDD microtubes using time-varying magnetic fields, which may
eliminate the need for additional surgical or pharmaceutical interventions for glaucoma patients.

2.3

Device Design using Finite Element Modeling
We designed the microactuator as a semi-ellipsoidal shape to maximize the volume of the

magnet element on the actuator. To determine the shear stress generated by the actuation based on
the design, we used a finite volume method to simulate shear stress on the surface of microactuator
and the lumen of the microtube by numerically solving Navier–Stokes equations. We discretized
the computational domain using a uniform, staggered, cartesian grid. We used Euler explicit
method for time discretization and spatial derivatives in convective and computed diffusive terms
using the quadratic upstream interpolation for convective kinematics and central difference
schemes, respectively [114]. Furthermore, we coupled the pressure and velocity using a projection
method [115]. We implemented a distributed Lagrange multiplier method to simulate the motion
of microactuator in a viscous fluid, which allowed us to accurately capture the hydrodynamic
interaction between the microactuator and a surrounding fluid and evaluate the shear stress acting
on the surface [116].
We evaluated the shear stress distribution generated by the microactuation motion using
finite element modeling. The simulation results showed that the maximum shear stress is generated
near the perimeter of the actuator (Fig. 2.4A). When the device is integrated into the microtube,
the actuation leads to a larger shear stress as the microactuator approaches the tube wall (Fig. 2.4
C). During the actuation, the maximum shear stress of ~ 8 and ~ 10 dyn cm-2 are generated
periodically on the surface of the actuator and the tube, respectively (Fig. 2.4B and D).

2.4

Device Fabrication
The cantilever and the magnetic element patterns were made using a maskless

photolithography as described in Fig. 2.5. The computer is connected to a projector (HD 141X,
Optoma, Fremont, CA, USA) with a digital micromirror device (DMD) to project and expose a
desired pattern (Fig 2.5A). Projector was vertically fixed on a stereo-microscope using a custom
machined bracket. To improve the resolution and reduce the size of the image, lens and microscope
were aligned between the sample stage and the projector. The mask pattern was designed using
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Figure 2.4: Numerical analysis of shear stress distribution. (A) Shear stress distribution
generated on the surface of the actuators. (B) Maximum shear stress on the actuator surface as a
function of time. (C) Shear stress distribution generated on the tube. (D) Maximum shear stress
from the internal surface of the microtube as a function of time.
Microsoft PowerPoint. The exposure intensity was optimized by adjusting the pattern color in the
software. Figure 2.5B shows the overall process flow for the device fabrication. The commercially
available LCP sheet (Ultralam 3850, Rogers corporation, Chandler, AZ, USA) has a thickness of
25 μm. To improve compliance of the cantilevers, we reduced the LCP thickness to 8 μm using a
reactive ion etcher (RIE, PlasmaPro80, Oxford Instruments plc, Abingdon, Oxfordshire, United
Kingdom) after removing Cu from one side using a wet Cu etchant (CE-100, Transene, Danvers,
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MA, USA). We then mounted the 8-μm-thick single clad LCP sheet onto a carrier wafer using a
positive photoresist (PR) (AZ9260, Microchem, Westborough, MA, USA) with the Cu on top. We

Figure 2.5: Microfabrication for the magnetic microactuator. (A) A custom maskless
photolithography setup. (B) Fabrication procedure for the magnetic microactuator
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spin coated AZ9260 onto the Cu layer and exposed the cantilevers designs using our custom
maskless photolithography setup. After etching the Cu layer using a wet Cu etchant (CE-100,
Transene, Danvers, MA, USA), we removed PR using acetone. Next, we defined the Ni magnet
electroplating mold on spin-coated AZ9260 using the same maskless photolithography procedure.
We electroplated Ni to achieve a final thickness of 20 μm. After removing the PR, we etched the
cantilever pattern on bare LCP layer using an RIE and removed the remaining Cu layer using a
chemical etchant (BTP, Transene, Danvers, MA, USA). Finally, we coated the device with 100
nm thick titanium (Ti) using a sputterer (Magnetron sputtering systems, PVD Products, Inc.,
Wilmington, MA, USA) on both sides to improve biocompatibility.
Figure 2.6 shows our microfabricated LCP-based device. The needle-shape was chosen to
accommodate the relatively small tube diameter. We can control the deflection direction and
amplitude of the microactuator by adjusting the strength and the direction of the externally applied
magnetic field (Fig. 2.6B). We assembled the microdevices into a prototype GDD drainage tube
using an anchor to demonstrate protein-removal performance inside the tube (Fig. 2.6C). Once

Figure 2.6: Images of fabricated microactuators and self-clearing GDD. (A) Digital photograph
of the fabricated magnetic microactuators. Scale bar = 200 µm. (B) The deflected microactuator
with different directional magnetic flux density with 13.7 mT. Scale bar = 200 µm. (C) Digital
photographs of the integrated microactuators in the lumen of a prototype GDD microtube. Scale
bar = 500 µm.
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manually placed into the microtube, we heated the tube and applied tensile stress at both ends to
decrease the diameter of the microtube and fix the microactuators in position, which prevented any
shifting of devices during actuation in a continuous fluid flow.

2.5

Mechanical Characterization
We measured the magnitudes of angular deflections for a range of applied magnetic flux

density up to 40.9 mT. We used a bespoke iron-core electromagnet to generate the magnetic field.
We quantified the strength of magnetic field using a commercial gaussmeter (Model 8010, Pacific
Scientific OECO, Milwaukie, OR, USA). We then placed the device on top of the electromagnet
and applied the magnetic field of varying amplitude and frequency. We imaged the deflected
actuators using a digital microscope KH8700, Hirox, Hackensack, NJ, USA) and calculated the
deflection angles from the images using imageJ software (version 1.50i). To better characterize
the motion of the devices in liquid, we also characterized the dynamic responses of the magnetic
microactuators in deionized water using a custom laser deflecting setup. Using a mirror, we placed
a laser beam onto the metallic surface of the device, which then reflected the laser beam onto a
position sensitive diode (PSD) sensor. We recorded the two-dimensional position data from the
PSD using a custom data acquisition system (LabView 2014, Austin, TX, USA).
The microactuators can deflect out of plane when the direction of the applied magnetic
field is normal to the magnetization direction of the ferromagnetic element. The deflection angle
of magnetic microactuator can be described in the reference [117].

𝜙=

⃗⃗ × 𝐻
⃗)
𝑉𝑚 (𝑀
𝑘𝑏𝑒𝑎𝑚

with the angular deflection ϕ, magnet volume Vm, magnetization M, applied magnetic field H, and
the flexure stiffness kbeam. The beam geometry and the material property affect the mechanical
stiffness of the flexure with following
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Figure 2.7: Static and dynamic characterization. (A) Theoretical and measured angular
deflections (n = 3). (B) Frequency response of magnetic microactuator in the water. Note the
captured images of microactuators in resonance at various magnetic flux density levels (inset).
Scale bar = 500 μm

with the elastic modulus Ec, beam width w, beam thickness t, and beam length l [118]. As shown
in Fig. 2.7A, the measured deflection angle corresponded closely with the theoretical values. We
varied the frequency and amplitude of the externally applied, time varying magnetic fields using a
custom electromagnet to obtain the frequency response (10–200 Hz) of our microactuators (Fig.
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2.7B). As expected, the amplitude of deflection increased as a function of applied magnetic field
strength. Furthermore, we determined that the actuation frequency of 20 Hz to be the primary
resonance, which can be used to generate the highest dynamic deflection amplitude. The increase
in dynamic deflection amplitude may be attributable to the increase in mean fluid velocity around
the microactuator, which leads to an increase in the wall shear stress on the microactuator and the
tube. Therefore, we used a fixed actuation frequency (20 Hz) with the highest actuation amplitude
(64o) for all experiments and simulation.
To verify these Ti-coated LCP based microactuator is robust enough to withstand a large
number of actuation cycles in physiological condition, we examined the changes in the dynamic
responses of these microdevices in 37 °C phosphate buffered saline (PBS, ThermoFisher Scientific,
Waltham, MA, USA). After 10.9 million actuation cycles, we saw no visible damage to the LCPbased microactuators and no change in the resonant frequency of tested devices (n= 4, Fig 2.8). If
we assume a 5-min weekly actuation, this equates to up to 35 years of lifetime, which suggests
adequate robustness for our LCP-based microactuators against fatigue related failure.

Figure 2.8: Fatigue evaluations. (A) Photographs of a microactuator before actuation (top) and
after 10.9 M actuation cycles (bottom). Scale bar = 100 µm. (B) Frequency responses of a
representative device before and after long-term actuation in PBS.
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2.6

BSA-FITC Adsorption and Desorption
To maximize the fluorescence intensity, we incubated Ti-coated LCP samples in various

concentrations of BSA- FITC (1 – 8 mg ml-1) for 2 h. The fluorescence intensity of absorbed BSAFITC plateaued around 5 mg ml-1 (Fig. 2.9A), therefore, all subsequent BSA-FITC evaluations
used this concentration. The jet impingement technique is widely used to analyze the shear stress
required to remove cells by corresponding the size of a lesion created by a perpendicular jet of
fluid to a well-characterized shear stress profile.
To quantify the adhesion strength of BSA- FITC on Ti-coated LCP surface, we used the
theoretical description of the wall shear stress under the impinging jet proposed by Phares et al
[119]. For this analysis, we assumed that the AH is incompressible Newtonian fluid in a steady
and laminar flow. In the theoretical description of the wall shear stress in normally impinging jet
with jet height H, the wall shear stress τ at a radial distance r can be described by
2

𝜏
1 − 𝑒 −114𝜆
2
= 0.18 (
) − 0.943𝜆𝑒 −114𝜆
𝜏𝑚
𝜆
with the maximum shear stress τm and non-dimensionalized jet height (λ = r/H). The maximum
shear stress τm is given by

𝜏𝑚 = 0.16

𝜌𝑢02
(𝐻/𝐷)2

with the fluid density ρ, the average flow velocity at the nozzle exit u0, and diameter for the nozzle
D. The critical shear stress (τc) required to remove the adsorbed BSA- FITC can then be calculated
by measuring the radius of lesion (Fig. 2.9B). In the jet impingement test, the fluid jet was
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Figure 2.9: Optimization of BSA-FITC coating and jet impingement test. (A) The
relationship between adsorbed BSA-FITC and the concentration of the protein solution
with 2 hours incubation (n=5). (B) Plot of non-dimensional shear stress versus lesion
size. Note the image of lesion created using jet impingement (inset). Scale bar = 200 µm.
The dotted line and arrows point to the average lesion size and the corresponding nondimensional shear stress.
delivered at a flow rate of 1.18 ml min-1 for 5 s, which corresponds to Reynolds number of 100 in
laminar flow range to be used for Eqs. (3) and (4). The fluid jet created τm ~ 30 dyn cm-2 which is
in line with published shear stress value required to rupture protein-ligand interaction [120]. Figure
2.9B shows an image of BSA-FITC lesion created by jet impingement and a plot of nondimensional wall shear stress as a function of non-dimensional lesion size for jet radius Rjet = 125
μm. With an average lesion radius of 284 μm (n = 4), the estimated shear stress required to remove
BSA-FITC (τc) was 10.2 dyn cm-2. The numerical analysis results (Fig. 2.4) showed that our
magnetic microactuators can generate up to 10 dyn cm-2. Taken together with the results from our
jet impingement study, we expected to show a robust protein removal using our prototype GDD
drainage tube.

