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Abstract

Over more than half a century, neural interfaces enabled various breakthroughs to
treat patients suffering from neurodegenerative diseases. Up to now, only a few
neural devices were able to demonstrate significant clinical impact, such as deep
brain stimulation and cochlear implants. However, these probes are exclusively used
for stimulating neural activity. As long-term monitoring of, or even bi-directional
communication with, the brain still remains challenging, much effort has been
devoted in the last years to optimize probe dimensions and to implement low
Young’s modulus polymers as substrate materials for the device fabrication.
With the goal to produce next-generation, compliant, intracortical probes suitable
for chronic implantation, a Michigan-style array was designed by minimizing the
probe dimensions and reducing the mismatch between the device and tissue. To this
end, an array consisting of four shanks with cross-sections per electrode of 250�m2

were produced using ParyleneC, a biocompatible and soft polymer, as substrate
material. Furthermore, to obtain high quality recordings, a low impedance coating
was established utilizing spin-coated PEDOT:PSS. The recording sites with a
geometric surface area of 113�m2 were covered with 610 nm thick PEDOT:PSS,
resulting in an impedance of 2.650MΩ·�m2. As compliant probes need to be
mechanically reinforced during implantation, a tissue-friendly insertion system was
developed to reduce the effective length of the intracortical probes by introducing a
temporary polyethylene glycol coating. The soft and flexible shanks, with a length of
2mm, were successfully implanted into the mouse barrel cortex without inserting the
bulky coating, which minimized the acute trauma during insertion. The compliant
implants were able to simultaneously detect local field potentials as well as single-
unit and multi-unit activities with a maximum SNR of 7. Additionally, more
quality units (SNR>4) were isolated from the recordings using compliant devices
in contrast to commercially available traditional stiff probes. These promising
outcomes lay the groundwork for future long-term stability validations of compliant
intracortical implants and is one step closer towards designing chronically stable
devices with seamless biointegration.
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Zusammenfassung

Seit mehr als einem halben Jahrhundert ermöglichen Neuroprothesen außerordentlich
Erfolge in der Behandlung von neurodegenerativen Erkrankungen, welche die
zweithäufigste Todesursache weltweit darstellen. Vor allem mit Stimulationselektro-
den, wie zum Beispiel der Tiefen Gehirnstimulation, konnten bedeutende klinische
Ergebnisse erzielt werden. Da das Messen der neuronalen Aktivität über einen
längeren Zeitraum oder sogar eine bidirektionale Kommunikation immer noch eine
Herausforderung darstellt, wurde in den letzten Jahren viel Aufwand betrieben,
um einerseits die Dimensionen der Implantate zu optimieren und andererseits diese
aus organischen Materialien herzustellen. Angelehnt an diese Ansätze war das
Ziel der Arbeit, flexible intrakortikale Implantate zu entwickeln, die sich besonders
für eine chronische Anwendung eignen. Zu diesem Zweck wurden Implantate mit
vier Schafte und einer Querschnittsfläche pro Schaft von 250 �m2 designt, die vom
Aufbau her den Michigan Implantaten ähneln. Außerdem wurde das biokompatible
und weiche Polymer, ParyleneC, für die Herstellung der Implantate verwendet, um
die mechanischen Unterschiede zwischen Implantat und Gewebe zu verringern. Mit
dem Ziel die Impedanz der Elektroden zu reduzieren und eine gute Qualität der
Messungen zu gewährleisten, wurde eine Elektrodenbeschichtung bestehend aus dem
leitfähigen Polymers PEDOT:PSS produziert. Die 113 �m2 große Elektrode wurden
mit 610 nm dickem PEDOT:PSS beschichtet, was eine Impedanz von 2.650MΩ·�m2

ergab. Da die flexiblen Schafte während der Implantation mechanisch verstärkt
werden müssen, wurde ein Shuttlesystem bestehend aus einer Polyethyleneglycol
Beschichtung entwickelt. Dieses System ermöglicht es, die weichen und flexiblen
Schafte ohne sperrige Beschichtung in das Gehirn einzuführen und verringert
dadurch das akute Trauma. Die Implantate in Kombination mit dem Shuttlesystem
konnte erfolgreich in das Barrel-Kortex von Mäusen eingesetzt werden, um neuronal
Ableitungen durchzuführen. Mit Hilfe der Elektroden konnten gleichzeitlich hoch-
und niederfrequente Signale aufgenommen werden, außerdem war es möglich
zwischen Signalen von einzelnen und mehreren Neuronen zu differenzieren. Darüber
hinaus wiesen im Vergleich zu gängigen, harten Implantaten die Aufnahmen mit
den flexiblen Implantaten einen höheren Anteil an qualitativ hochwertigen Signalen
(SNR>4) auf. Diese vielversprechenden Ergebnisse bilden die Grundlage für die
folgenden chronischen Implantationen, um ihre langfristige Stabilität zu überprüfen
und bringen die Wissenschaft näher an das Ziel chronisch stabile Implantate
herzustellen, die sich optimal in das Nervengewebe einfügen.
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1. Introduction

The human brain, consisting of roughly 86 billion neurons [1], is by far the most
complex organ. It controls a wide range of functions such as detection of sensory
input, pain perception, as well as control of limb movements. Neurodegenerative
diseases are disorders induced by progressive structural and functional degeneration
of specific subsets of neurons within the central or peripheral nervous system.
Such disorders including Parkinson’s disease, Alzheimer’s disease and epilepsy
represent the second leading cause of deaths worldwide (2016), and substantially
impair everyday life of patients [2]. Over more than half a century, a variety of
neural devices has been introduced for the treatment of patients suffering from
neurodegenerative diseases [3]. Advancements in neurophysiological techniques
and microsystem technologies enabled the translation of neural interfaces from
fundamental research using rodents and monkeys to clinical human applications.
Up to now, only a few neural interfaces were able to demonstrate significant
clinical impact, namely deep brain stimulation and the cochlear implant, which are
exclusively used for stimulation purposes [3]. However, long-term monitoring of or
even bi-directional communication with neurons still remains challenging. Examples
of recording devices include the electrocardiogram and the electroencephalogram,
which measure heart and brain activity, respectively. Especially, when looking at
intracortical implants with superior spatio-temporal resolution compared to the
above mentioned surface electrodes, Utah arrays are the only neural probes with
medical approval [4, 5]. In contrast to Utah arrays, multi-site and multi-shank
Michigan-style arrays allow simultaneous recording of several neurons with a lower
probe cross-section. However, Michigan arrays fail during chronic implantation.
Neural interfaces need to fulfil certain key features to perform consistently, especially
when a chronic application is intended. With increased emphasis, research on ideal
probe dimensions, organic materials and insertion methods has been advanced with
the ultimate goal to enhance biointegration of neural devices by reducing the foreign
body reaction. To this end, low Young’s modulus polymers have been considered for
the fabrication of implants to decrease the mechanical mismatch between the device
and tissue [6, 7]. However, such devices are unable to penetrate the brain without
buckling and consequently, need to be mechanically reinforced during implantation.
Such insertion systems significantly increase the implantation footprint. To
minimize the acute trauma, shuttle systems are needed to precisely position
compliant devices without increasing the implantation footprint. Furthermore, to
obtain high quality recordings, materials to lower electrode impedance have been
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1. Introduction

investigated such as coatings utilizing conductive polymers [8].
Driven by the limitation of traditional neural probes and inspired by the above-
mentioned efforts, the goal of this work was to produce next-generation, compliant,
intracortical implants suitable for chronic applications. In the following chapters,
the outcomes and challenges of this attempt are given. Chapters 2 and 3 provide an
overview of the fundamental background relevant for this work and of the general
techniques employed within the study, respectively. The material choice, design
concept and microfabrication of the Michigan-style arrays are introduced in Chapter
4. The low impedance electrode coating utilizing the conductive polymer poly(3,4-
ethylenedioxythiophene) doped with poly(styrene sulfonate) (PEDOT:PSS) is
described in Chapter 5. Furthermore, this chapter includes the electrochemical
and abiotic stability characterization of PEDOT:PSS. As compliant probes are
unable to penetrate the brain, a tissue-friendly shuttle system to successfully
position compliant implants is reported in Chapter 6. At the end, in Chapter 7,
the developed intracortical devices in combination with the low impedance coating
and the shuttle system were validated within ex vivo and in vivo experiments.
A summary and suggestions for future improvements towards a chronic in vivo
implantation are provided in Chapter 8.

2



2. Fundamentals

2.1. Neural interfaces

Neural interfaces are electric devices that establish bi-directional communication
between the nervous system and the outer world [3]. Originally developed for
fundamental research, nowadays, these neuroprosthetics are used to treat neuro-
degenerative diseases such as deafness, blindness and motor disorders. One most
prominent example is the cochlear implant that restores hearing by electrically
stimulating the auditory nerve [9]. Retinal prosthesis with the potential to
rehabilitate vision also received approval for commercial use [10,11]. Moreover, deep
brain stimulation (DBS), utilizing intracortically implanted electrodes to stimulate
focal brain circuits, is in clinical use for the treatment of movement disorders like
tremor in Parkinson disease’s patients, dystonia and epilepsy [12].