2.7

Protein Biofouling Removal in GDD
The main function of our magnetic microactuators is to remove the protein adsorbed on the

device surface and the inner wall of GDD microtube to prevent the initiation of inflammatory
cascade. As such, we quantified the decrease in fluorescence intensity due to device actuation on
device surface and the inner wall of the microtube as simulated in Fig. 2.10. To study anti-
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Figure 2.10: Impact of actuation amplitude and duration. (A) Fluorescence intensities (a. u.) of
BSA-FITC coated microactuators before and after actuation using different deflection amplitudes
and actuation duration at 20 Hz. Significant protein removal can be seen for both small and large
amplitude actuation. The difference map shows a more significant protein removal with longer
actuation duration. Scale bar = 200 μm. (B) Comparison of decreased fluorescence intensity (n =
3 for each actuation condition). * and # indicates statistical significance against corresponding
control (p < 0. 01)
biofouling capability of the actuator itself, we actuated BSA-FITC coated devices with different
actuation durations at 20 Hz. The maximum actuation duration was set to 5 min based on prior
literature and for practical consideration assuming that a shorter actuation protocol would be less
burdensome on clinicians and patients [121], [122]. The minimum actuation duration was set to
be 30 s, which is 10 % of the maximum actuation duration. Figure 2.10 demonstrates BSA-FITC
removal due to actuation of magnetic microdevices. We compared the decreased fluorescence
intensity values using one-way analysis of variance (ANOVA) with Tukey’s HSD post-hoc
pairwise analysis. The results showed that BSA-FITC coated on microactuators (n= 3) was
significantly reduced compared to non-actuated control regardless of deflection amplitude or
actuation duration (p < 0.01). Without actuation, the fluorescence intensity decreased by
approximately 10–20% depending on treatment duration. However, the difference in fluorescent
intensity between the small (8o) and large (64o) deflection magnitudes was not statistically
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significant. The impact of actuation duration was also statistically significant. When actuated for

Figure 2.11: Protein cleaning in the microtube. (A) Fluorescence images of BSAFITC removal using the microactuator located within the lumen of microtube with
an actuation for 5 min at 20 Hz (a. u., scale bar = 200 μm). (B) The area used for
measuring fluorescence intensity (red dotted box (scale bar = 200 μm) and
decreased fluorescence intensity near the actuator.
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30 s, BSA-FITC amount reduced by 42%. whereas up to 85% protein clearance can be seen on
device when actuated for 5 min. Thus, in subsequent evaluations to determine the impact of
actuation on removing protein adsorbed on the microtube inner wall, we actuated all samples for
5 min to maximize protein clearance.
To demonstrate the in situ anti-biofouling performance of our smart GDD, we coated the
inner lumen of 300-μm-diameter microtube integrated with our magnetic microactuator using
BSA-FITC. Figure 2.11 highlights the difference in fluorescence intensity between actuated versus
non-actuated GDD prototype. Without actuation, we saw virtually no difference in fluorescence
intensity. Following actuation, however, we saw a significant decrease in fluorescence intensity in
areas surrounding the microdevice. The pattern of cleared area closely resembles the shear stress
distribution predicted by our numerical analysis (Fig. 2.4). We then quantified the amount of
fluorescence intensity decrease from the end of the beams to the actuator tip and compared the
results using a two-sample t-test. The results show that the microactuation can remove significant
amount of adsorbed BSA from the tube wall compared to the non-actuated control (p < 0.01, Fig.
2.11A). However, the decrease in fluorescence intensity (< 40%) in microtube was much smaller
than the 85% decrease we saw from the device surface following a 5 min actuation (Fig. 2.11B).
To confirm that the biofouling removal process does occur via mechanical shear generated
by the micro-actuation and not by the heat generated from the microactuation, we also measured
the amount of heat generated during actuation (Fig. 2.12). When we actuated our microdevices
(n= 4) for 5 min at 20 Hz using 40 mT in room temperature PBS, no temperature increase was
seen in thermal camera images (FLIR A325sc, FLIR, Wilsonville, OR, USA). It is important to
ensure that no thermal effect occurs due to microactuation since excessive heat may lead to
unintended damage to the surrounding tissue.

2.8

Conclusions and Discussion
Here we demonstrated that the LCP-based micro-actuators can easily be fabricated at low-

cost using our maskless photolithography. LCP is widely used polymer in biomedical applications
due to their near hermetic properties, biocompatibility and superior chemical resistance [123]–
[126]. By using commercially available low-cost LCP sheets as the substrate in combination of
highly scalable microfabrication processes such as maskless photolithography, oxygen etching,
electroplating, and polymer coating, it is possible to manufacture these LCP-based devices at
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Figure 2.12: Temperature evaluations. (A) Photographs of a microactuator for temperature
measurement. Red dotted box indicates the selected region of interest (ROI) for temperature
analysis. Scale bar = 2 mm. (B) The infrared images of the ROI (the dotted red boxes) before
actuation and after 5 min actuation. Scale bar = 2 mm. (C) Averaged temperature from the ROI
before and after actuation (n = 4). (D) Averaged temperature from the ROI as a function of time
with grey shaded error range.
extremely low costs. Moreover, the simple integration process that we employed to immobilize
microdevices inside a small drainage tube may be used to create other smart MEMS-enabled
catheter-based devices.
Both the static and the dynamic responses of these microfabricated LCP-based actuators
corresponded well with the theoretical values, which suggests a good control of our fabrication
process. The in vitro evaluation using BSA-FITC showed that, as expected, the actuation from our
device can effectively reduce proteinaceous biofouling on the actuator surface and the inner wall
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of the micro- tube. The results from the in vitro experiments demonstrated a good agreement with
our results from the numerical analysis that predicted the pattern of biofilm clearance by
quantifying the shear stress distribution and the jet impingement study that quantified the
adhesion strength of the BSA-FITC. This approach to quantify the adhesion properties of specific
biofilm and to model the shear stress profile of a device actuation may be used in future iterations
to design novel microactuator arrays that are tailored for bespoke implantable application against
specific biofouling materials.
The potential implication of utilizing active mechanism for combating biofouling is
enormous since many chronically implantable devices including biosensors, neural interface
electrodes,

and

drug

delivery

and

drainage

devices

suffer

from

significant

performance degradation due to biofouling [7], [97]. Although there is a number of proposed
mechanisms for actively addressing biofouling using electrical and mechanical transducers [121],
the magnetically-powered actuators have several key advantages. First, the magnetic device can
be activated in situ wirelessly via externally applied magnetic field with low power requirements
without the need for any invasive procedure. Second, the magnetic microactuators can be tailored
to deliver large disruptive forces to remove multi-scale biofouling materials including protein,
bacteria, and cells. Third, the lack of integrated circuit and internal power source can facilitate the
integration and packaging of these type of devices into existing medical devices, which can
accelerate clinical adoption. Finally, as mentioned, the simple design is compatible with many
scalable microfabrication technologies that can significantly reduce the cost of manufacturing.
Despite these key benefits, there are several remaining questions to be answered. First, the
amount of protein removed from the microtube wall was much lower than that from the actuator
surface despite our numerical analysis demonstrating a higher maximum shear stress on the wall.
This may be due to the fact that each microscope image was focused on microactuator surface,
which is located at the center of the microtube. As can be seen from Fig. 2.4, the magnitude of
shear stress distribution around the mid-plane of microtube is much lower than the top and bottom
of the microtube. It may be interesting to characterize protein distribution using a confocal
microscope in the future to verify this hypothesis. If not, it is possible to leverage our predictive
modeling to redesign microactuators that can provide a greater average shear stress to ensure a
more efficient protein-removal. Secondly, additional experiments are needed to determine
optimum actuation duty cycle that will ensure a protein-free GDD microtube. Although the
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microactuators were able to demonstrate good protein reduction in just 5 min, it may be possible
to reduce this actuation duration further by performing a systematic evaluation. Thirdly, although
it is possible to integrate many microactuators into a long microtube, the manual assembly process
can be further streamlined if 1D arrays of microactuators are fabricated to better control the device
spacing. Finally, additional in vitro and in vivo work is necessary to ascertain whether periodically
removing biofilm using our self-clearing implants will actually prolong the device lifetime and
improve patient outcome. A critical question to address is to determine what happens with the displaced biofouling material. A detailed histopathological evaluation using animal models must be
performed to ensure that the displaced biomaterial will not cause undesirable downstream effects.
Recently, we developed a multifunctional implantable glaucoma shunt with a self-clearing
capability and a pressure sensitive valve system using magnet elements embedded silicon
elastomer (Fig. 2.13). This simple microfabricated devices would combat biofouling that greatly
reduces functional lifetime of theses chronic implants and provide personalized pressure control
to prevent hypotony-related vision threating complications. Magnet-based multifunctional
glaucoma shunts are well suited for this application for several reasons. First, they do not require
an integrated power supply, control electronics, or wires, which eliminates the need for stringent
hermetic packaging necessary inside the body. Second, they can be driven by a remote source of
magnetic field. Lastly, the magnetic valve can open and close the microchannel for aqueous humor
without external electric circuit, which makes magnetic valve ideal for reducing a risk of hypotony

Figure 2.13: 3D schematics of the glaucoma shunt with magnet
blocks embedded in the PDMS membrane.
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by poor IOP control. we fabricated PDMS based microchannel integrated with micromagnet array
embedded thin film PDMS layer in order to clean the whole channel by actuating bottom layer of
the microchannel. Although additional characterizations are necessary to determine its cleaning
capability, we have little concern due to increased out-of-plane deflection and compliance of this
PDMS actuator. Direction of the functional membrane deflection was successfully controlled by
changing the direction of an external magnetic field.
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DEVELOPMENT OF FRACTAL MICROELECTRODES FOR
ENERGY EFFICIENT NEUROSTIMULATION