2.1.1. Essential features for implant development

Neural interfaces need to fulfil certain requirements when a chronic implantation is
desired. Therefore, within this section such features like biocompatibility, long-term
stability, foreign body reaction, and mechanical, as well as electrical properties are
discussed with a particular focus on intracortical implants.
Considering the intended chronic application, materials employed for the implant
fabrication such as substrate, insulation, conductor and electrode coating should
be biocompatible [13]. Different material properties are involved in the interaction
between implantable device and host like chemical composition, micro- and nano-
structure, surface and mechanical characteristics. Since the device is in physical
contact with the neural tissue, the materials should exhibit biological and chemical
inertness, as well as mechanical and electrical robustness. Therefore, reactions such
as cytotoxicity, corrosion, degradation, and release of chemical by-products have to
be avoided [13]. In this respect, the long-term stability of the neuroprosthetic and
more specific the material life time needs to be evaluated. Therefore, besides biotic
mechanisms [14–16], the device should be characterized with regard to abiotic failure
mechanisms such as polymer delamination due to water uptake, and degradation
of electrodes or interconnections [16–18].
Although foreign body reaction (FBR) cannot be completely avoided, the immune

3



2. Fundamentals

response induced by neural interfaces should be kept to a minimum. Stiff silicon
based devices have been shown to lose recording quality over time due to enhanced
immune reactions [19]. The brain undergoes constant pulsatile micromotions
induced by respiration and cardiac pumping resulting in a constant stress at the
device/tissue interface. Additionally, the mechanical properties of the brain can
range from 0.03-1.2MPa depending on animal model and target region [6] whereas
static silicon (Si) based implants exhibits a Young’s modulus several orders of
magnitude higher [20]. The resulting mechanical mismatch triggers an encapsulation
of the implant [15, 21]. Neural dieback and microglial proliferation increase the
distance between the recording sites and the neurons, decreasing device performance.
To overcome the limitations of stiff devices and with the advancement of polymer
microelectromechanical systems (MEMS) techniques, compliant neural implants
have been introduced as they significantly reduce the FBR (see Section 2.1.3).
However, besides the mechanical disparity, immune responses can be evoked by
the implantation trauma or by tethering forces. Different factors contribute to the
acute damage generated during device implantation. Compliant probes minimizing
FBR are unable to penetrate the neural tissue and therefore, need insertion aids
during implantation (see Chapter 6). However, such insertion systems increase the
implantation footprint and consequently the acute trauma [22,23]. Additionally,
lesions induced during surgical procedures can result in higher immune reactions.
The cranium and the underlying meninges including dura mater, arachnoid and pia
mater physically protect the brain from injury [24] (see Figure 2.1). The dura mater
exhibits a higher modulus than neural tissue, which impedes the insertion of brittle
and flexible implants without performing a duratomy. Thus, dura removal can cause
brain swelling, vascular damage, and infection risk. Similar to the implantation,
the neural interface should be explanted without introducing additional damage.
Due to the brain’s micromotions, devices tethered to the skull have shown increased
FBR [25, 26]. Therefore, free-floating configurations with monolithically integrated
cables have been proposed [27,28]. However, especially for chronic application, fully
implantable devices are desirable to minimize infection risk [29] and interconnection
failure, one of the most common failure modes of implantable devices [19]. Wireless
communications are another alternative to avoid interconnects but demand a power
supply with sufficient life time and low heat dissipation. Furthermore, they must
have signal transmission compatible with the high amount of data [29, 30]. To
circumvent the high-dimensional data acquisition, on-chip signal processing by
integrating active electronic elements might be a promising approach [31, 32].
As recording sites should meet the intended application, they have been introduced
in a variety of configurations and compositions. Depending on the intended
application, monitoring or manipulating neural activity, the electrodes should
exhibit specific electrical properties. Different electrode coatings have been explored
to improve the electrochemical characteristics of recording and stimulation electrodes.
These feature are discussed in detail in Section 2.2.4 and Chapter 5. Additionally,
the size of electrodes needs to be customized based on the desired type of signals
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(single cell and/or population activity) and the pursued resolution (single unit
or multi-unit activity) [31]. Furthermore, densely packed electrodes have been
developed to simultaneously access more cells and to increase spatial resolution
[32].

2.1.2. Intracortical implants

Over more than half a century, a variety of neural devices have been proposed
to record and manipulate neural activity within the brain [4, 5]. Theses cortical
implants provide a wide range of neural information through different degrees of
invasiveness. Surface electrodes capture activity from population of neurons with
low spatial resolution (see Figure 2.1). They are known as electroencephalography
(EEG), which are placed on top of the skull or as electrocorticography (ECoG),
which are in direct contact with the brain tissue. In contrast to such surface
devices, penetrating implants, such as depth and intracortical probes, are able to

Figure 2.1.: Overview of cortical implants. Cross-section of brain surface layers with
placements of neural probe. Surface electrodes are electroencephalography (EEG) arrays,
epdirual and subdural electrocorticography (ECoG) arrays. Penetrating devices are
depth and intracortical probes subdivided into microwires (a), Michigan-style (b) and
Utah-style (c) arrays. Figures adapted from [6,24].
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detect from small networks or even single neurons with superior spatio-temporal
resolution.
Intracortical implants are available in different configurations and can be subdivided
into microwire and micromachined arrays. Microwires, the oldest neural probes,
consist of a sharpened metal wire with a diameter of 10-200�m (see Figure 2.1 a)
[4,5]. The complete wire, typically made out of platinum, platinum-iridium, stainless
steel, or tungsten, is isolated using quartz glass, polyimide, or parylene except the
tip. This configuration enables the interaction with neurons however, restricts each
wire to one single recording site. Thus, different assembling methods have been
proposed to group multiple microwires together into arrays with the drawback of
higher probe cross-section and significant tissue dimpling during insertion [4, 5].
Nevertheless, microwire arrays enabled stable recordings over 1.5 years [33] and up
to 7 years from monkeys [34].
With the progress in semiconducting materials and MEMS technology, silicon based
probes were developed. These devices are distinguishable into two-dimensional
Michigan- or three-dimensional Utah-style arrays (see Figure 2.1 b). Michigan
arrays consist of one or several shanks with multiple recording sites aligned along
each shank [4, 5]. In contrast to microwires, one main advantage of micromachined
implants is that they enable recording and stimulation with numerous electrodes
per device. Furthermore, different approaches have been proposed to assemble
several Michigan probes into 3D arrays [35, 36]. Nowadays, commercially available
Michigan arrays such as NeuroNexus devices are used as state-of-the-art devices
for preclinical research [?]. Another commercially available neural probe and at
the same time an example for cutting-edge technology is the high-density array
Neuropixels with 960 recording sites distributed over one Si shank [32]. As long and
thin Si shanks are prone to breakage, Michigan arrays have been used mainly for
experiments with rodents, and showed a stable performance for up to 4-7 months
[37, 38].
The Utah array comprises several needles sawed into a Si substrate (see Figure 2.1 c).
The needles are coated with biocompatible polymers like polyimide and parylene
exposing the tip with conductive coatings like gold, platinum, and iridium [4, 5].
As tissue dimpling is substantially increased due to the large probe cross-section,
high speed insertions or pneumatic aids are utilized. Nevertheless, Utah arrays are
the only intracortical device except depth probes with FDA and CE (Conformité
Européenne) approval for human application and have been used for controlling
cursors and prosthesis, lasting for 1.5 years in monkeys [39] and 2.5 years in humans
[40].

2.1.3. Compliant interfaces

The mechanical mismatch between stiff intracortical implants and the soft neural
tissue induces the encapsulation of the device, resulting in a degradation of recording
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Figure 2.2.: Schematic illustration of the foreign body reaction induced by a stiff (left)
and a compliant (right) penetrating shank. Figure from [41].

quality over time (see Figure 2.2). 3D finite-element modelling has demonstrated
that decreasing the Young’s modulus of implant material substantially reduces the
stress at the device/tissue interface [42]. To improve biointegration for chronic
application, compliant interfaces have been investigated with great effort. On the
one hand low Young’s modulus polymers were employed for the microfabrication
and on the other hand probe dimensions were minimized (see Sections 4.1 and 4.2).
As an example, ultra-small arrays have been produced based on silicon carbide
and with a cross-section below 45�m2 [43]. Flexible Michigan-style intracortical
implants were produced using parylene [44, 45] or polyimide [46, 47]. Furthermore,
ultra-small arrays were proposed utilizing SU-8 with a cross-section below 10�m2

[48]. Validation in rodents and small animals up to 2 years showed an increased
neuronal density and decreased microglial migration around compliant probes in
contrast to stiff devices [15, 21] (see Figure 2.2). Additionally, stable single-cell
recordings using polymer based arrays have been demonstrated for several months
[44, 49, 50].

2.2. Neurophysiology

Neural interfaces are used to interface the nervous system by monitoring and
manipulating electrophysiological activity of neurons. Therefore, in the following
sections, the electrical properties of neurons and their membranes are described.
Furthermore, the recording of electrogenic activity using passive transducers and
the underlying signal transmission at the cell/electrode interface are explained.
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2. Fundamentals

2.2.1. Electrogenic cells

Information processing within cells is based on chemical agents [51], mechanical
signals [52] and electrical activity [53]. Cells utilizing the latter are defined as
electrogenic cells and include neurons and cardiomyocytes. Neurons are primarily
responsible for the information processing within the central nervous system (CNS)
and peripheral nervous system (PNS). Although they control several different
functions such as detection of sensory input, pain perception and control of limb
movements, each neuron follows a typical structure shown in Figure 2.3. They
consist of a soma hosting the nucleus, which receives signals from neighbouring
cells via multiple dendrites. These signals are transmitted to neighbouring cells via
one long process called the axon. Therefore, a single neuron can be represented as
a multi-input, 1-output information processing element [54].
Neurons are enclosed by a six to eight nanometer thick plasma membrane that
consists of a phospholipid bilayer [55]. Maintaining the physical integrity and
controlling the interaction with the environment by exchanging molecules and ions
are the main functions of the membrane. The lipid bilayer structure gives rise to
the semi-permeability of cell membranes where they act as a capacitor separating
the internal and external ionic medium. Driven by the concentration gradient
between the inside and outside of the cell, ion channels, specific transmembrane
proteins, enable current flow over the membrane. This homeostasis generates a
potential difference between the outer and inner cell defined as the resting potential.
The equilibrium potential of a certain ion type is defined by the Nernst equation
[55]:

Ei =
RT

zF
ln
[i]exterior

[i]interior
(2.1)

where R is the gas constant, z is the valence of the ion, F is the Faraday constant
and [i] is the concentration of the ion. In neurons, the highest permeability is
observed for potassium ions, resulting in a membrane potential similar to the
equilibrium potential of K+. Based on the intra- and extracellular concentrations
of K+ and by applying the Nernst equation, a single ion potential of -85mV at
37 �C (310.15K) is obtained1. However, the resting potential ranges between -40
mV and -140 mV as not only one specific ion type is involved in establishing the
potential. The Goldman-Hodgkin-Katz equation (see Equation 2.2), an extended
version of the Nernst equation, accounts for all ions that can pass the membrane,
including for example chloride (Cl−) [55]. Besides the different ion concentrations,
the contribution of each ion species is weighted by the permeability Pi.

Ei =
RT

F
ln
PK+ [K+]e + PNa+ [Na+]e + PCl− [Cl−]i
PK+ [K+]i + PNa+ [Na+]i + PCl− [Cl−]e

(2.2)

Hodgkin and Huxley proposed a equivalent circuit model that describes the electrical
properties of passive membranes in excitable cells (see Figure 2.4) [56]. As the

1EK = 8.314 Jmol−1K−1·310.13K
96485.33Cmol−1 · ln 4mM

96mM (values from [55])
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membrane acts as an insulator that separates the conducting inner and outer cell
parts, it behaves as a capacitor with a specific membrane capacitance (Cm [F/cm2])
(see Equation 2.3). The specific membrane capacitance, defined as the charge that
needs to be applied across 1 cm2 of the membrane to change the potential by 1V, is
typically 1 �F/cm2. Transmembrane ion channels perform as resistors. Therefore,
the ion specific permeability is described by the conductance (g [S/cm2]), which is
the reciprocal of the resistance (g=1/R). Additionally, the ionic current is driven by
the difference between the membrane potential (Em) and the equilibrium potential
(Ei [V]). Considering the contribution of different ion species, the ionic current is
split into currents carried by sodium and potassium ions (INa [A], IK) and leakage
currents due to chloride and other ions (IL). The total membrane current is given
by the sum of capacitative (Ic) and ionic (Ii) currents [56]:

Im = Ic + Ii = Cm
dEm

dt
+ INa + IK + IL

Im = Cm
dEm

dt
+ gNa(Em − ENa) + gK(Em − EK) + gL(Em − EL).

(2.3)

The above mentioned membrane potential is valid during the resting period (see
Figure 2.3A). Upon certain stimuli, ion channels are activated. Depending on
the membrane permeability of the corresponding ions, the resting potential can
increase or decrease. When the membrane depolarizes above a threshold potential,
a cascade of ion channel activities is induced increasing the resting potential up to
several tens of millivolts. This all-or-none event is defined as the action potential
(AP) [55].
Two voltage-dependent conductances in the cell membrane are involved in firing
an AP within a neuron. After reaching the threshold potential of around −50mV ,
voltage-gated sodium channels open and Na+ ions enter the intracellular space
until the positive Nernst potential of Na+ is reached (see Figure 2.3B). With a
short delay, the Na+ channels inactivate themselves while voltage-gated potassium
channels open. The efflux of K+ ions occurs inducing a repolarization of the
membrane (see Figure 2.3C). Due to the slow inactivation kinetics of K+ channels
compared to Na+ channels, the membrane potential decreases below the resting
potential, which is defined as hyperpolarization (see Figure 2.3D). Finally, the
resting potential is re-established (see Figure 2.3A) by sodium-potassium pumps.
The recovery of the inactivated ion channels takes a few milliseconds, defined
as the refractory period. During this phase, no further AP can be propagated.
As voltage-gated ion channels are transmembrane proteins responding to local
potential changes, the depolarization at a certain membrane part results in the
activation of the adjacent ion channels and so on. In this manner, the AP can
propagate along the axon towards the terminals and the information is transmitted
to the neighbouring neuron (see Figure 2.3). Between two neurons, information is
transmitted through chemical and electrical synapses, although the latter is less
common in the CNS. An incoming AP triggers the release of neurotransmitters,
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2. Fundamentals

Figure 2.3.: Schematic structure of a neuron: Information is received from multiple
dendrites, processed in the soma hosting the nucleus and transmitted by propagating
along the axon. At the terminals, synapses convey the signal from one neuron to a
neighbouring neuron. Action potential: In response to a stimulus, a depolarization of the
membrane potential from its resting potential (A) is observed. If the threshold potential
is reached, the influx of sodium causes a depolarization (B). After reaching a peak value
and closing the sodium channels, voltage-gated potassium channels are activated. The
efflux of potassium results in the repolarization of the membrane (C). Due to the slow
inactivation kinetics of the potassium channels, a hyperpolarization (D) occurs before
the resting potential is re-established (A). Figure adapted from [55].

which diffuse from the presynaptic end through the synaptic cleft to transmit the
signal to the postsynaptic neuron [55].

2.2.2. Neural activity in the brain

The activities responsible for information processing in the brain can be grouped into
two main types: APs (see 2.2.1) and field potentials [57,58]. APs are either elicited
by single neurons and defined as single-unit activities (SUAs) or originate from a
local neural population and are called multi-unit activities (MUAs). Spiking activity
from neurons in the motor cortex has been utilized, for example, to predict hand
motions such as hand velocity, position, and forces [59]. In contrast to APs, the field
potentials are more complex as they represent the flow of transmembrane currents
summed across small populations of neurons where each population exhibits its own
size, spatial distribution and frequency [57,58]. Field potentials can be divided into
rhythmic signals and event-related potentials. The latter are large potentials shifts

10



2.2. Neurophysiology

in neural populations induced by external or internal events. Rhythmic signals
include slow, medium, and fast oscillations such as readiness potentials (Bereitschaft
potentials), beta, and gamma rhythms, respectively. The oscillations are indicators
for control signals and have gained more interested as information sources for neural
interfaces. For example, humans were able to adjust the amplitudes of medium
rhythms in the sensorimotor cortex by imagining different movements. Furthermore,
beta oscillations occur in the primary motor cortex of humans with paralysis [60]
whereas strong correlation between gamma oscillations and spiking activities was
detected within the visual cortex [61]. Besides the mentioned transmembrane
currents, additional events appear in the brain such as Ca2+ induced spikes, intrinsic
membrane oscillations, and spike afterhyperpolarizations [58]. All these currents
contribute to the extracellular field potential, which is used as signal source for
neural interfaces. In contrast to APs, field potentials can be detected by EEG,
ECoG and intracortical implants as they radiate remarkable distances. When
detected by the intracortical probes, such signals have been referred to as local
field potentials (LFPs) [57, 58].

2.2.3. Recording electrogenic activity

The electrical nature of neural activity described in Section 2.2.1 enables the
detection of these signals using electrodes with a wide range of spatial resolution.
Whereas current of single cells and even single ion channels can be detected at
a micro-scale using patch-clamp, surface electrodes such as EEG measure brain
activity at a macro-scale [62]. Extracellular recording at the meso-scale is enabled
by microelectrode arrays (MEAs). Already in the 1970s, Thomas, Gross, and Pine
introduced such arrays for studying in vitro neural networks [63–65]. Nowadays,
MEAs are utilized for recording neuronal signals as well as stimulation of electrogenic
activity under in vitro and in vivo conditions. Additionally, these transducers are
able to detect extracellular APs and LFPs.
The stereotypic structure of MEA devices is a thin conductive film sandwiched
between a substrate and an insulation layer (see Figure 2.4). The electrode size is
defined by patterning the insulation layer, and selectively exposing the conductive
layer. Local ionic concentration changes outside the cell membrane associated
with neural APs propagate through the electrolyte, and capacitively couple to the
electrode. Based on the volume conduction, the distance between cell and electrode
and the conductivity of the extracellular space mainly determines the potential
seen at the electrode and can be described as following [66]:

Ve =
n∑

i=1

Ii
4πσri

(2.4)

where Ve is the potential [V], Ii a single current source [A] from a series of n nearby
neurons, σ the conductivity of the electrolyte [Ω·m], and ri is the distance between
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Figure 2.4.: Schematic representation of the point contact model describing the
cell/electrode interface with the analogue passive electric circuit. The cell, for example
a neuron (purple/grey), on top of a recording electrode consisting of a conductive
layer (yellow) sandwiched between two insulation layers (blue). The cell membrane
is represented by the Hodgkin-Huxley model with the specific membrane capacitance
Cm, the capacitive current Ic, the non-linear conductances gNa and gK for the sodium
(Na+) and potassium (K+) ions, the linear conductance of the leak gL, the respective
equilibrium potentials Ei and ion currents Ii. The membrane facing the electrode is
defined as junctional (purple) and the remaining part as non-junctional (grey) membrane
and both are depicted by the respective impedances (Zj , Znj). The electrode/electrolyte
interface is represented by the Simplified Randles circuit with the double layer capacitance
Cdl, the charge transfer resistance Rct, and the solution resistance Rspread. The sealing
resistance Rseal describes the coupling between cell and electrode. Additionally, the model
includes the resistance of the metal interconnections (Rm), the parasitic capacitance
(Cshunt), the input impedance of the amplifier (Zamp), the intracellular voltage (Vm) and
the recorded voltage (Vrec). Figure adapted from [31,56].

the current source and the electrode [m]. Thus, it can be deduced that the detected
signal amplitude is inversely proportional to the distance between cell and electrode.
Therefore, approaches that promote cellular adhesion are crucial to obtain high
signal-to-noise ratio (SNR) recordings, for example by considering compliant neural
interfaces (see Section 2.1.3).

2.2.4. Neuron/electrode interface

The key feature of neural interfaces is their recordings sites, as these sites are
used to extracellularly detect electrophysiological activity of neurons. The physical
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Figure 2.5.: Schematic illustration of the triple-layer model, also known as the extended
Gouy-Chapman-Stern model, describing the electrochemical reactions and the ion
distributions at the electrode/electrolyte interface and comprising the inner Helmholtz
plane (IHP), the outer Helmholtz plane (OHP), and the diffuse layer. Figure adapted
from [67].