3.1

Introduction

Electrical stimulation of the nervous system is used ubiquitously to replace and restore lost bodily
functions in patients with a number of neurological impairments including neuromotor deficit
[127], vision and hearing loss [128], [129], chronic pain [130], and epilepsy [131]. In 2015, the
total market size for various implantable neural stimulation devices that target spinal cord, cochlear,
cerebral cortex, and other peripheral nerves (e.g., Sacral, Vagus nerve), exceeded $4.9 billion with
the annual growth rate of 17% [132]. The increasing popularity for neurostimulation has fueled
the demand for more precise targeting of neural substrates. For example, vision prostheses now
feature more than 1000 stimulating microelectrodes with a diameter of 100 μm, and manufacturers
of cortical stimulation devices have begun to create higher density electrodes for stimulating
various deep brain structures [133]. The advances in microfabrication technologies has made it
possible for researchers to investigate feasibility of high density micros- cale electrode arrays even
with more complex geometries [134]–[138]. While it is relatively easy to design, and manufacture smaller stimulating electrodes, doing so can functionally limit the amount of electrical charge
that can be delivered through smaller surface area.
Moreover, the reduction in electrode size also increases the overall electrical load of
battery-powered stimulation systems. A conventional implantable neural stimulation system,
which consists of three major components: implantable pulse generator (IPG), electrical leads, and
neurointerfacing electrodes, have average lifetime of 4–6 years [139]. Although the lifetime of
these chronically implanted systems differ widely depending on individualized stimulation
parameters and usage, minimizing the electrical load is imperative for ensuring long-term utility
of these systems [140], [141]. Therefore, enhancing the resolution of stimulation using smaller
microscale electrodes requires a careful consideration on overall impact of electrode design in
terms of stimulation performance as well as its impact on device longevity.
There are significant efforts in the field to increase the efficiency of neurostimulators by
decreasing microelectrode impedance or increasing the charge transfer capability. For instance,
electrode material and the surface morphology were found to have significant impact on
electrochemical impedance and charge transfer capac- ity. Iridium oxide (IrOx) electrodes have
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been studied widely to show superior charge injection capability than Pt-based electrodes [142],
[143]. Similarly, researchers have also touted poly(3,4-ethylenedioxythiophene) (PEDOT) for
having a higher charge injection limit than Pt and IrOx electrodes [144]. However, PEDOT has
been reported to shows mechanical failure such as delamination and cracking during chronic
stimulation [145]. Despite many groups working to develop higher performing microelectrodes
using various electrode materials, platinum (Pt) remains as the gold-standard for commercial
neurostimulation devices, especially for cortical stimulation. In terms of morphology, researchers
have explored various fabrication methods to improve performance of electrodes. De Haro et al.,
demonstrated that electroplated Pt has lower impedance and higher corrosion resist- ance than
sputtered Pt, which can improve the lifetime of the microelectrode [146]. Sputtered material such
as IrOx and titanium nitride have been demonstrated to be superior than evaporated IrOx due to
difference in nanoscale surface morphology [142], [143]. Shota et al., showed that microelectrode
composed of IrOx and Pt-black with nanoscale roughness has a lower impedance and high chargeinjection capability than flat microelectrode [147]. Boehler et al., reported that Pt microelectrode
with nanograss structure has reduced impedance and strong adhesion to metal- lized substrate
[148].
The impact of electrochemical performance on electrodes with high perimeter-to-surface
area (PSA) has also been well documented [149]–[151]. Electrochemical impedance spectroscopy
(EIS) from circular microscale electrodes with different diameters showed that smaller
microelectrode corresponded to a higher impedance, which can be attributed to an increase in the
solution resistance and shorter charging time of capacitive double-layer on electrode [152]. Grill
et al., reported that conventional deep brain stimulation electrodes split into smaller segments with
higher PSA ratios have higher stimulation efficiency and smaller energy load for IPGs despite
showing no significant differences in impedance between single electrode and segmented ones
[153]. Cogan et al. confirmed that increasing the PSA ratio of the IrOx microelectrode lowered the
electrode impedance and improved the charge injection limit perhaps due to reduction in access
resistance and increasing ion flux to the electrode surface [154]. These reports suggest that
increasing the PSA may be an effective way of improve electrode performance.
One easy way to achieve high PSA in a small footprint is to use fractals. For this reason,
fractal designs have been used widely in antennae designs to achieve multi-band capability and to
reduce size [155]–[158]. Recently, several groups have begun to explore the utility of fractal
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designs in neurostimulation as well. Golestanirad et al. reported a numerical model of modified
Sierpinski carpet electrode that requires 22% less energy to activate a given population of neurons
[159]. Most recently, another group reported similar results using a numerical model of an
electrode with branching fractal design that can penetrate deeper into the neural substrate
compared to Euclidean electrodes, suggesting better neurostimulation performance [160].
Compared to conventional Euclidean electrode geometry, which results in a significant current
density gradient across the electrode surface [161], [162], fractal electrodes are able to deliver a
more uniformly high current density across the surface [160]. However, all of the published work
to date focused on numerical analyses of various fractal designs without systematic
electrochemical evaluations. Two important questions remain to be explored: (1) do fractal
electrodes exhibit similar charge injection limit improvement as shown in high PSA electrodes?
and (2) by what mechanism?
In this work, we electrochemically examined the role of electrode geometry in terms of
PSA ratio and shape using custom microfabricated electrode arrays. Four types of electrodes with
identical surface area but varying PSA ratios were created: circular, fractal, serpentine I, and
serpentine II (Table 3.1). The circular electrodes with 100 μm diameter was chosen as a
representative Euclidean design with the lowest PSA ratio. The fractal and ser- pentine I electrodes
were designed to have the same PSA ratio to explore whether different shapes would have an
impact on electrochemical performance of microelectrodes. Serpentine II electrode had the highest
PSA ratio. Serpentine designs were used for their space-filling capacity and potential utility in
flexible bioelectronics [163]–[165]. Based on prior literature, we expected to show increased
electrode performance with increasing PSA regardless of the electrode shape.
Using numerical modeling, we quantified the total charge injected and the current density
around the microelectrodes. We evaluated the electrochemical performance of each electrodes
using cyclic voltammetry, EIS, and voltage transient analysis. The cathodal and the total charge
storage capacity of each electrode were calculated from the time integral of the current in cyclic
voltammogram, which is related to the charge injection capability of electrode. The EIS
measurements were performed in phosphate buffered saline to characterize capaci- tive and nonFaradaic processes. Additionally, we used ferri-ferrocyanide red-ox pair as a probe to characterize
mass-transport to the electrodes associated with Faradaic processes that occur during charge
injection with electrical stimulation [166]. To investigate the effects of the geometry on charge
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injection limit, we compared the maximum negative potential excursion and the maximum driving
voltage of the different shaped microelectrodes using voltage transient analysis with different
charge injection levels. Finally, the energy consumption from different microelectrodes was
quantified from the cathodic potential transient and the applied current waveform. Our results
indicate that the electrode shape may play a more significant role in charge injection capability of
microelectrodes than previously reported. We found that fractal microelectrodes exhibit markedly
superior electrode performance than other PSA-matched microelectrodes. Here we provide
empirical evidence to suggest that the improved microelectrode performance in non-Euclidean
electrodes may be due to lower access resistance and more efficient mass-transport in high PSA
and fractal electrodes. Furthermore, these results suggest the possibility of further design
optimization towards more energy efficient stimulating electrodes that may enable more reliable
chronic electrical neuromodulation.

3.2

Device Design and Numerical Modeling of Current Density Distribution

To examine the electrochemical role of electrode geometry in terms of PSA ratio, we designed
four types of electrodes with identical surface area but varying PSA ratios were created: circular,
fractal, serpentine I, and serpentine II. A description of the Pt electrode geometries is provided in
Table 1. The geometries of non-Euclidian electrodes were designed to match the surface area from
circular shaped microelectrode with a diameter of 100 μm (7854 μm2) (Fig. 3.1). In Vicsek fractal,
the area (𝐴𝑛 ) and perimeter (𝑃𝑛 ) at iteration n can be described using 𝐴𝑛 = 𝑙 2 ∙ 5𝑛 and 𝑃𝑛 =
5𝑃𝑛−1 − 8𝑙 with 𝑙 as the length of the initial square. Based on the area of circle microelectrode
(7854 μm2) and the resolution limit for microfabrication, the side of the smallest square unit of the
fractal (𝑙) was set to be 7.93 μm with n = 3. The fractal and serpentine I electrodes were designed
to have the same surface area as well as the perimeter to explore whether different shapes would
have an impact on electrochemical performance of microelectrodes. The desired PSA in serpentine
electrodes were achieved by adjusting the radius of curvature and the length of straight portions.
Fractal shape and serpentine I shape had approximately 6.35 times longer perimeter than the
circular electrodes while serpentine II electrodes had 10 times longer perimeter. Serpentine II
electrode had the highest PSA ratio. Serpentine designs were used for their space-filling capacity
and potential utility in flexible bioelectronics. Based on prior literature, we expected to show
increased electrode performance with increasing PSA regardless of the electrode shape.
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on the designs, we identified the total charge injected and the current density on the

Table 3.1: Dimensions of the microelectrodes

Perimeter
[mm]
Area
[mm2]
Perimeter/Area
[mm-1]
Footprint
[L × W]

Circle

Fractal

Serpentine I

Serpentine II

0.3142

1.998

1.998

3.156

7.854 × 10-3

7.854 × 10-3

7.854 × 10-3

7.854 × 10-3
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254

254

400

D = 100 µm

157 µm × 157 µm

94 µm × 148 µm

126 µm × 130 µm

Figure 3.1: Planar geometry with different shapes and Vicseck fractal design parameters at
different iteration levels with the minimum feature size l.
48

microelectrodes surface using numerical modeling. The impact of the water window potential of
the Pt (−0.6 V) on the four electrode designs was examined using AC/DC module in 3D COMSOL

model. The impedance of each electrode design was also modeled in COMSOL using 10 mV AC
voltage perturbation from 10 Hz to 100 kHz.
The electric current mode solved the charge conservation equation for calculating current
density distribution across the internal boundaries below:

∇𝐽 +

𝜕𝜌
=0
𝜕𝑡

where 𝐽 is the current density, and 𝜌 is the charge density. The current density is governed by the
equations below:
𝐽 = 𝜎𝐸 = −𝜎∇𝑉