processes occurring at the interface between cell and electrode mainly influence the
quality of the detected signals. Thus, characterizing such interfaces by means of
equivalent circuit models is needed to identify the different features comprising the
electrochemical system. Based on these findings, one can specifically improve the
quality of signals recorded.
As shown in Figure 2.4, the point contact model representing the cell/electrode
interface can be subdivided into three main elements: an electrode, a neuron and
the cleft between cell and electrode [31,68,69]. The electrode and especially the
electrochemical reactions and ion distributions at the interface to the electrolyte
are described by the extended Gouy-Chapman-Stern model. When immersed
into electrolyte, electrodes form an interface zone defined as the electrochemical
double layer [67,69]. Driven by overall equilibrium, different charges accumulate
at the interface: electrons within the electrode and ions within the electrolyte.
The resulting double layer was first described by Helmholtz as a parallel plate
capacitor. He assumed that the ions form a compact layer that is equally and
oppositely charged compared to the electrode surface. However, the average distance
between ions and electrode depends on the electrolyte concentration influenced
by thermal motions and the applied potential. Therefore, Gouy and Chapman
proposed a modification in the form of a diffusive layer to account for the decreasing
ion concentration with increasing distance to the electrode surface. Stern later
combined both the Helmholtz and the Gouy-Chapman model and introduced
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the compact-diffuse layer acting as two capacitors in series [67, 69]. To account
for the adsorbed and hydrated ions, a triple-layer model consisting of the inner
Helmholtz plane (IHP), the outer Helmholtz plane (OHP) and the diffuse layer was
suggested by Grahame (see Figure 2.5). The IHP is the layer directly formed at
the electrode comprising water dipoles and adsorbed ions whereas the OHP spans
from the adsorbed-ion centres to the hydrated-ion centres. Such triple layers can
be described by three capacitors in series, which can be summed up to the double
layer capacitance (Cdl) [69].
The electrode/electrolyte interface and the resulting electrode impedance (Ze) can
be described by the Simplified Randles Circuit consisting of the above mentioned
Cdl shunted by a charge transfer resistance (Rct), in series with the solution
resistance (Rspread) (see Figure 2.4) [31,70]. The current flow of ions crossing the
electrochemical double layer is represented by Rct and the spreading of current
into the electrolyte between the working and a reference electrode by Rs. Low
electrode/electrolyte impedance is crucial when designing neural interfaces to ensure
high quality recordings, as thermal noise scales with electrode impedance:

v =
√

4kTZreΔf (2.5)

where v is the thermal noise, k the Boltzmann constant, T the absolute temperature,
Zre the real part of the electrode impedance (see Section 3.2.1), and Δf the noise
bandwidth. Aiming for high spatial resolution, dimensions of recording sizes are
restricted to the size of single neurons. However, electrode impedance is dominated
by capacitive reactions at the electrode-electrolyte interface and therefore, is
inversely proportional to the surface area [31, 71]. Different approaches have been
introduced to decrease electrode impedance such as coatings using conductive
polymers (see Chapter 5).
Within the model, the neuron surface is subdivided into a junctional membrane that
faces the recording sites, and the non-junctional membrane that is in contact with
insulation layer and the electrolyte (see Figure 2.4) [31,69]. The plasma membrane
is represented by the Hodgkin-Huxley model (see Section 2.2.1). Furthermore, the
coupling between neuron and electrode is influenced by the sealing resistance (Rseal),
which is proportional to the recorded signal and the resulting SNR. Additionally,
the recorded signal (Vrec) is affected by the resistance of the metal interconnections
(Rm), the effective amplifier input impedance including the parasitic capacitance
of the entire system (Cshunt) and the input impedance of the amplifier (Zamp).
Cshunt arises mainly from the capacitance between electrodes and electrolyte across
the insulation layer as well as from the capacitances along connectors and wires
between the electrode and amplifier. Overall, besides a proper data acquisition
system with minimum parasitic capacitances, increasing Rseal by facilitating a good
coupling between neuron and low impedance electrodes are the main factors to
ensure high SNR recordings.
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3. Methods

All chemicals are purchased from Sigma Aldrich, Germany, unless otherwise noted.

3.1. Optical characterization

The optical validation of the fabricated samples was carried out with the digital
microscopes INM 300 (Leica, Germany) and VK-X150 (Keyence Deutschland GmbH,
Germany). Furthermore, detailed images of etch profiles and surface morphology
were obtained with a scanning electron microscope (SEM) (Magellan 400, FEI
Deutschland GmbH, Germany) at 3 kV acceleration voltage and a current of 50 pA
using inlens detection. To avoid charging effects, the samples were sputtered
with Iridium at 15mA for 45 s (Sputter coater K575x, Emitech GmbH, Germany).
Focused ion beam (FIB) sectioning was performed employing a Helios NanoLab
600i microscope (FEI Deutschland GmbH, Germany) with a gallium ion source.
To protect the structures prior to sectioning, a thin layer of platinum followed by
a thick layer was deposited onto the region of interest via electron-beam-induced
deposition (EBID) (3 kV, 2.7 nA) and ion beam-induced deposition (IBID) (30 kV,
2.5 nA), respectively. After bulk milling at 30 kV acceleration voltage and a current
of 9.3 nA, the section was polished at 30 kV and with 230 pA. Finally, images were
taken at 3 kV and a current of 86 pA using inlens detection. The SEM images and
FIB sectioning were performed by the Helmholtz Nano Facility (HNF) staff of the
Research Center Jülich.

3.2. Electrical characterization

The electrochemical measurements were performed with different potentiostats
using the three electrode configuration featuring the electrodes of the flexible
probes as working electrode (WE), a coiled Pt wire as counter electrode (CE) and a
Ag/AgCl electrode as reference electrode (RE). Therefore, all potentials in this work
are given with respect to Ag/AgCl. The measurements were conducted in phosphate
buffered saline (PBS) containing 137mM NaCl, 2.7mM KCl, 10mMNa2HPO4 and
2mM KH2PO4 prepared in ultrapure water and with a pH of 7.4 (Recipe from
[72]).
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Figure 3.1.: Basic working principle of a potentiostat with three electrode configuration
consisting of working electrode (WE), counter electrode (CE) and reference electrode
(RE).

The basic working principle of a potentiostat is shown in Figure 3.1. The control
amplifier holds the voltage difference between WE and RE by adjusting the current
flow across WE and CE (see Figure 3.1). The voltage difference between WE
and RE is measured by the electrometer, which ideally has an infinite impedance
and almost zero input current. The control of the current is realized by a high-
impedance negative feedback mechanism that compensates appearing perturbations.
The I/E converter determines the current of the considered cell [67].

3.2.1. Electrochemical impedance spectroscopy

The impedance, Z, is the measure of the opposition to a current flow through an
alternating current (AC) circuit in response to an applied potential. The system’s
output is pseudo-linear if a small excitation pulse is applied. In linear systems,
a sinusoidal potential stimulus results in a sinusoidal current response with the
same frequency but shifted in phase defined by Ohm’s law [67]. Based on the
current response, the electrochemical impedance Z can be deduced and by scanning
a certain frequency range, the impedance spectrum is obtained. The Bode plot is
commonly used to depict the spectrum where the logarithmic impedance

|Z| =
√
(ZRe)2 + (Zim)2 (3.1)

and the linear phase shift
ϕ = arctan(ZIm/Zre) (3.2)

with the real Zre and the imaginary Zim parts of the impedance are represented
over the logarithmic frequency range [67].
The impedance measurements were obtained with the potentiostat VSP-300 from
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Bio-Logic Science Instruments SAS, operated with the EC-lab V11.30 software
(Claix, France). A sintered Ag/AgCl pellet electrode served as RE. A 10mV
sine wave was used as excitation stimulus and the response was scanned over the
frequency range of 10Hz to 10MHz.

3.2.2. Cyclic voltammetry

To investigate thermodynamics of redox reactions, or kinetics of electron transfer,
cyclic voltammetry (CV) can be applied. The potential is swept back and forth
several times between a higher (Ea) and lower (Ec) switching potential, referred to
the reference voltage and with a constant scan rate (v) [73]. The measurements
were obtained with the potentiostat CHI1030B from CHI Instruments (Austin,
USA). For the CV experiments, the potential was swept linearly between -0.6 and
+0.9V with a scan rate of 0.1V/s. The DRIREF-2 Ag/AgCl Reference Electrode
(World Precision Instruments, USA) was used as RE.

3.3. Atomic force microscopy

Determining topographical properties such as surface roughness is commonly done
by atomic force microscopy. Within this work, the atomic force microscope (AFM)
analysis was performed in tapping mode (Dimension Edge, Bruker, Germany; Tip:
SSS-NCLR-20 with 5 nm radius). To verify the surface roughness, an area of
10x10 �m2 with a resolution of 256x256 pixels was scanned with a frequency of
5 �m/s and levelling was performed during scanning using brow levelling. The
root-mean-square (RMS) roughness is defined as

RRMS =

√√√√ 1

N

N∑
j=1

(hj − h)
2

(3.3)

with hj as the height above the zero line, h the mean height above the zero line
and N the number of data points. It was calculated by averaging the values from
2-3 squares. The AFM scans were performed by the HNF staff of the Research
Center Jülich.

17



3. Methods

3.4. Brain slice experiments

3.4.1. Tissue preparation

Brains were obtained from adult pregnant rats and all experiments were approved by
Landesumweltamt für Natur, Umwelt und Verbraucherschutz Nordrhein-Westfalen,
Recklinghausen, Germany (record number: 81-02.04.2018.A190). The tissue
preparation was performed by the staff from the Institute of Biological Information
Processing 3 (IBI-3) of the Research Center Jülich. The animal was deeply
anaesthetized with CO2 followed by decapitation. The brain was extracted from
the skull within 2-3min and placed in ice-cold artificial cerebrospinal fluid (ACSF)
(125mM NaCl, 2.5mM KCl, 1.25mM NaH2PO4, 26mM NaHCO3, 0.5mM CaCl2,
5mM MgCl2, adjusted to 285mOsm using glucose). 1.5-2mm thick coronal slices
were chopped using a razor blade and transferred to oxygenated ACSF (125mM
NaCl, 2.5mM KCl, 1.25mM NaH2PO4, 26mM NaHCO3, 1mM CaCl2, 2mM
MgCl2, adjusted to 285mOsm using glucose) at room temperature (RT). The pH
of the buffer was maintained between 7.3–7.5 by equilibration with carbogen gas
(The Linde Group, Germany) containing 95%O2 and 5%CO2. If needed, the pH
was adjusted using 1M HCl or NaHCO3. After storing the slices in oxygenated
ACSF for 1 h, the measurements were started and completed within 4 h.

3.4.2. Experimental setup

The setup used for the slice experiments was based on [74] and is briefly described
below. For the electrophysiological recordings, the slice was transferred to a fully-
submerged squared quartz glass chamber. It comprised a PDMS (Sylgard� 184,
Dow Corning, Germany) pillow that allowed the fixation of the slice using insect
pins. An in- and outflow ensured constant perfusion with oxygenated ACSF with a
flow rate of 2.5-2.8ml/min. Furthermore, the setup consisted of the headstage of
the BioMAS system (see Chapter 3.4.3). Additionally, a micromanipulator system
(Luigs & Neumann, Germany) was used to move the device along three axes. All
mentioned components were mounted on an anti-vibration optical table and built
within a Faraday cage to shield external electrical noise. Additionally, the tubing
used for the in- and outflow were grounded to the headstage. A digital microscope
(VHX-950F, Keyence Deutschland GmbH, Germany) mounted on a flexible arm
outside of the Faraday cage was placed in front of the perfusion chamber at 90-70�
for a controlled insertion of the penetrating probes.
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3.5. Acute in vivo experiments

3.4.3. Data acquisition

The BioMAS system is an in-house data acquisition system comprising of pre-
amplifier and main amplifier connected to the controlling PC via an analog-
digital converter (ADC) (USB-6255, National Instruments, USA) [75]. The total
amplification yields 1010 x with a pre-amplification within the headstage with a
factor of 10.1 and a main gain of 100. Data acquisition is enabled by an in-house
programmed LabView software (National Instruments, USA) giving the possibility
to define recording parameters. A high-pass filter at 1Hz and a sampling rate of
20 kHz were used for the slice recordings. Furthermore, a sintered Ag/AgCl pellet
electrode served as RE.

3.5. Acute in vivo experiments

The animal experiments were performed in the Institute of Biology II, RWTH
Aachen University (Germany) and were in accordance with European Union
legislation and recommendations by the Federation of European Laboratory Animal
Science.

3.5.1. Animal surgery

Three month old wildtype mice (n=3) were used for the acute recordings. The mice
were housed under standard laboratory conditions with 12 h light/dark cycle and
with access to food and water ad libitum. Animals underwent two surgeries. One
week before the acute experiments, the head holder was implanted onto the skull.
After anaesthetising using 5% inhaled isoflurane (during the surgery reduced to
1.5-2.5%) and placing the animal on a heating blanket, analgesia (0.2ml buprenovet
with a concentration of 300 �l/ml) was administered subcutaneously and bupivacain
(PUREN Pharma GmbH & Co. KG) was used as local anesthetic by injecting at
the incision site. After exposing the skull, a small craniotomy was made above
the cerebellum to implant a ground pin. The headbar was placed and fixed with
dental cement followed by covering the remaining exposed skull areas with the
biocompatible glue Vetbond. One day before the experiments, the craniotomy with
a diameter of 3mm was made above the barrel cortex (AP:−1, ML:−3). To prevent
brain swelling, prednisolon (0.12ml) was applied via intramuscular injection after
the surgery and at the start of the acute recordings. After the first surgery and until
the day of the experiments, the analgesic buprenovet (1.2 �l/�l) and the antibiotic
baytril (0.65ml, 5%) were added to the drinking water. A duratomy was prepared
just before inserting the probes. During the entire experiments, the mice were
placed under anesthesia with 0.5-1% isoflurane and head-fixed.
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3. Methods

3.5.2. Sensory stimulation

The whisker stimulation was performed by generating airpuffs from pulses of
compressed air. The airpuffs were delivered via computer-controlled custom scripts
written in Python 3 [76]. Three airpuffs within three seconds and with a duration
of 100ms were applied and repeated 50 times with an inter stimulus interval of
10 s.

3.5.3. In vivo electrophysiology

Data were recorded using RZ5 BioAmp digital acquisition system (Tucker Davis
Technologies, USA). The sampling rate was 24 kHz. The raw data was analysed
offline using custom software written in MATLAB 2020 (Mathworks Inc., USA)
and Python 3 [76].

3.5.4. Data analysis

To extract individual waveforms, amplitude thresholding was utilized after filtering
the raw data using a 5th order Butterworth band-pass (300Hz-10 kHz). For each
spike exceeding the threshold of 3.9 standard deviations above and below the
mean of the filtered trace, a 1.5ms snippet centred on the absolute minimum of
the waveform was extracted. Afterwards, spikes were sorted in MATLAB 2020
(Mathworks Inc., USA) using the package UltraMegaSort2000 [77]. For further
analysis, the raw and the sorted data were imported to Python 3 [76]. Peak-to-peak
spike amplitudes were determined as the difference between the maximum and
minimum voltage of the average waveform for each unit. Signal-to-noise ratio (SNR)
for each cluster was defined as peak-to-peak spike amplitude divided by two times
the RMS background noise of the associated channel. The noise was calculated
using 1 s of filtered trace excluding peaks. Furthermore, interspike intervals (ISIs)
defined as the time between successive spikes were considered to distinguish between
single units and multiple units. Clusters with more than 100 individual spikes,
and with a refractory period violation (RPV) less than 1% for a refractory period
of 2.5ms were classified as single units. All remaining clusters were considered
as signals from multiple neurons. The units were further subdivided based on
their SNR into moderate (SNR≤4) and quality units (SNR>4). Responses to the
whisker stimulation were analysed by calculating the mean firing rate (spikes/s).
Clusters were identified as responsive when the mean firing rate during stimulation
was at least one standard deviations above the mean firing rate during the 3 s
before stimulation.
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3.5. Acute in vivo experiments

3.5.5. Histology

The probes were stained with DiI (D282, Invitrogen, USA) for postmortem
reconstruction of the penetrations. The dye powder was mixed with ethanol
(50mg/ml) and the compliant probes were submerged repeatedly (5-10 times) into
the solution and in between allowed to dry in air for 5 s [78]. This was done one
day prior to the acute experiments.
At the end of the acute experiments, the mice were overdosed with pentobarbital
and perfused with PBS and 4% (v/v) paraformaldehyde in PBS. After extraction,
the brain was stored in paraformaldehyde solution or in 30% (w/v) sucrose solution.
For sectioning, the brain was embedded in 3% low-melting point agarose. A
vibratome (752/M vibroslice; Campden Instruments) was used to make 100�m
thick coronal brain slices. A mounting medium with DAPI (Invitrogen, USA) was
used to visualize the cells besides the penetration tracks. DiI fluorescence and DAPI
labelling were imaged at a ZEISS Axio Imager Z1 (Carl Zeiss AG, Germany).
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4. Fabrication of compliant
intracortical implants

P. Rousche, et al. [79] reported one of the first compliant multi-site penetrating
MEAs based on polyimide, which could reach a maximum signal-to-noise ratio (SNR)
of 5:1 under acute in vivo conditions. Inspired by this work, several attempts were
made to show that compliant probes improve the immune acceptance by reducing
the mechanical stress at the device/tissue interface. In efforts to produce next-
generation neural probes suitable for chronic implantation, two main approaches
have been investigated: low Young’s modulus polymers as substrate materials
[15, 21, 44], and the minimization of the physical probe dimensions [43, 48]. Several
studies have shown that compliance is a result of material properties and probe
cross-section [7, 80]. Therefore in the following sections, the material choice, design
concept and fabrication of compliant polymer based neural probes are introduced
with the goal to improve long-term stability within in vivo applications.
This chapter was in part reproduced from the following publication:
K. Srikantharajah, R. Medinaceli Quintela, B. M. Kampa, S. Musall, M. Rothermel,
and A. Offenhäusser, Minimally-invasive insertion strategy and in vivo
evaluation of multi-shank flexible intracortical probes, Scientific Reports,
vol. 11, 2021.

4.1. Polymer choices

Different low Young’s modulus polymers have been explored for the fabrication
of compliant probes such as parylene [44, 90], polydimethylsiloxane (PDMS) [91],
polyimide [79], SU-8 [48,92], liquid crystal polymers [93] and benzocyclobutene [94].
In Table 4.1, characteristics of the two prominent polymers parylene and PDMS
are summarized. Even though their elastic moduli is roughly 103-106 higher than
the mechanical properties of the brain (e.g. 0.1-7 kPa in rodents [6]) polymers with
a modulus up to a few GPa are commonly classified as flexible [6, 7].
Parylene, and especially paryleneC (PaC), has been widely used within the last years
due to its low Young’s modulus and its biocompatibility since it received USP Class
VI and ISO 10993 compliance (see Table 4.1). As parylene is deposited via chemical
vapour deposition (CVD), a transparent, uniform and pinhole-free layer can be
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4. Fabrication of compliant intracortical implants

Property Silicon a ParyleneC b PDMS c

Biocompatibility - USP VI USP VI [81]
Young’s modulus [GPa] 150 2.76 0.56 · 10−3−

3.59 · 10−3 [82]
Dielectric constant 11.9 [83] 2.95-3.15 2.68-2.72
Elongation to break [%] - 2-200 140
Moisture absorption [%] - < 0.1 [after 24 h] -
Degradation 350 (oxidation) [84]
temperature [�C] - 100 [85] 750 (decomposition) [84]
CTE [ppm/�C] 2.56 · 10−6 35 340
Achievable thickness [�m] - 0.1-100 [86,87] 10-100 [87]
Structural formula -

Table 4.1.: Properties of polymers commonly used for flexible implants. Silicon used
for traditional stiff probes mentioned as reference. PDMS: polydimethylsiloxane. CTE:
Coefficient of thermal expansion. Values from a: [20], b: [88], and c: [89], unless otherwise
noted.

obtained, which facilitates the integration into microfabrication methods. The
thickness of PaC films can be easily varied, as it is proportional to the dimer mass
used for deposition. Furthermore, with a water absorption of less than 0.1% within
24 h it has a low permeability to moisture [88] resulting in good barrier properties,
which are crucial for usage as encapsulation material. However, PaC suffers from
poor adhesion to itself and underlying materials such as boron silicate glass, silicon
(Si), other polymers and metal films, especially in wet environments. Silanization
adhesion promotion process using Gamma-Methacryloxypropyltrimethoxysilane
(A-174 silane) has been proven to enhance adhesion by introducing a silane layer
covalently bound to the surface that acts as anchor for PaC [95, 96]. It is assumed
that the low toxicity of A-174 silane (LD50 > 2000mg/kg [97]) can be neglected, as
only a monolayer is used and the silane is not in direct contact with the tissue when
implanted [96]. Further tests should be performed to confirm the compatibility
of the silanization process with chronic neural interfaces. Additionally, the low
degradation temperature should be considered when establishing the fabrication
process of parylene based devices (see Table 4.1).
PDMS is commonly used in microfluidic applications [98, 99] and for surface
electrode arrays [100, 101] but has not been used for penetrating neural probes up
to now. Furthermore, its low modulus, high viscoelasticity and permeability to
gases make PDMS a prominent choice as substrate material for compliant probes
(see Table 4.1). By varying the ratio of pre-polymer and curing agent [82] or
the curing temperature [102], the Young’s modulus can be tuned. Additionally,
some commercially available formulations of PDMS received USP Class VI. Due

24



4.2. Design considerations

Figure 4.1.: Schematic
representation of a fixed-
pinned column used to
determine the theoretical
buckling force Pcr of a
flexible single shank. The
upper end is fixed to the
insertion tool whereas the
lower end is pinned as
soon as it reaches the
tissue surface. For a fixed-
pinned column, the length
L actually resisting the
buckling decreases to the
effective length Le.

to the high coefficient of thermal expansion (CTE) the integration of PDMS into
microelectromechanical systems (MEMS) techniques is challenging but several
approaches have been reported to reduce the thermally induced stress [91,103,104].