∇∙𝐽+

𝜕𝜌
= ∇2 𝑉 = 0
𝜕𝑡

with the electrical potential 𝑉. The electric currents mode ignores any Faradaic reactions that occur
on the elec- trode surface. The model includes microelectrode domain, extracellular boundary with
cylindrical shape, and five hemi-sphere domains with radius from 200 μm to 1200 μm to estimate
current density distribution and total delivered current around the electrode (Fig. 3.2). The
conductivity of simulated domain was 0.2 S m−1 to matched the brain tissue conductivity. The
electric potential of −0.6 V was applied to electrode surface to simulate the cathodic limit of water
window. The calculation of impedance in frequency domain were made from 10 Hz to 100 kHz
by applying 10 mV AC voltage perturbation to electrode surface. The cylindrical outer boundary
was grounded at 0 V, and the model was meshed using tetrahedral mesh elements.
The electrochemical process including chemical reacn because the mathematical handling
of electrochemical reactions from non-uniform current density along irregular geometry is difficult
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Figure 3.2: The finite element model with constant voltage.
to model accurately [167]. Therefore, most modeling studies have focused on the simulation of the
Faradaic process on the simple circular shaped microelectrodes with limited conditions such as
just one red-ox pair with the parameters from simplified chemical reaction assumption [168], [169].
However, the numerical simulation for non-Faradaic process without consideration of mass
transfer kinetics are widely utilized because it can still provide insight on solution resistance,
charge transfer resistance, double layer capacitance and electrical stimulation efficiency for
various electrode geometries [170], [171]. Fig 3.3A shows that the fractal design produces the
highest current density around the microelectrode, followed by other shapes in the order of
perimeter-to-area ratio. The average current density followed the same trend with the fractal
electrode having highest value at all distances away from the electrode surface. The fractal
electrode was able to inject the highest amount of current of 267 μA compared to 172 μA for the
circular electrode (i.e., 55% increase) ((Fig. 3.3B). The serpentine II and serpentine I electrodes
delivered the current of 264 μA and 250 μA, respectively (Fig. 3.3C).
Fig 3.3D shows the impedance calculated for each microelectrode design. Typically, the
impedance at high frequency (>10 kHz) corresponds to the solution resistance while the impedance

50

Figure 3.3: The current density distribution of different electrode design using the voltagecontrol stimulation (−0.6 V). (A) The current density surface plot for each microelectrode design.
Both the maximum and the average current density across the electrode surface was highest for
the fractal design followed by serpentine II, serpentine I, and circular electrode. (B) Average
current density as a function of distance away from each electrode center. (C) The total delivered
current on hemispheric boundaries. (D) Simulated impedance Bode plot of each microelectrode
design.
at low frequency are affected by the charge transfer resistance and the diffusion-limited Faradaic
processes. In our simulation, the fractal design had the lowest impedance at 100 kHz, followed by
serpentine II, serpentine I, and the circular design. This result corresponds to the same trend found
for the average current density (Fig. 3.3B) and the total delivered current (Fig. 3.3C), which
suggests that lower solution resistance may be responsible for better charge injection capacity. At
lower frequency (10 Hz), the impedance of each electrode design was not significantly
distinguishable from each other, which reflects the lack of Faradaic components.

3.3

Electrode Fabrication

Figure 3.4A and B show the fabricated microelectrodes and overall fabrication flow. Platinum
microelectrode of varying PSA were fabricated on 500 nm film of silicon nitride layer by plasma

51

enhanced chemical vapor deposition (Axic, Milpitas, CA, USA). A photoresist (AZ1518,
MicroChem, Newton, MA, USA) was spincoated over the silicon nitride layer and patterned to
define microelectrode designs with different shapes. Pt film (100-nm-thick) was deposited on to
the photoresist using a titanium (10 nm) as an adhesion layer. The electrode arrays were created
using lift-off process. A 1.5-μm-thick layer of polyimide (PI-2545, HD Microsystems, Parlin, NJ)
was spin-coated over the wafer and cured as the insulation layer. The microelectrodes, counter
electrode, and contact pads were created by reactive ion etching (RIE) with 20 sccm O2 at 100 W
in 50 mTorr for 10 min using photoresist (AZ9260, MicroChem, Newton, MA, USA) as the etch
mask.

3.4

Electrochemical Characterization

We evaluated the electrochemical performance of each electrodes using CV and EIS. CV and EIS
were performed using a custom microelectrode packaging platform (Fig. 3.4D). CV was measured
using a commercial potentiostat (SP-200, Bio-Logic.Inc, Seyssinet-Pariset, France) in a standard
three-electrode configuration using KCl saturated Ag/AgCl (RE-1CP, ALS Co., Ltd, Tokyo,
Japan), along with the working and counter electrodes on the microelectrode array. CV was
performed in phosphate-buffered saline solution (PBS) having composition of KH2PO4 1.1 mM,
NaCl 155 mM, and Na2HPO4·H2O 3 mM with pH 7.4 (ThermoFisher Scientific, Waltham, MA,
USA). All CV were measured at sweep rate of 50 mV·s−1 between potential range of - 0.65 V and
0.85 V versus Ag/AgCl reference electrode. EIS measurements were obtained using the same
experimental setup. The perturbation potential was sinusoidal 10 mV excitation voltage with the
frequency range from 10 to 100 kHz.
Figure 3.5A shows CV responses of the microelectrodes with different shapes measured in
PBS from −0.65 V to 0.85 V at a sweep rate of 50 mV·s−1. The voltammographs show that the
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Figure 3.4: Electrode Fabrication. (A) Optical micrographs of the fabricated microelectrodes.
Sale bars = 50 μm. (B) Fabrication sequence of microelectrode arrays: deposition of 500 nm
silicon nitride: evaporation of Ti/Pt; and polyimide passivation layer coating followed by RIE for
opening. (C) Experimental setup with 3D printed fixture to accommodate the microelectrode
arrays for electrochemical measurements
fractal, serpentine I, and serpentine II electrodes with higher perimeter-to-area ratio all have
lower cathodic current density than the circular electrode. From the voltammographs, we

53

calculated the total and cathodal charge storage capacities (CSC) of each electrodes using the
following equation [142]:

𝐶𝑆𝐶 =

1 𝐸𝑎
∫ |𝑖|𝑑𝐸 (𝐶/𝑐𝑚2 )
𝑣𝐴 𝐸𝑐

with the potential versus Ag/AgCl reference electrode E, the measured current i, the positive and
negative potential range Ea and Ec, the surface area of the microelectrode A, and the scan rate ν.
For cathodal stroage capacity (CSCc), only the cathodic current was used for calculation, and both
anodic and cathodic currents were used for total charge storage capacity (CSCt). The average CSCc
and CSCt for each electrode design are shown in Table 2. The CSCc and CSCt of the electrodes
were compared using one-way ANOVA with Tukey’s HSD post-hoc analyses. The results
indicated that the CSCc and CSCt of circular microelectrode were significantly smaller than the
other microelectrodes with higher perimeter-to-area ratio (p < 0.01) (Fig. 3.5B). In contrast with
the FEM result, serpentine II electrodes had the highest CSC values rather than the fractal design
although the difference between the two were not statistically significant (Table 3.2). Interestingly,
CSC values for fractal electrodes were significantly higher than serpentine I electrodes even
though they share the same PSA and SA, which suggests that the electrode shape may have a
significant impact on electrode performance.
Figure 3.6A shows representative impedance spectra of each microelectrode design in PBS.
Although there were relatively small differences, the high PSA electrodes exhibited lower
impedance at high frequency. At lower impedance, however, the circular microelectrode had the
lowest impedance. The difference between simulated and measured impedance values are listed
shown in Fig 3.6B – E and Table 3.3. Unlike the Bode plot, the Nyquist representation of EIS data
showed significant differences between electrodes (Fig. 3.7). Using Randle’s circuit as an
equivalent model (Fig. 3.7B, the values of solution resistance Rs, the charge transfer resistance
RCT, and the double layer capacitance Cdl were estimated. The fractal electrode had the lowest RS
and RCT, and the highest Cdl (Table 3.4). To distinguish the impact of mass transport on
microelectrode performance, EIS was performed again in ferri-ferrocyanide, which is
electrochemically reversible analyte with differing charges and relatively large ion size [166]. EIS
measurements were repeated using 10 mM solution of analyte (Fe(CN)6-3/-4) in 0.1 M KCl (Fig.
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3.8). AC voltage perturbation of 30 mV was applied at the working electrode using sinusoidal
signal from 10−2 Hz to 100 kHz at the equilibrium voltage 0.22 V vs. Ag/AgCl sat. The EIS data
were recorded at 7 points per decade. The Bode plot showed that each microelectrode has different
impedance at low frequency range (<10 Hz) in which the impedance is dominated by mass transfer
kinetics (Fig. 3.8A). Figure 3.8B shows the Nyquist plot with two identifiable semi-circles
corresponding to different electrochemical processes. The diameter of the larger loop represents
the charge transfer resistance whereas the smaller second loop indicates the impedance due to the
diffusion of electroactive species to the electrode surface. The Nyquist plots were fitted with an
equivalent circuit model (Fig. 3.8C) to extract the values of RS, RCT, Cdl, the Warburg coefficient
W, and the nonlinear resistance related to hemi-spherical diffusion RNL. The estimated values of
each parameter from different electrode designs (n = 5 each) indicated that the fractal electrodes
have the lowest RS, RCT, W, and RNL, and the highest Cdl, which suggests that the fractal design
has substantially lower overall resistance due to both Faradaic and non-Faradaic processes (Table
3.5 and Fig 3.9).
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Figure 3.5: Cyclic Voltammetry. (A) Comparison of representative cyclic voltammogram of Pt
microelectrodes in PBS. (B) Charge storage capacity of each microelectrode (n = 5 for each).
ANOVA results revealed significant differences (p < 0.01) as compared to circular electrodes
(*), and significant differences (p < 0.01) between fractal and serpentine I, serpentine I and
serpentine II.

CSC
[mC cm-2]

Table 3.2: CSCc and CSCt of each microelectrode.
Circle
Fractal
Serpentine I
CSCc
3.69 ± 0.31
5.79 ± 0.10
4.62 ± 0.10
CSCt
5.42 ± 0.39
8.51 ± 0.13
6.37 ± 0.13
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Serpentine II
6.13 ± 0.55
8.94 ± 0.79

Figure 3.6: The impedance magnitudes simulated by FEM and EIS experimental data. (A)
Circle, (B) Fractal, (C) Serpentine I, and (D) Serpentine II.
Table 3.3: Comparison of the impedance from experiment and COMSOL simulation
(Unit: [] )
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Figure 3.7: Figure 3.8 (A) Nyquist plot of microelectrodes. (B) Randle’s circuit for equivalent
circuit model analysis.

Table 3.4: Estimated parameters of equivalent circuit model for each electrode in PBS.
Cdl [nF]
Rs [𝛀]
RCT [M𝛀]
3050 ± 141.3
3.032 ± 0.203
14.1 ± 0.209
Circle
1066
±
402.4
1.379
±
0.944
22.7 ± 0.162
Fractal
2304 ± 193.6
2.762 ± 0.473
17.3 ± 0.156
Serpentine I
1609 ± 251.8
2.269 ± 0.218
19.3 ± 0.073
Serpentine II
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Figure 3.8: (A) The impedance spectra of microelectrodes in a 10 mM ferri-ferrocyanide + 0.1
M KCl solution. (B) Nyquist plot of microelectrodes in a 10 mM ferri-ferrocyanide + 0.1 M KCl
solution. (C) Modified Randle’s circuit for equivalent circuit model analysis.

Table 3.5: Estimated parameters of equivalent circuit model for each electrode measured in
10 mM potassium ferri-ferrocyanide + 0.1 M KCl.