4.2. Design considerations

To improve the chronic stability, compliant probes with stress relief at the device/tis-
sue interface were explored. Compliance is defined as resistance upon mechanical
deformation and cannot be associated exclusively with the material softness defined
by the elastic modulus. The buckling force describing the minimal load that induces
lateral displacement, also known as bending, can be used as an indicator to specify
the compliance of implants. By modelling single shanks of intracortical probes
as fixed-pinned columns (see Figure 4.1), the critical load for buckling can be
determined using Euler’s formula [79]:

Pcr =
π2EIm
L2
e

with Im =
1

12
(bh3) and Le = L ·K (4.1)

where Pcr is the buckling force load [N], E the Young’s modulus [Pa], Im the
moment of inertia [m4], Le the effective length [m], b the column width [m], h the
column thickness [m], L the column length and K the effective length constant
which equals 0.7 for a fixed-pinned column. This equation is applicable for shanks
that are classified as long columns when exhibiting a slenderness ratio, λ, above
120 [105]:

λ =
Le

rx
and rx =

(
Im
A

) 1
2

(4.2)
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4. Fabrication of compliant intracortical implants

where rx the radius of gyration [m] and A the cross-sectional area [m2]. The
theoretical critical load is valid under the assumption that the cross-sectional area
is a rectangle and the probe shape is constant over the entire length therefore,
tapered tips are neglected. Furthermore, the mechanical influence of the metal
stack sandwiched between the polymer layers is ignored as well as any lateral
translation the probe might experience at the pinned end [79].
From Euler’s formula, it can be deduced that apart from employing polymers that
exhibit low Young’s modulus, compliance can be achieved by minimizing the probe
dimensions. Even thin Si probes feature flexible properties. However, such brittle
material have a higher risk of failure due to damaged shanks compared to polymer
based probes. Thus, several requirements have to be considered when down-scaling
neural implants. The dimensions need to be adjusted to the target brain region
and intended application. Depending on the species, the length of intracortical
probes can vary, for example from 1.7-5.3mm for mice to 73.7-105.3mm for humans
for hippocampal studies [6]. The shank width is mainly determined by the metal
interconnects and therefore, by the required number of electrodes per shank. During
implantation, probes with small geometrical dimensions can lower the penetration
force needed to successfully insert the device into the brain due to less tissue
displacement [106, 107]. Furthermore, it was shown that a tapered probe tip
facilitates insertion and therefore reduces tissue dimpling [106, 107]. Traditionally,
neural probes haven been tethered to the skull resulting in an enhanced immune
reaction as micromotions from respiration and cardiac pumping can cause forces of
80-130 �N and 14-25 �N at the device/tissue interface, respectively [25,26]. Besides
wireless solutions that are still under development, one approach to avoid tethering
induced forces is the integration of a flexible interconnection. Different works from
bonding/soldering [27,108] implants to cables towards monolithically integrated
[28,45,109] cables have been proposed to establish a free-floating probe fixation.
Paradoxically, intracortical implants compliant enough to minimize the body’s
immune reaction are unable to penetrate the tissue without support, due to the
low buckling force threshold. Several insertion strategies to successfully position
flexible devices in neural tissue have been introduced in the last years and are
discussed in detail in Chapter 6.

4.3. Microfabrication of organic electrodes

With the development of MEMS techniques, batch processing of organic probes
with complex designs became feasible to meet the need for disease diagnosis and
treatment. The general principle of the microfabrication is a layer-by-layer process
mainly involving several steps of deposition, photolithography, and micromachining
[110,111]. The fundamental structure of flexible implants is oriented towards the
MEA design described in Section 2.2.3 where a thin conductive layer is sandwiched
between two insulation layers. In polymer MEMS, glass or silicon substrates are

26



4.3. Microfabrication of organic electrodes

Figure 4.2.: a) Chemical vapour deposition of ParyleneC involving three different stages
to polymerize into a uniform coating at room temperature. Figure adapted from [88]. b)
E-beam physical vapour deposition to obtain thin metal films. c) Etch profiles obtained
by either wet (isotropic) or dry (combination of both) etch. Figure adapted from [115].
d) Reactive ion etching based on capacitive radiofrequency (RF) discharges in a plane
parallel geometry or utilizing a inductively coupled plasma (ICP) source. Figure adapted
from [115].

used as carrier wafers to support the thin and flexible layers during fabrication.
Polymer films are produced via spin-coating (e.g. PDMS) or CVD (e.g. PaC). On
top of the substrate polymer layer, metal films are deposited via physical vapour
deposition (PVD). Afterwards, the metal film is structured using lift-off or etching
processes [6, 111, 112]. Following the deposition of the second polymer film as
insulation layer, dry etching is employed to define the device shape and pattern
the electrode sites. The final flexible device is released from the carrier wafer by
either mechanical peel off (dry release) or etching a sacrificial layer of thin metals
or oxides (wet release). Pre- and post-treatment steps are introduced between the
different fabrication stages to ensure clean surfaces or better adhesion between
adjacent layers. For example, plasma treatment of the polymer [113], introducing
chemical promoters [85,114] or using metal adhesion layers like titanium [43,90]
are utilized to enhance polymer-metal adhesion.
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4. Fabrication of compliant intracortical implants

In the following paragraphs, a detailed description of the microfabrication steps
such as CVD, PVD, photolithography, and micromachining are given, which were
employed within this work to produce flexible intracortical implants. PaC is
deposited via a three-stage CVD process (see Figure 4.2 a) [88]. The solid polymer
dimer is vaporized under vacuum at 150 �C. Afterwards, the dimer flows into the
pyrolyse furnace where the dimer is heated up to 680 �C and transformed into
radical monomer vapour. The reactive monomers enter the deposition chamber,
which is kept at room temperature, and polymerize with other monomers covering
the entire chamber with a uniform coating.
PVD is employed to deposit thin metal films, which can either be performed via
electron beam (e-beam) evaporation, thermal evaporation, or sputtering [111].
Within a vacuum chamber, metal pellets are thermally vaporized and condense
onto the substrate positioned above the evaporating material (see Figure 4.2 b). For
e-beam evaporation, the sublimation energy is delivered by an e-beam generated
from a filament by focusing it onto the metal via magnetic fields.
Micropatterning is performed using photosensitive resists [110–112]. After spin-
coating and soft-baking the resist to ensure a homogeneous layer thickness, the
desired pattern can be transferred into the resist layer by exposing with UV light
through a photomask. During the exposure step, the resist is chemically altered
thereby changing its solubility in specific developer mixtures. Depending on the
type of resist, the developer removes the exposed areas (positive resist) or the
un-exposed layers (negative resist).
Micromachining includes different processes such as chemical etching, laser cutting,
and direct laser writing, which are utilized to transfer patterns into materials
without photosensitive properties. The employed etching chemistries are sub-
divided into dry and wet etch. A high selectivity against the etch mask is crucial
to successfully transfer the desired pattern into the substrate [111,112]. Commonly,
photoresists are used as the masking layer. However, for more aggressive processes,
hard masks such as Al [116] can be employed. During wet etching, liquid etchant
chemically removes the target material not protected by the etch mask. At the
interface between etchant and target material, a chemical reaction occurs, usually
a reduction-oxidation (redox) reaction where the target material is oxidized. After
dissolving the un-protected substrate layer, the resulting byproducts diffuse into
the etch solution. The etching rate is influenced by the concentration of etchant,
the solution temperature, and the agitation. As this process is diffusion dominated,
the etching proceeds uniformly in all directions (isotropically) (see Figure 4.2 c).
A fundamental issue of wet etching is under-etching, which is attributed to the
isotropic nature of the process [111,112,117]. In contrast to the liquid etchant-based
structuring, dry etching utilizes a reactive plasma to perform the redox reactions.
Besides the chemical nature of the etchant, the ionized gas species can be spatially
shaped via electromagnetic fields yielding a physical etch (see Figure 4.2 d). This
combination of different etch mechanisms enables the tuning of etching profiles,
meaning that a anisotropic profile can be obtained (see Figure 4.2 c). Various
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4.4. ParyleneC based electrode array fabrication

process parameters such as gas mixture, flow rate, generator power, pressure, and
temperature need to be optimized to improve etch rate and selectivity. Wet etching
of polymers is challenging due to their chemical inertness. Therefore, oxygen plasma
etching [118], RIE [118–121] or deep reactive ion etching (DRIE) [118, 119] are
commonly used.

4.4. ParyleneC based electrode array fabrication

As part of this work, two different fabrication methodologies have been utilized to
produce flexible intracortical neural implants. Both approaches are discussed in
detail in the following sections. The probes were produced in the Helmholtz Nano
Facility (HNF) of the Research Center Jülich with a ISO class between 2-4.