Circle
Fractal
Serpentine I
Serpentine II

Rs [𝛀]
RCT [M𝛀]
1666 ± 14 2.08 ± 0.017
475 ± 10 0.762 ± 0.147
723 ± 64
1.37 ± 0.140
550 ± 40
1.05 ± 0.551

Cdl [nF]
12.3 ± 0.805
50.1 ± 11.5
29.4 ± 1.36
16.1 ± 1.01
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W [𝑴𝛀 ∙ 𝐬 −𝟏 ]
3.46 ± 0.218
0.131 ± 0.042
2.43 ± 0.173
1.53 ± 0.623

RNL [k𝛀]
1004 ± 143.1
467.2 ± 146.6
681.6 ± 2.914
567.5 ± 367.2

Figure 3.9: Fitted values (Rs, Cdl, RCT, W, and RNL) of each microelectrode (n=5 for
each).ANOVA results revealed significant differences (p<0.05) as compared to circular
electrodes (∗), and significant differences (p<0.05) between fractal and serpentine I,
serpentine I and serpentine II.
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3.5

Voltage Transients

The voltage transient responses from the four electrodes (n = 5 each) were compared using constant
current pulses at five different amplitudes (2 nC, 4 nC, 10 nC, 30 nC, and 50 nC per phase) at a
frequency of 50 Hz (Fig. 3.10). The potential in the interphase region was 0 V versus Ag/AgCl sat.
As can be seen in Fig. 5E, the fractal electrodes did not reach the −0.6 V water window limit until
30 nC/phase whereas all other electrodes exceed the water window by then. The voltage transient
measurements using a charge-balanced biphasic current-controlled waveform were performed
with an analog stimulus isolator (AM 2200, AM Systems, Sequim, WA, USA). A bespoke
MATLAB program (R2016a, Mathworks, Natick, MA, USA) was used to generate stimulating
waveform with specific pulse width, amplitude, and frequency. The pulses were injected into the
electrode-electrolyte test cell, and a data acquisition board (NI USB-6353, National Instruments,
Austin, TX, USA) was used to record the voltage transient responses. The charge-balanced
biphasic pulse used in the experiments were cathodic-first current pulse with 100 μs duration
followed by 100 μs inter-phase delay. The stimulating frequency was set at 50 Hz. The maximum
negative potential excursion (Emc) was esteimated to be the potential immediately after the end of
the cathodic pulse (Fig. 3.10A). The time delay at which the current becomes zero was measured
to be approxmiately 12 μs, and Emc was recorded at 12 μs following the end of the cathodic current
pulse. Vdr is the negative driving voltage which is maximum voltage to deliver the cathodic current
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Figure 3.10: Voltage transients. (A) Representative voltage transient of microelectrode with
biphasic, symmetrical current pulse was applied at 50 Hz highlighted with maximum negative
potential excursion (Emc) and maximum driving voltage (Vdr). (B–F). Comparison of the voltagetransient responses of different microelectrodes at various total charge per phases (n = 5 for each).
Overall, the fractal design had the lowest Emc and Vdr.
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pulse. The maximum negative potential Emc is another way to estimate charge injection capacity
of a stimulating electrodes. From the voltage transient response, Emc can be estimated as the
electrode potential at the end of cathodic current pulse [154].
A comparison of the Emc for the four electrode designs is shown in Fig. 3.12A and 3.13. In
general, the fractal electrodes had the lowest Emc, followed by serpentine II, serpentine I, and the
circular electrodes, which suggests highest charge injection capacity for the fractal design. Posthoc pairwise comparison (p < 0.01) using Tukey’s test indicated that the fractal electrodes had
statistically lower Emc than all other electrodes at any charge injection level except against
serpentine II at 10 nC/phase. Similarly, serpentine II electrodes were had statistically lower Emc
than serpentine I or circular electrodes except against serpentine I at 50 nC/phase. Serpentine I
electrodes had statically lower Emc than circular electrodes at all charge injection levels. The
maximum driving voltage (Vdr) is the highest potential required to deliver the current pulse. The
lower Vdr indicates that less energy is required to deliver a given charge to electrode surface. Figure
3.12B shows different Vdr required to deliver different charge levels to the four electrode designs
under evaluation. One-way ANOVA with post-hoc pairwise comparison using Tukey’s test
showed that the fractal electrode needed the lowest Vdr than any other electrodes at any charge
injection levels. However, there was no significant difference between Vdr of serpentine I and
circular electrode at 10 nC/phase. Similar to Emc results, despite having the highest PSA ratio, the
Vdr of serpentine II electrodes were significantly higher than fractal electrodes, which suggests that
there may be additional geometric effects that influence electrode performance.

3.6

Energy Consumption

The energy required to apply a cathodal pulse is described by the equation below (Foutz et al.
2012):
𝑃𝑊

𝐸𝑙𝑜𝑎𝑑 = ∫

0

𝐼𝑠𝑡𝑖𝑚 𝑉𝑙𝑜𝑎𝑑 𝑑𝑡

where Eload is the energy consumed in the electrode and the solution, Istim is the current amplitude
for the pulse, Vload is the load voltage, and PW is the pulse-width. A comparison of the energy
needed to apply the various current amplitudes is shown in Fig. 3.13. The fractal electrode needed
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Figure 3.11: (A) Maximum negative potential excursion of the microelectrodes for each
electrode design. Estimated charge injection limit (at −0.6 V) for each electrode: circle –
295.07 μC/cm2 fractal – 510.507 μC/cm2 serpentine I – 318.817 μC/cm2 serpentine II –
359.527 μC/cm2. Maximum driving voltage. Note that the fractal electrodes required
significantly smaller amount of Vdr for any given injected charge levels.
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Figure 3.12: (A-B) Maximum negative potential excursion of the microelectrodes with different
shapes. Post-hoc pairwise comparisons using Tukey’s test (p<0.01). (C-D) Maximum driving
voltage. Post-hoc pairwise comparison using Tukey’s test (p<0.01).
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A

B

Figure 3.13: Comparison of load energy of the microelectrodes. (A) Energy consumption for
a single cathodal pulse from the microelectrodes with different shape when the constant
charge per phase was injected. (B) Energy consumption compared to the circular shaped
microelectrode. During constant current stimulation the energy required to deliver the same
amount of charge was significantly lower for fractal electrodes than other high PSA or
circular electrodes.
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significantly less energy (up to 47%) to deliver any given charge compared to the circular electrode.
The serpentine II electrodes required less energy as well (up to 39%) compared to the circular
electrode. However, as the charge level increases, the relative energy savings for the high PSA
electrodes against the circular design decreased to less than 20%.

3.7

Conclusions and Discussion

Here we experimentally demonstrated that electrodes with Vicsek fractal geometry may be more
electrochemi- cally efficient in charge transfer during neurostimulation than conventional circular
microelectrodes and other microelectrodes with higher PSA ratio. Contrary to our expectation, the
two different electrode designs with the same PSA ratio demonstrated significantly different
electrochemical performance, which suggests the possibility of tailoring optimum electrode
designs for various neurostimulation applications. The enhanced charge capacity afforded by the
fractal design may also translate into a more energy efficient neurostimulation system with
improved functional lifetime.
The CV responses of the four different electrodes revealed a similar PSA effect that has
previously been reported in literature [154]. The fractal electrodes, however, showed significantly
larger CSC than PSA-matched serpentine I electrodes. Compared to circular electrodes with the
same surface area, CSCc for fractal electrode was 57% higher whereas serpentine I electrode with
the same PSA only showed 25% increase. The CSCc for fractal electrode was similar to that of
serpentine II electrodes with perimeter that is 1.6 times larger. The CSCc increase in Pt
microelectrodes can be compared to that of IrOx microelectrodes. Although the magnitude of CSCc
in IrOx electrodes are typically 10 times larger than that of Pt electrodes, the change in CSCc due
to increasing PSA from 74 to 255 was approximately 31%, which is close to 25% increase we
observed between circular (PSA = 40) and serpentine I (PSA = 256) [154], [172]. This suggests
that fractal design in IrOx may also translate into an even larger improvement in CSCc as we
demonstrated in Pt microelectrodes.
The charge injection limit measured by the voltage transient response of microelectrodes
showed similar superior performance of the fractal designs. When pulsed with a charge-balanced
current-controlled biphasic stimu- lation waveform, the fractal electrodes exhibited lowest driving
potential (Vdr) than the other electrode designs. The negative potential excursion (Emc) was the
lowest in fractal electrodes as well. When extrapolated for charge injection limit, the fractal
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electrodes were able to deliver 73% more charge than circular design (510 μC⋅cm−2 vs. 295
μC⋅cm−2, Fig. 3.12) without reaching the water hydrolysis limit. Interestingly, the total current
injected estimated in our constant voltage COMSOL model was also approximately 55% larger,
which is close to the charge injection limit improvement we demonstrated. Other groups have
postulated that the increase in charge injection capability of high PSA may be attributable to
decrease in access resistance and increase in ionic flux in high PSA electrodes [149], [154]. Indeed,
the estimated access resistance (i.e., Vdr – Emc) for fractal and other high PSA ratio electrodes
remained lower than that of circular electrodes at various charge injection levels (Fig. 3.12).
This is also supported by our COMSOL analysis. Although our simplified numerical analysis
does not take into account the impact of diffusion, the fractal and other high-PSA electrodes
showed a lower overall resistance than circular electrode (Fig. 3.6). The impedance measured in
PBS also suggest the lower overall electrode resistance for non-Euclidean electrodes, however, it
is difficult to distinguish the contribution due to Faradaic processes. Our EIS data in ferriferrocyanide does provide clearer evidence to demonstrate superior ionic flux in fractal and other
non-Euclidean, high-PSA microelectrodes (Fig. 3.8). Moreover, the equivalent circuit model
analysis showed that the fractal elec- trodes have significantly higher capacitance than other
electrodes, which suggests that these non-Euclidean microelectrodes have greater charge injection
capacbility due to lower access resistance, superior ion flux, and lager capacitance (Fig.
3.9). Compared to the conventional stimulation electrodes found in DBS or SCS, the
microelectrodes have significantly higher overall interface impedance due to their smaller size.
Thus, creating a more efficient electrode design is critical in ensuring longevity of
neurostimulation devices with high-density microelectrode array.
In a recent simulation, Watterson et al. highlighted enhanced potential penetration capability
of fractal electrodes [160]. The authors suggested that larger electrode bounding perimeter and the
additional double layer capacitance afforded by the vertical side-wall, can lead to additional charge
transfer that results in greater potential penetration. However, our work demonstrates that even
without the added side-wall, the fractal designs may have greater charge injection capability due
to superior Faradaic and non-Faradaic electrochemical processes. Although several groups have
already proposed the idea of using high PSA electrode to improve charge transfer efficiency of
stimulating electrodes, this work provides the first evidence to suggest that even more superior
electrode may be possible by optimizing the geometry.
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A critical next step is to evaluate the impact of electrode design in terms of its mechanical
stability. As shown in our FEM (Fig. 3.3), the fractal design resulted in higher current density than
other electrodes. The Pt electrodes are known to suffer from dissolution that scale with the
magnitude of current density [173], [174]. With the increased cur- rent density, we expect the
dissolution process for these high PSA electrodes to be accelerated as well. Therefore, further
study on the effects of fractal design on electrode dissolution is warranted altough the concern for
elec- trode integrity may be mitigated by utilizing non-Pt electrodes materials or via imbalanced
stimulation waveforms [175]. Finally, it is essential to investigate whether a more energy efficient
neural stimulation can actually be achieved in vivo using these fractal microelectrode designs to
confirm our electrochemical results.
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GRAPHENE PROTECTION LAYER TO PREVENT
NEUROSTIMULATION-INDUCED PLATINUM DISSOLUTION

4.1

Introduction
Platinum (Pt) is widely used in neurostimulation devices as the electrode material and is

regarded as the gold standard for implantable neural interface [176]–[181]. However, a wellknown problem of using Pt, especially for a high-density neural interface with microscale
electrodes, is that it can undergo irreversible electrochemical reactions during neurostimulation
that can physically alter the electrode surface. Irreversible Pt dissolution can occur during
neurostimulation due to cyclic formation and reduction of an oxide layer on Pt surface [173].
Moreover, Pt can react with the chloride ions during the anodic phases to form platinum chloride
species that can affect cellular physiology [182]–[184].
Pt dissolution can have detrimental effects on the functional lifetime of neural interface by
altering the geometry, the material, and the electrical properties of the microelectrode [185], [186].
Moreover, the byproduct of Pt dissolution may be toxic to the surrounding neural tissue. Pt
concentration as low as 1 ppm is known to cause morphological and functional changes in neurons,
and Pt concentration over 50 ppm is thought to have cytotoxic effects [187]. More recently, Wissel
et al revealed that released Pt during the stimulation can significantly reduce mitochondrial activity
and induce oxidative stress on cells [188].
Pt dissolution is thought to occur even at low current levels. In one of the classic
experiments, Robblee et al, demonstrated a Pt dissolution rate of 0.5 µg cm−2 in vivo for 1.1 mmdiameter circular electrodes even with a low charge density of 20 µC cm−2. With smaller
microelectrodes, the dissolution process is expected to be accelerated. This may be problematic
especially for fractal microelectrodes that are thought to have superior charge transfer capabilities
than conventional circular electrodes [189]–[191]. Although the dissolution rate is known to be
slower in vivo due to protein layer adsorption on the microelectrodes, the fractal designs are still
expected to experience significant dissolution during neurostimulation due to their higher current
density.
With the growing demand for more advanced flexible and minimally invasive neural
interfaces (annual growth rate of 7%–17%) and the increase in the number of neurological
disorders (36.7% between 1990 and 2015), the use of high-density Pt microelectrodes in
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neurostimulation devices is likely to experience continued growth in the future [132], [192].
However, the concerns for neural interface stability due to Pt dissolution of microelectrodes may
temper the excitement for these advanced microfabricated devices. Therefore, a better solution to
prevent Pt dissolution is needed to ensure that the chronic neural interface remain functional for
long-term usage.
In this work, we demonstrate that a graphene mono layer can be used as a protective layer
that can significantly alleviate Pt-dissolution during a prolonged neurostimulation while
maintaining good charge transfer characteristics. Graphene is a two-dimensional carbon sheet with
a honeycomb structure. With the long range π-conjugation, graphene is widely used in electronics,
energy, and biomedical applications because of its remarkable mechanical, thermal, and electrical
characteristics [193]–[199]. Furthermore, because of its impermeability against gas and liquid,
graphene is known to be an excellent diffusion barrier that can protect the surfaces of reactive
metals from oxidation [200]–[203].
Here we microfabricated fractal and circular Pt-microelectrodes to measure their
dissolution rates during a prolonged neurostimulation in a proteinaceous buffer solution. We
compared the dissolution rate of the bare Pt with graphene-coated Pt (G-Pt) microelectrodes using
an inductively coupled plasma- mass spectroscopy (ICP-MS) and confirmed the compositional
changes using an x-ray energy dispersive spectroscopy (EDX). Furthermore, we measured the
changes in electrochemical properties of various microelectrodes before and after an extended
neurostimulation. We found that a graphene monolayer significantly decreased the Pt dissolution
rate to negligible levels even for fractal microelectrodes with little change in their charge transfer
characteristics during charge-balanced biphasic stimulation. Our results suggest that a graphene
monolayer may be used to mitigate Pt-dissolution in chronically implantable neural interface
devices. Moreover, these results suggest a path forward for utilizing the fractal microelectrodes
for high-density neural stimulation applications (e.g. deep brain stimulation, vision prostheses, etc.)
without the potential reliability issues.
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4.2

Device Fabrication

Figure 4.1: G-Pt microelectrodes with different shapes. (A) Fabrication process of G-Pt
microelectrodes: metal patterning for electrodes and contact pads on silicon oxide on silicon
wafer. Transfer the monolayer graphene. Graphene patterning for electrode sites. SU-8
patterning for the passivation layer. (B) Optical micrographs of the fabricated G-Pt
microelectrodes. Scale bar =100 µm.
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The circular and fractal shaped microelectrodes were designed to have identical surface
area (7.854 × 10−3 mm) to investigate the impact of geometry on Pt corrosion. Pt microelectrodes
array were fabricated on 500 nm film of silicon oxide by thermal oxidation of silicon wafer (Fig.
4.1). Microelectrodes patterns were defined using a positive photoresist (AZ1518, MicroChem,
Newton, MA, USA), which is followed by deposition of Ti adhesion layer (10 nm) and Pt layer
(100 nm thick) using e-beam evaporator. The metal patterns were achieved by lift-off process
using acetone. SU-8 passivation layer (1.5 µm thick) was spin-coated and patterned using
photolithography.
To fabricate the G-Pt microelectrode, a monolayer of graphene ( ~ 1.7 nm-thick [204]) was
grown on copper (Cu) substrate by low pressure chemical vapor deposition (CVD) at 1000 oC
using methane as carbon precursor. Poly(methyl methacrylate) (PMMA) was first spin coated on
the graphene layer to aid the transfer process. After curing the PMMA at 180 °C for 5 min, the Cu
was etched away by FeCl3 solution. The PMMA/ graphene stack was washed with deionized water,
then the stack was transferred onto Pt patterned substrate. PMMA was removed using acetone, the
sample was cleaned with isopropyl alcohol (IPA). The transferred graphene was patterned using
photolithography and reactive ion etching with oxygen plasma. Finally, SU-8 was coated and
patterned for passivation layer.

4.3

Platinum Dissolution
To measure Pt dissolution rate, the 3D printed testing chamber was filled with air-saturated

phosphate- buffered saline (PBS) with composition of 1.1 mM KH2PO4, 155 mM NaCl, 3 mM
Na2HPO4·H2O with pH 7.4 (ThermoFisher Scientific, Waltham, MA, USA) with 0.2 mg ml−1
bovine serum albumin (ThermoFisher Scientific, Waltham, MA, USA) at room temperature. The
current pulses for 0.35 mC cm−2 were injected into the electrode at 50 Hz with a 1 ms pulse width
and 1 ms inter-pulse delay. Aliquots of PBS in the testing chamber were taken every 2 h during
the 10 h stimulation of each electrode type (n = 3, each) and measured the Pt concentration change
using Thermo Element II ICP-MS (ThermoFisher Scientific, Waltham, MA, USA. Collected
samples were digested using aqua regia and diluted with 4% HCl for ICP-MS analysis of Pt ion
concentration.
Figures 4.2A and B show bare Pt microelectrodes before and after a continuous 3 d
stimulation using 0.35 mC cm−2 at 50 Hz, which is below the safety charge injection limit for Pt
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electrodes [205], [206]. Both fractal and circular design showed significant dissolution only after
3 d in a proteinaceous PBS. Figure 4.2C compares the amount of Pt released over the stimulation
period for bare and G-Pt micro- electrodes with circular and fractal designs. In our previous study,

Figure 4.2: Pt microelectrodes dissolution. (A) Representative optical image of Pt
microelectrode with the fractal design before (top) and after (bottom) 3 d stimulation. Scale bar
=50 µm. (B) Optical images of circular Pt microelectrodes before (top) and after (bottom) 3 d
stimulation. Scale bar =50 µm. (C) Pt concentration in PBS from the fractal and circle
microelectrodes with Pt and G-Pt. (D) Total Pt dissolution for 10 h-stimulation, which showed
statistically significant reduction for both fractal and circular microelectrodes (* for p < 0.05, and
** for p < 0.01).
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the fractal microelectrodes exhibited higher current density across its surface than the circular
microelectrodes for a given electrode potential [191]. With the increased current density, we
predicted that the electrode dissolution may be predicted. As we expected, the bare Pt
microelectrodes with fractal design showed the highest dissolution rate with 35.4 ng C−1 than its
circular counterpart with dissolution rate of 8.7 ng C−1 for 10 h-stimulation. Conversely, both
fractal and circular G-Pt exhibited significant reduction in Pt dissolution rate compared to their
bare Pt counterparts (1.0 ng C−1 for both), which supports our hypothesis that the graphene
monolayer can effectively prevent dissolution as a diffusion barrier.
When comparing the total amount of lost Pt, the effectiveness of graphene monolayer in
preventing dissolution becomes clearer (figure 4.2D). For fractal microelectrodes, the graphene
layer reduced Pt dissolution by 97% after 10 h (p < 0.01, Table 4.1). For circular microelectrodes,
it reduced Pt dissolution by 88% (p < 0.01). For a longer stimulation period, we expect the percent
reduction to be even larger for each electrode design.

Table 4.1: Amount of Pt release of each electrode type during 10-h stimulation

Circle
Fractal

Pt [ng]
0.42  0.05
1.72  0.09

G-Pt [ng]
0.05  0.03
0.05  0.02

Reduced Pt loss [%]
87.8  7.22
97.1  0.99

Figure 4.3: Raman spectroscopy. Raman spectroscopy were taken on the same graphene coated
fractal electrode before (black line) and after stimulation (red line).
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To explore stability of the graphene layer on the Pt electrode surface, we performed Raman
spectroscopy on G-Pt electrode surface (Fig 4.3). We observed the characteristic peaks for
graphene monolayer before and after the neurostimulation, which suggests that graphene layer was
not affected by the biphasic stimulation. We also confirmed the compositional changes using EDX
(Fig 4.4). After 10 h stimulation, both fractal and circular bare Pt microelectrodes had higher
oxygen and lower Pt contents than before the stimulation (Table 4.2). The Pt contents were
decreased by the dissolution process, which suggests that the electroactive surface may also be
reduced. In contract, we saw little change in oxygen and Pt contents on G-Pt microelectrodes
following the 10 h stimulation (Fig 4.5).
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Figure 4.4: Optical images and the corresponding EDX color map of Pt and G-Pt
microelectrodes. In the EDX image, pink, green, blue, orange, red dots indicate the presence
of Pt, oxide, silicon, titanium, and carbon, respectively. Scale bar =50 µm. Note the change
in coloration in both optical and EDX images that suggests change in electrode material.
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Figure 4.5: EDX spectra from each microelectrode.