4.4.1. Single-metal-layer process

In this section, the fabrication of PaC based flexible probes with a single-metal-
layer is briefly described. The detailed parameters of the device production are
reported in the Appendix A.1. The microfabrication was started with a 5 �m
thick parylene film as substrate layer, which is deposited via CVD (see Figure
4.3 a-b). In a vacuum deposition system (PDS2010 Labcoater from Specialty
Coating Systems, Inc., USA), 8.5 g of parylene dimer was vaporized at 160 �C,
pyrolysed to its monomer at 690 �C, and deposited evenly on Si wafers at RT.
Film thickness was verified on a test Si piece by creating a step using tape to
partially cover half of the piece during deposition and measuring step height with
a profilometer (Dektak 150 Surface Profiler, Veeco Instruments Inc., USA) after
peeling off the tape. In the next step, the metal interconnects and electrode sites
were defined using a double resist system of LOR3b (MicroChemicals, Germany)
and AZ nLOF2020 (MicroChemicals, Germany). This results in an undercut profile,
which facilitates the lift-off following metal deposition. After the photolithography
process, the PaC surface was treated with a gentle O2 plasma (50W, 80 sccm, 2min)
to induce hydrophilicity without significant surface etching [122]. This improves
the adhesion between the substrate PaC layer and the metal film [123]. Afterwards,
the metal stack was deposited by evaporating 10 nm titanium (Ti) as adhesion
layer, 100 nm platinum (Pt) or gold (Au) and 10 nm Ti as etch stop layer with rates
of 0.1 nm/s, 0.5 nm/s, and 0.1 nm/s, respectively (see Figure 4.3 c). To remove the
resist and excess metal stack, the samples were placed in an acetone bath for 2 to
3 h (see Figure 4.3 d). Afterwards, a 5�m passivation layer of PaC was deposited
as described above (see Figure 4.3 e). Gamma-Methacryloxypropyltrimethoxysilane
(A-174 Silane, Specialty Coating Systems, Inc., USA) was added to the deposition
chamber to ensure good adhesion onto the underlying Pt film and the PaC substrate
layer [96]. 20 �m of AZ 10XT (MicroChemicals, Germany) obtained by a double
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4. Fabrication of compliant intracortical implants

Figure 4.3.: Fabrication process for ParyleneC (PaC) based single-metal-layer probes:
Starting from a plain Si wafer (a), PaC is deposited via chemical vapour deposition
(CVD) and used as substrate (b) and passivation layer (e). Physical vapour deposition
(PVD) is utilized to evaporate metal (c), which is patterned using a lift off process (d).
Photolithography is employed to define probe shape and expose electrode sites (f). The
structure is transferred into the PaC layers via reactive ion etching (RIE) using resist as
etch mask (g). Afterwards, the final device is peeled from the wafer (h).

spin-coating scheme was photolithographically structured and used as etch mask
during the RIE process to define the probe shape and to expose contact pads
and electrode openings (see Figure 4.3 f). When an electrode coating is desired
as shown in Section 5.2.2 electrode sites can be structured in a second etching
step after defining probe shape. Etching of PaC was performed with a rate of
0.65-0.70 m/min (CF4:O2, 4:36 sccm, 0.007mbar, radiofrequency (RF) plasma
50W, inductively coupled plasma (ICP) 500W (see Figure 4.3 g). The remaining
resist was removed with AZ 100 Remover (MicroChemicals, Germany). To establish
an electrical interconnection, single probes were dry released with a few drops of
deionized (DI) water if needed (see Figure 4.3 h) and soldered (soldering paste:
NC-31, AMTECH, USA) to custom made DIP connector at 180 C and sealed
with epoxy (EPO-TEK 302, Epoxy Technology, USA) at 110 C for 30min (see
Appendix A.3). As PaC degrades at 100 C a direct contact between the hotplate
and the polymer should be avoided to not damage the flexible probes.
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4.4. ParyleneC based electrode array fabrication

4.4.2. Double-metal-layer process

The double-metal-layer fabrication of flexible devices is depicted in Figure 4.4.
After the deposition of 5�m PaC as substrate film on a 4 inch Si wafer as described
in the previous section (see Figure 4.4 a-b), the metal interconnects with a minimum
line width and pitch of 5 �m were evaporated via PVD and structured using a lift
off process (see Figure 4.4 c-d). Due to the small dimensions of the interconnects,
the photolithography process was changed from the double resist system to using
only AZ nLOF2020 (MicroChemicals, Germany). Furthermore, the exposure dose
was adjusted for feedline widths less than 5�m (see Appendix A.2). An interlayer
of PaC (500nm) was deposited as insulation between the two metal layers (see
Figure 4.4 e). Openings with a diameter of 5 �m were introduced in the interlayer
over the interconnect ends via RIE (see Figure 4.4 f-g). Electrode sites and contact
pads were defined within the second metallization step (see Figure 4.4 h-i). To
ensure electrical connectivity between the two conductive layers, the thickness of
the second metal stack was increased to 600 nm (10 nm Ti, 100 nm Pt, 500 nm
IrOx or 10 nm Ti, 500 nm Au). After depositing the third PaC film as passivation
(see Figure 4.4 j), the probe shapes were patterned and the electrode sites were
exposed within the final etching step (see Figure 4.4 k-l). Finally, the probes were
peeled from the wafer (see Figure 4.4m) and soldered to custom made PCBs. The
detailed fabrication protocols are attached in Appendix A.2 and A.3.
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4. Fabrication of compliant intracortical implants

Figure 4.4.: Fabrication scheme of dual-metal-layer MEAs based on ParyleneC (PaC):
Starting from a plain Si wafer (a), PaC is deposited via chemical vapour deposition
(CVD) serving as substrate layer (b). Physical vapour deposition (PVD) is employed
to deposit metal (c), which is patterned using a lift off process (d). Within this first
metal layer, the interconnects are patterned. Introducing a PaC interlayer (e) ensures the
insulation of both conductive layers and etching vias establishes electrical connectivity
(f-g). The second metal layer was evaporated via PVD (h) and structured using a lift off
process to define the electrode sites (i). After the deposition of the passivation layer (j),
the probe shape is patterned and the electrode exposed using reactive ion etching (RIE)
(k-l). The final probe is dry released from the carrier wafer (m).
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4.4. ParyleneC based electrode array fabrication

Figure 4.5.: Metallization challenges of ParyleneC (PaC) based flexible devices: a)
When depositing 100 nm Pt on PaC, micro-cracks (white arrows) were observed within
the metal layer. Additionally, wrinkling of the PaC around Pt was seen when increasing
the thickness to 500 nm (black arrows). b) The deposition of 100 nm Au resulted in a
smooth layer without cracks and deformations. c) Structuring 2 �m interconnects was
feasible (left image) however, occasionally a poor lift-off (centre image) or delamination
(right image, arrows) was observed.

4.4.3. Fabrication considerations

Even though working PaC based devices could be produced based on the aforementioned
microfabrication process, several challenges were encountered and are further
discussed below.

Metal deposition: The e-beam evaporation of Pt on PaC films leaded to cracking
of the conductive layer for a thickness of 100 nm. When the thickness was increased
to 500 nm, deeper cracks and wrinkling of the PaC around the metal structures
were observed (see Figure 4.5a). Based on AFM scans on test Si pieces, it was seen
that the microcracks within 100 nm Pt had a length of up to 5-10 �m and a depth
of 20-30 nm.
High temperature processes such as evaporation using high melting point metals
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such as Pt can lead to thermal stress and therefore, cracking as a result of the
mismatch in the thermal coefficients of expansion [85]. However in the presented
case, the wafer did not exceed 60 �C when evaporating 100 nm Pt with a rate
of 0.5 nm/s as measured via a thermal couple (covered with aluminium tape to
enhance thermal contact) placed on the wafer frontside. Increasing the thickness
of Pt would result in a rise of the final temperature to ≈25-35 �C/100 nm and
therefore the wafer can indeed surpass the degradation temperature of PaC (see
Table 4.1) at thicknesses above 200 nm resulting in stress induced deformation
of metal layers and PaC films. This phenomenon is pronounced with increased
metal thicknesses and therefore, longer evaporation times (see Figure 4.5a). To
minimize the thermal radiation from the metal target, a stepwise deposition was
performed where 100 nm Pt evaporation was followed by a cooling step of 10min
before the deposition of the second 100 nm, which still resulted in cracks though
smaller in size. Furthermore, deformations were not observed after the e-beam
evaporation of 100 nm Au with rate of 0.5 nm/s (see Figure 4.5b). Compared to Au,
Pt has a higher melting point and during evaporation, more secondary electrons
are generated indicating that besides the thermal stress, additional factors such
as electron radiation are contributing to the cracking. Further investigations are
needed here to verify this hypothesis. To reduce the stress induced cracking of
metal layers and wrinkling of PaC films, a stepwise deposition or a different ratio of
adhesion and conductive layer might be helpful and use metals with lower melting
points, such as Au, to avoid thermal radiation.
In contrast to sputtering Pt on PaC [124], no stress induced bending of the flexible
shanks was observed after releasing the probes. Furthermore, 100 �m microcracked
Pt films on PaC still resulted in conductive interconnections therefore, PaC based
probes with Pt as conductive layer were successfully produced and further used
within this work. As microcracked or wrinkled metal layers have been introduced
for flexible and stretchable electronics [116,125], using microcracked Pt could be
beneficial for designing intracortical implants with long and thin shanks, which can
undergo bending stress during the packaging or implantation process.
During the fabrication of thin metal interconnects with a width and interspacing
of 2 �m, a poor lift-off process or delamination of the thin traces was noticed
(see Figure 4.5c). It is known that PaC suffers from poor adhesion to metal as
the latter exhibits hydrophilic surface properties whereas PaC is hydrophobic.
Several approaches have been introduced to improve the adhesion such as plasma
polymerization process using Trimethylsilane as gaseous precursor [126] or treatment
with the commercially available adhesion promoter AdPro Plus� [123].
For the fabrication of the proposed flexible probes, the width and interspacing of
the metal interconnects was increased to 5 �m to ensure a stable process as for
smaller feature sizes, little variations within the photolithography process can affect
the final structures. Furthermore, the PaC film was treated with oxygen plasma to
induce hydrophilicity just before the evaporation to enhance the adhesion of the
metal stack to the substrate layer, which was sufficient to avoid any delamination
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of the thin metal traces.