Although we demonstrated that the Pt dissolution may be suppressed using a graphene
monolayer, we will need to further explore the robustness of this approach. The anti-corrosion
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Table 4.2: Atomic weight percentage of each electrode from map sum EDX spectrum
( Unit = [%] )

C
Si
O
Pt
Ti

Pt-F
(Before)
80.7
13.6
5.2
0.5
0.1

Pt-F
(After)
80.8
13.1
5.7
0.3
0.0

Pt-F
(Before)
82.6
12.0
4.6
0.7
0.0

Pt-F
(After)
83.8
10.0
5.6
0.5
0.1

Pt-F
(Before)
81.6
12.8
5.1
0.5
0.1

Pt-F
(After)
80.7
13.6
5.2
0.5
0.0

Pt-F
(Before)
84.0
10.4
5.1
0.4
0.0

Pt-F
(After)
83.4
10.5
5.8
0.4
0.0

properties of graphene demonstrated in other non-noble metal has shown that potential defects,
cracks, or scratches on graphene could lead to a localized oxidation [207]–[210], which may be
why we still observed some dissolution on G-Pt microelectrodes. These defects in graphene could
provide a diffusion channel for molecules such as O2 and H2O through the graphene–metal
interface [211]–[213] and the space between graphene–metal inter- face may act as a 2D container
for Faradaic reactions [214]–[216]. When the coupling is strong, the density of states of graphene
gets modified and changes from the Dirac cone dispersion to a more conventional parabolic
dispersion [217]. As such, we suspect that different substrate metals have varying degrees of
coupling interaction with graphene, which can impact various electrochemical reactions including
corrosion and charge transfer process. Therefore, a careful consideration of metallic substrate may
be necessary to avoid generation of potentially harmful electrochemical byproducts that can
compromise the neural interface over long-term. One way to mitigate graphene defects is to use
multi-layer graphene. However, additional graphene layers may increase overall electrode
impedance and reduce charge transfer performance of these stimulating microelectrodes.
Nevertheless, it would be informative to demonstrate the impact of monolayer and multi-layer GPt microelectrodes using in vitro and in vivo models. Our results show that G-Pt micro- electrodes
had only 0.019 ng ml−1 of dissolution after 10 h stimulation. In previous studies, > 1.6 µg ml−1 of
dissolved Pt was required to induce cell death [218]. Although it would require 35 d of continuous
stimulation to generate such large concentration Pt from monolayer G-Pt, it would be interesting
to see how multi-layer G-Pt microelectrodes would perform.
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4.4

Cyclic Voltammetry and EIS
To investigate the impact of Pt dissolution on the electrochemical performance and the

CSCc of these microelectrodes, we performed CV measurements on bare Pt and G-Pt
microelectrodes with different designs. CV and EIS was measured using a potentiostat (SP- 200,
Bio-Logic.Inc, Seyssinet-Pariset, France) with Ag/AgCl with 3M KCl (RE-1CP, ALS Co. Ltd.,
Tokyo, Japan), 5 mm diameter graphite counter electrode, and working electrodes on the
microelectrode array. CV was measured in PBS with 0.2 mg ml-1 BSA. Scan rate for CV was 50
mV s-1 between potential range of −0.6 V and 0.8 V versus Ag/AgCl reference electrode. CSCc
was calculated from the overall charge storage capacity (CSC) using the previously described
equation in chapter 3. EIS were measured with the AC voltage perturbation potential of 30 mV
amplitude in the frequency range from 1 to 100 kHz in PBS with BSA at room temperature.
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Figure 4.6: CV of Pt and G-Pt microelectrodes. (A) CV of fractal Pt microelectrodes before
and after the stimulation. (B) CV of the circular Pt microelectrodes . (C) Cyclic voltammetry
measurements on the fractal G-Pt microelectrodes. (D) Cyclic voltammetry measurements on
the circular G-Pt microelectrodes. (E) CSC of each electrode (n = 5 for each). Note that
ANOVA showed statistically significant differences between electrodes (**, p < 0.01).
Figures 4.6A and B show a substantial decrease in oxidation and reduction peaks following
a 10 h of stimulation using bare Pt microelectrodes with either fractal or circular design. These
results suggest that the bare Pt microelectrodes not only demonstrate physical changes but they
also undergo substantial changes to their electrochemical characteristics after only a 10 h of
continuous stimulation. In comparison, G-Pt microelectrodes demonstrated little change in CV
after the same treatment (Fig 4.6C and D). Compared to the bare Pt microelectrodes, G-Pt ones
showed substantially decreased Faradaic reaction peaks, which supports our hypothesis that the
graphene layer can significantly reduce Pt dissolution by impeding the diffusion of oxidative
species. The CSCc measures the total amount of charge available for a single cathodic stimulation
pulse, which is an indication of the cathodic charge injection capacity. Using one-way ANOVA
with Tukey’s HSD post-hoc test, we compared the CSCc of each micro- electrode before and after
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the 10 h stimulation (Fig 4.6E). The CSCc of bare Pt microelectrodes decreased significantly after
the 10 h stimulation (p < 0.01). As expected, the fractal microelectrodes showed a more significant
CSCc decrease than the circular microelectrodes. However, G-Pt microelectrodes showed little
changes in CSCc before and after the stimulation. This further supports our hypothesis that the
graphene layer can provide protection against Pt dissolution and prevent changes in charge transfer
characteristics. Although G-Pt microelectrodes had smaller CSCc than bare Pt microelectrodes,
which is most likely due to the reduction in Faradaic charge transfer, the improved stability in
CSCc suggest G-Pt may be a better neural interface for chronic implantation.
Next, we performed EIS to evaluate the changes in microelectrode impedance following
the stimulation (n = 5, each). Figure 4.7A show the impedance spectra of the bare Pt and G-Pt
microelectrodes before and after the stimulation. Throughout the entire frequency range, the
impedance of bare Pt electrodes increased. In contrast, we observed relatively small differences in
the G-Pt microelectrodes (Fig 4.7B). The phase responses of Pt and G-Pt microelectrodes had
different shapes, which demonstrates the impacts of electrode design and graphene coating (Fig
4.7C and D). Compared to the bare Pt microelectrodes, G-Pt microelectrodes showed
relatively small change in phase responses before and after the stimulation.
When comparing the impedance at 1 kHz, we saw that the impedance of bare Pt
microelectrodes increased significantly following the stimulation (Fig 4.7E). Conversely, we
found no significant differences in impedances for G-Pt microelectrodes after the stimulation (Fig
4.7F), which further demonstrate superior stability of G-Pt microelectrodes. To better understand
the electrochemical characteristics of the microelectrodes, EIS data were fitted to an equivalent
circuit model to estimate the parameters of a solution resistance Rs, a charge transfer resistance Rct,
a double layer capacitance Cdl, a resistance of the adsorbed protein film Rf, capacitance of the
protein film Cf, and the Warburg element W (Fig. 4.7G) [218], [219]. Overall, the fractal
microelectrodes had lower resistive components (Rs, Rct, and Rf) than circular microelectrodes
(Table 4.3). Following the stimulation, we saw substantial changes in each fitted parameter for
bare Pt microelectrodes. The changes were more pronounced for fractal than circular
microelectrodes, which highlight the risk of using unprotected fractal microelectrodes. However,
we saw minimal changes across all estimated EIS parameters for the G-Pt microelectrodes after
the stimulation. Interestingly, Rf were higher for bare Pt microelectrodes than G-Pt ones. In
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Figure 4.7: Electrochemical impedance spectroscopy. (A) Impedance responses of the bare Pt
microelectrodes with different shapes before and after the stimulation. (B) Impedance responses
of the G-Pt microelectrodes. (C) Phase angle versus frequency of the Pt microelectrodes. (D)
Phase angle versus frequency of the G-Pt microelectrodes. (E) Impedance of Pt microelectrodes
at 1 kHz (* for p < 0.05, and ** for p < 0.01). (F) Impedance of G-Pt at 1 kHz. (G) Equivalent
circuit model for each electrode in PBS with BSA.
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contrast, Cf of bare Pt micro- electrodes were lower than that of G-Pt microelectrodes. Compared
to the surface potential of Pt ( < 200 mV) [220], the graphene layer has a lower surface potential
(−77 mV) in PBS [221], which can electrostatically repulse negatively charged BSA molecules
with the surface potential of −20.3 mV in PBS [222]. There- fore, we suspect that there may be a
smaller amount of adsorbed protein on Gt-Pt microelectrodes than on bare Pt microelectrodes.
Moreover, we saw that the Rf increased while Cf decreased following a 10 h stimulation of bare Pt
microelectrodes, which may be due to an increased amount of adsorbed protein. In contrast, we
saw little change in Rf and Cf for G-Pt microelectrodes, which suggests there may be relatively
little change in protein adsorption amount on these electrodes even after a prolonged
neurostimulation.

Table 4.3: Estimated parameters of equivalent circuit model for each electrode in PBS.
(n = 5 each)
Pt-F-Before
Pt-F-After
Pt-C-Before
Pt-C-After
G-Pt-F-Before
G-Pt-F-After
G-Pt-C-Before
G-Pt-C-After

4.5

Rs [k]
2.02  0.27
4.26  0.35
5.32  0.29
8.62  0.10
2.27  0.21
2.42  0.29
5.51  0.12
5.57  0.18

Rct [k]
15.5  7.68
56.0  3.85
40.2  14.1
63.6  27.9
19.5  9.72
21.7  11.8
42.4  13.1
43.1  9.95

Cdl [nF]
4.38  0.69
2.40  0.32
2.02  1.01
1.75  0.97
5.96  3.12
6.05  2.74
3.05  2.83
3.39  1.29

Rf [k]
49.9  0.75
124  0.03
73.8  1.02
248  1.93
24.8  0.64
26.1  1.27
44.8  4.13
49.2  16.6

Cf [nF]
0.20  0.05
0.15  0.04
0.29  0.08
0.18  0.05
0.30  0.07
0.26  0.10
0.30  0.12
0.32  0.11

W [M s-1/2]
1.92  0.43
4.58  0.49
6.14  3.52
7.33  1.96
2.02  0.46
2.20  0.11
7.79  0.62
7.68  0.76

Voltage Transients
Finally, we compared the voltage transient characteristics of the microelectrodes to confirm

the long-term stimulation charge-injection capacity (n = 5, each). Each electrode was stimulated
using biphasic, symmetric pulses with 1 ms pulse width at 26.97 nC per phase (0.35 mC cm−2 with
26.97 µA at 50 Hz). The charge-balanced biphasic current pulse was applied using a sourcemeter
(2601A, Keithley, Cleveland, OH, USA) with a biased inter-pulse potential level to 0 V versus
Ag/AgCl reference electrode. The voltage transient measurements were performed in the PBS with
BSA at room temperature. To prevent DC leakage during the stimulation, an isolation capacitor
(10 µF) was placed between the sourcemeter and working electrode. The pulsing was done at 50
Hz with a 1 ms pulse width and 1 ms inter-phase delay. The current pulses were injected into the
electrode, and a data acquisition board (NI USB-6333, National Instruments, Austin, TX, USA)
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was used to record the voltage transient. The time delay that the applied current is completely off
was measured to be approximately 50 µs, therefore, Emc was estimated at 50 µs immediately after
the end of the cathodic pulse. To estimate Qinj, Emc of each electrode was measured in the range of
specific injected charge density (0.15, 0.2, 0.25, 0.3, 0.35 mC cm−2). Regression function was
estimated using the Emc points in the injected charge density range, and Qinj was calculated by the
regression function.
The interphase potential was set to 0 V versus Ag/AgCl reference electrode. To compare,
we measured the maximum negative potential excursion (Emc), the maximum driving voltage (Vdr),
and the charge injection limit (Qinj) from the voltage transient responses (Fig 4.8A). Figure 4.8B
shows that the maximum negative voltages of both types of bare Pt microelectrodes increased after
the 10 h of stimulation. However, G-Pt microelectrodes maintained relatively stable voltage
transient responses following the stimulation (Fig 4.8C). The Emc is the potential required to
polarize the electrode, which is measured at the end of the cathodic phase of the biphasic pulse.
Figures 4.8D and E show the comparison of Emc and Vdr for each electrode at 26.97 nC per phase.
In general, fractal microelectrodes have lower Emc and Vdr than the circular ones as we
demonstrated previously [191]. Moreover, the bare Pt fractal microelectrodes showed a larger
increase in Emc and Vdr following 10 h stimulation than the circular microelectrodes, which
highlight the design’s vulnerability. However, G-Pt microelectrodes showed virtually no change
in Emc and Vdr following the stimulation. When comparing the Qinj of each microelectrode, the
benefit of G-Pt became even more apparent (Fig 4.8E). Our results showed that bare fractal
microelectrodes suffered significant loss in Qinj after the 10 h stimulation while G-Pt
microelectrodes maintained its Qinj. This bodes well for the high performing fractal designs
because their post-stimulation Qinj remained > 3X of the circular microelectrodes.
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Figure 4.8: Voltage transient measurement. (A) Representative voltage transient of
microelectrode with biphasic, symmetrical current pulse at 50 Hz frequency. (B) Voltage
transients from Pt microelectrodes with circular and fractal shape before and after 10 h
stimulation. (C) Voltage transients from G-Pt microelectrodes with circular and fractal shape
before and after 10 h stimulation. (D) Maximum negative potential excursion. (E) Driving
voltage from the microelectrodes. (F) Charge injection limit (* for p < 0.05, and ** for p <
0.01).
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4.6

Conclusions and Discussion
From these results, we conclude the following: (1) long-term stimulation of Pt

microelectrodes can result in dissolution-induced electrode degradation and failure; (2) fractal
microelectrodes have significantly superior charge transfer characteristics than simple circular
design; (3) fractal microelectrodes are more susceptible to stimulation-induced dissolution; (4)
however, graphene monolayer can significantly reduce the stimulation-induced dissolution in Pt
microelectrodes. Taken together, our results suggest that G-Pt fractal microelectrodes may provide
an electrochemically more stable interface for neural stimulation. In the future, we plan to verify
the long- term reliability and the robustness of these graphene coating and to confirm these finding
using in vitro and in vivo models.
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CONCLUSIONS AND FUTURE WORKS

5.1

Summary

Self-Clearing Smart GDD
In Chapter 2, we presented a clinical non-invasive solution for clearing of GDDs. The
occlusion of the lumen of the tube due to biofoulings is one of the most common complications
for GDDs. Once the GDD is implanted, the surface of the device is immediately covered with
interstitial proteins such as albumin, fibrinogen, and IgG, which initiates foreign body responses
resulting thick encapsulation of the device. Especially, the tube part of the GDD shunt with a
diameter of 50 – 200 m can be blocked by the blood clots, the posterior capsule, or vitreous
humor. Additional surgical intervention is required to remove the blockage, which may double the
total cost of the treatment with additional risks to the patient. To combat the problems associated
with biofouling, we placed microactuators in the middle of the microchannel, which can
mechanically clear the surface of the channel and ultimately vary the AH flow resistance.
We customized a maskless photolithography setup for rapid prototyping of various designs
and arrangements of microactuators without the cost and time delay to order several masks for
photolithography. We used a commercially available projector with the lens and microscope
aligned between the sample stage and the projector to achieve micro-scale patterns. The
photolithography patterns can be easily edited using Microsoft PowerPoint. Cu-cladded LCP was
used to maximize simplicity and fabrication speed by using the Cu layer as a seed layer for the Ni
electroplating. The actuator pattern was defined using an RIE and remaining Cu was etched by a
chemical etchant. The Ni pattern on the microactuator was coated with 100 nm thick Ti to improve
biocompatibility.
The successful application requires the microactuator to remotely actuate in a controlled
external magnetic field. To precisely control the magnetic field density, we used an
electromagnetic coil. The LCP-based thin film microactuator can be deflected over 60 degrees in
static magnetic field, which follows theoretical estimation. A primary resonant frequency around
20 Hz was measured in PBS using our customized laser deflecting setup. In addition, mechanical
fatigue was evaluated to confirm that our actuator has good mechanical reliability from extended
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actuation. The results showed that there was no cracks or visible damage on the microactuators
and no shift in the resonant frequency after 10.9 million actuation cycles.
Serum albumin non-specifically binds onto the implant surface within minutes after the
implantation and initiate foreign body responses. We hypothesis that if serum albumin can be
removed from the surface of GDD tube, the occlusion of the tube by biofoulings may be suppressed.
Therefore, protein clearing capability was evaluated using fluorescence labeled bovine serum
albumin (BSA-FITC). The fluorescence intensity of BSA-FITC adsorbed on the microactuators
was quantified to compare the amount of proteins on the device before and after the actuation. We
demonstrated that the actuation significantly reduced the amount of the adsorbed proteins from the
device surface. The lumen of microtube was also cleaned by the inserted microactuators due to the
shear stress generated by the actuation.
Electrode design for efficient electrical neurostimulation
It is challenging to achieve high charge transfer capability using microscale electrodes
owing to their increased impedance and charge transfer resistance. Although electrode designs
with high PSA ratio have previously been suggested to increase the charge injection limit, it is still
not clear how PSA ratio of the microelectrodes affect the charge transfer process. In Chapter 3, to
investigate the role of electrode geometry in terms of PSA ratio and shape, we designed four types
of electrodes (circular, fractal, serpentine I, and serpentine II) with identical surface area but
different PSA ratios. Using the FEM simulation, we evaluated the current density on the electrode
surface with applying the constant voltage (–0.6 V), and the impedance in frequency range from
10 Hz to 0.1 MHz by applying 10 mV AC voltage perturbation. The results indicate that the fractal
design can inject the highest amount of current and lowest solution resistance.
In Chapter 3, the electrochemical performance of the electrodes with different designs was
evaluated using CV, EIS, and voltage transients. With CV, we can identify the presence of
electrochemical reactions and charge storage capacity, which is the total amount of charge
available for a single stimulation pulse. The voltammographs showed that fractal, serpentine I, and
serpentine II designs all have a lower cathodic current response peaks than the circular electrode
even though they have same the surface area. Furthermore, CSC values for fractal electrodes were
significantly higher than serpentine I sharing the same PSA and SA with the fractal design. EIS
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data indicated that the fractal design has the lowest impedance due to the advantage in chemical
diffusion on microelectrode related to the Faradaic charge transfer. The charge injection limits of
the electrodes were compared by voltage transient responses with different current pulse
amplitudes. These results suggest that the fractal electrode is the most efficient design to increase
charge injection limit of the microelectrodes.
Graphene protection layer to prevent corrosion in Pt electrode
In Chapter 4, we applied the graphene protection layer to enhance the reliability of the Pt
microelectrode with fractal shape with increased current density at the edges and the corners. Pt is
one of the standard materials for neurostimulation due to its excellent charge transfer capability
and biocompatibility. However, Pt undergoes irreversible electrochemical reactions during
neurostimulation, which can lead to delamination, cracks, and corrosion of the thin Pt film.
Furthermore, these reactions produce cytotoxic byproducts that can damage the surrounding neural
tissues. Although we suggested that the fractal microelectrodes have a better charge transfer
performance than conventional circular designs, Pt fractal microelectrodes had an accelerated
dissolution rate than the circular ones due to its increased current injection at the edges. Therefore,
there is a need for a technique to develop more reliable neurostimulating microelectrodes.
In Chapter 5, we demonstrated that the graphene monolayer coated on the Pt
microelectrode can significantly reduce the Pt dissolution while maintaining high charge transfer
capability of these microelectrodes. To evaluate the corrosion prevention performance of the
graphene layer, we fabricated bare Pt and graphene-coated Pt microelectrodes with circular and
fractal designs. The monolayer graphene layer was transferred to the electrode substrate and
patterned using photolithography and RIE. After a continuous 10 h stimulation with injected
charge density of 0.35 mC cm-2 at 50 Hz frequency, the amount of Pt dissolved in the PBS solution
was measured using inductively coupled plasma mass spectrometry. Our results showed that the
graphene protection layer reduced >97 % for fractal Pt microelectrodes while they maintained the
superior charge transfer characteristics. In addition, there was no significant changes in
electrochemical characteristics of the graphene-coated Pt microelectrodes before and after the 10
h stimulation period.
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5.2

Future Works
This work represents our efforts to improve the reliability of various implantable devices

against biofouling and electrochemical corrosion. However, biotic and abiotic failures of
implantable devices occur concurrently and cannot be isolated from one another. It may possible
to prevent different kinds of failures in implantable devices by combining our strategies in one
system. For example, we could develop a magnetically actuated implantable soft robot with
neurostimulation and neural recording electrodes that can be remotely re-positioned in situ in a
precise and controlled manner. This multifunctional device may be used to not only record and
stimulate but prevent biofouling-related performance degradation (Fig. 5.1). Furthermore,
graphene protection layer could significantly reduce the corrosion of the working electrodes to
withstand the prolonged electrical stimulation in vivo without requiring surgical intervention to
replace the devices.

Figure 5.1: Magnetic soft robot combined with the neural probe consisted of graphene-coated
microelectrodes to enhance the reliability.
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