Dry etching: RIE through a photoresist mask was used to pattern the PaC
based probes. Gas bubbles were observed underneath the PaC film following the
UV exposure (see Figure 4.6a). This phenomenon was in particular observed for
big areas of PaC not covered with resist after development and for high UV dose.
In the proposed fabrication protocol, 20 �m thick photoresist was exposed with
2100mJ/m2 to structure 10 �m PaC films. Previous works have reported similar
effects which were attributed to the off-gassing of resists during UV exposure in
combination with the gas permeability of PaC [85]. As at this point of patterning
the probe shape, the bubbles did not impair the process fabrication was continued
without removing the bubbles. However, when using PaC as a sacrificial layer an
elimination of the bubbles could be necessary (see Chapter 5.3.1).
After dry etching the PaC probes, cracks were observed within the etch mask
and in the underlying polymer films subsequent to stripping the resist (see Figure
4.6b). That the off-gassing of volatile components within the photoresist during
plasma etching can lead to the formation of gas bubbles was reported before [85].
Furthermore, it was stated that minor off-gassing especially when processing PaC
on carrier wafers might be unnoticeable. Nevertheless, the cracks indicate an
intrinsic stress release within the photoresist etch mask although they were not
noticed over the entire wafer. It seemed like certain design features such as sharp
corners were prone to crack formations. Changing the design into round corners
reduced the effect however, did not completely solved the issue (see Figure 4.6b).
Photoresists are commonly stripped with acetone followed by a rinse with isopropanol.
However, the removal of the photoresist with acetone was not sufficient after the
etching of PaC films with conductive layers embedded as residues were seen on
metal structures and probe edges (see Figure 4.6c). The prolonged exposure to
plasma during the RIE can cause a cross-linking of the resist and the re-deposition
of resist and metal can hamper the etch mask removal [85]. This issue could
be solved by using the AZ 100 Remover (MicroChemicals, Germany) especially
designed to strip positive photoresist. Furthermore, using a two tank system in
combination with a low power ultrasonication where the majority of the resist
was removed in the first bath improved the stripping result without leaving any
residues.
During the removal of the resist etch mask, some probes especially the shanks were
partially or completely released (see Figure 4.6d). When the stripping is the last
fabrication step the release is negligible. However, when a second RIE step is needed
to expose, for example, the electrode sites partially released probes can impede the
alignment of the etch mask. Cleaning the wafers in acetone and isopropanol using
sonication for 10min followed by a rinse in DI water before starting the MEMS
process helped to avoid the complete release of the PaC probes. It was assumed
that a clean surface ensured a good adhesion between carrier wafer and PaC films
during the fabrication. The partial release, especially of the long and thin features
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4. Fabrication of compliant intracortical implants

Figure 4.6.: Dry etching challenges of ParyleneC (PaC) based flexible devices: a) Gas
bubbles after UV exposure of the photoresist etch mask before (top) and after RIE
(bottom). b) Crack formation (arrows) within resist and underlying PaC during etching
process. c) Resist residues when stripping with acetone due to cross-linking of resist after
pro-longed exposure to plasma. d) Partial release (arrows and dashed lines) of flexible
shanks after stripping the etch mask impeding precise alignment of following fabrication
steps (bottom right). Dashed lines indicating the actual position of probes before the
shift.

was still observed and was predominant for big PaC structures (Chronic probes
C-MEA-32L & -32T (see Chapter 4.5)) (see Figure 4.6c). It is unclear whether
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Figure 4.7.: Shape and critical dimensions of A-MEA-16 probes, the first generation of
PaC based intracortical implants.

the partial release arises from film stress induced during the RIE step or from
prolonged contact with the AZ 100 Remover for more than 15min. Since AZ
100 Remover had to be used to successfully remove the photoresist without any
residues the stripping time and the sonication treatment were adjusted for each
wafer to minimize the contact between PaC and the stripper solution. For the small
structures (Acute probes A-MEA-16 (see Chapter 4.5), this procedure still resulted
in a slight shift of the shanks in the range of 5-7 �m. For the proposed design, a
successful alignment was still feasible as the electrode sites were bigger in diameter
than the electrode openings leaving a margin for alignment errors (see Figure 4.6d).
Furthermore for big structures, where the partial release could not be avoided, the
thickness of the etch mask was adjusted so that the entire resist was etched during
the RIE resulting in a redundant stripping step. The latter is only practicable if
the etching rates of polymer and resist have been precisely determined.

4.5. Flexible intracortical implants

From polymer MEMS fabrication, paryleneC (PaC) based proof-of-concept electrode
arrays were produced. The technique allows batch processing of multi-site probes
on 4 inch silicon (Si) wafers (see Figure 4.8). A first generation of devices was
proposed with the aim to test the performance under acute in vivo conditions. These
intracortical implants constructed of Pt film sandwiched between two mechanically
flexible and insulating PaC layers are Michigan-style devices consisting of four
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4. Fabrication of compliant intracortical implants

Figure 4.8.: Presentation of the flexible array A-MEA-16: a) Photograph of the PaC
probes produced on a 4 inch Si wafer. Close-up microscope (b) and SEM (c) pictures of
the four shanks with electrode sites and metal traces. d) Photograph of flexible probe
soldered to 16-DIP connector.

shanks with four electrodes per shaft, here after named as A-MEA-16. Aiming
for a single unit resolution the electrode sites are 12 m in diameter with a pitch
of 200 m resulting in an active length of 700 m. Single shanks have a width
of 100 m and a thickness of 10 m. A shank length of 2mm is used to reach a
cortical depth of 1.0-1.5mm where regions of interest like the mitral layer of the
olfactory bulb and the different layers of the visual cortex are located. With a shaft
interdistance of 100 m, the array spans 700 m allowing for a 2D representation
of the cortical tissue. To facilitate probe insertion, the shanks have a tapered tip
with an opening angle of 40-30 [107]. The critical dimensions of the probes are
presented in Figure 4.7. The final devices were dry released from the Si wafer
and soldered to custom made PCBs (see Figure 4.8). A detailed electrochemical
characterization of the neural probes is provided in Chapter 5.
A bulky 16-DIP connector was used for an acute validation of the first generation of
probes (see Figure 4.8). However, for chronic implantation, the head implant should
met more stringent criteria. Based on G. Buzsáki’s experience [127], the probe
backend should not exceed 10% of the rodent’s body weight to not impede the free
behaviour. Assuming that an adult mouse has an average mass of 30 g, the implant
with boards and headmount should be less than 3 g, for experiments with free
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moving animals even lower. Therefore, smaller and light-weight custom connectors
were designed, consisting of two mated PCBs as depicted in Figure 4.10. The first
PCB with contact pads for probe bonding and a female stacking connector (61082-
041400LF from Amphenol ICC, USA) can be permanently fixed to the rodent’s head
whereas the second PCB supporting the male stacking connector (61083-041402LF
from Amphenol ICC, USA) and the omnetics connector (A79024-001-NPD-36-AA-
GS from Omnetics Connector Corporation, USA) is detachable minimizing the total
weight of the headmount. Furthermore to establish a free-floating probe fixation on
the rodent’s head, a 3 cm long flexible cable was monolithically integrated into the
probe design. Besides the backend of the devices, the electrode density is a crucial
parameter for chronically implanted probes. For coping with the neural density of
9.2·104 neurons/mm3 in the mouse’s cortex [128], a high ratio between recordings
sites and neural tissue is needed to enable a large scale monitoring and decoding of
tissue. With the aim to increase electrode density but keep the small cross-section
and therefore, minimize the tissue damage, the double-metal-layer process was
utilized, resulting in the second generation of intracortical implants named as
C-MEA-32. The metal traces mainly influence the shank width. Therefore, 5�m
wide interconnects with 5�m interspacing were chosen in combination with the
double-metal-layer process to double the number of electrodes by keeping the shank
width (see Figure 4.9). The design of C-MEA-32 is based on 4 shank MEAs with 8
electrodes per shaft. Shank dimensions are similar to A-MEA-16. The electrodes
with a diameter of 12 �m are arranged with a spacing of 50 �m. In order to facilitate
insertion, the opening angle of the tip was kept at 30�.
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Figure 4.9.: Critical dimensions of the second generation PaC based penetrating probes.

Figure 4.10.: Presentation of the flexible array C-MEA-32L: Microscope image of two
shanks with electrode sites and metal traces (left) and photograph of neural probe
soldered to PCB I (right), which is proposed as headmount for a chronic application.
The detachable PCB II is needed to establish an electrical connection between implant
and electrophysiological recording system.
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4.6. Conclusion

Probe type Probe cross- Number of Cross-section per
section [�m2] electrodes electrode [�m2]

C-MEA-32 [This work] 945 8 118
Si - A4x4-3mm-100-125-177 [?] 825 4 206
PaC/SU-8 [129] 1800 8 225
Si - A4x8-5mm-50-200-177 [?] 1845 8 231
PaC [21] 700 3 233
A-MEA-16 [This work] 1000 4 250
PaC [130] 1520 6 253
PaC [45] 2600 8 325
PaC [131] 3600 6 450

Table 4.2.: Comparison of representative neural probes with implants proposed within
this work. Probe cross-section is obtained by multiplying shank width and thickness. For
cross-section per electrode, number of electrode per shank were considered. NeuroNexus
Si probes A4x4-3mm-100-125-177 and A4x8-5mm-50-200-177 are comparable in design
to A-MEA-16 and C-MEA-32, respectively.

The multi-site intracortical implants produced within this work for acute and
chronic applications have cross-sections per electrode of 250�m2 and 118 �m2,
respectively (see Table 4.2). When comparing to PaC based probes introduced in
the last years the A-MEA-16 device has similar cross-sectional profile however, with
the C-MEA-32 design, a further reduction by half was possible. To our knowledge,
these are the smallest PaC based penetrating probes reported so far with regards
to electrode number per single shank. A major challenge when down scaling neural
probes is the increase in electrical crosstalk between nearby interconnections and
electrode sites. Therefore, especially the C-MEA-32 probes should be characterized
in regard to crosstalk before using them for electrophysiological measurements.
Furthermore, it was possible to reach electrode densities comparable to state-of-
the-art commercial Si probes.

4.6. Conclusion

Compliant probes have been explored as chronic neural interface to study the
brain by considering low Young’s modulus polymers as substrate materials and
by reducing probe cross-sections. Within this work, the microfabrication of such
a compliant intracortical implant was demonstrated. The probes were designed
for reaching cortical depths of up to 2mm so that regions of interest like the
visual cortex and the olfactory bulb could be targeted. Even though PaC is
prone to thermal degradation, a successful fabrication process could be established.
Furthermore, to our knowledge, the smallest PaC based penetrating probes could
be produced utilizing the double-metal-layer process.
From the fabrication perspective, a further reduction in cross-section would be
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4. Fabrication of compliant intracortical implants

feasible, which is ideal to increase the probe compliance. However, this is impractical
for handling due to bending or breakage. In efforts to produce next-generation
neural probes, PDMS was considered with a Young’s modulus one-tenth lower than
PaC. In Appendix A.4, the microfabrication protocol for PDMS based implants
is provided. Even though probes could be produced, the main challenge was the
handling of these ultra-soft devices. They curled without any mechanical support
after releasing them from the carrier wafer due to residual stress within the thin
polymer films. To avoid curling, probes with balanced internal stress need to
be produced. Implementing the insertion aid into the microfabrication process
could be an option to mechanically reinforce the probes after release. As more
optimization is needed to make these probes usable, the PDMS based devices were
not further studied within this work.
No matter which polymer is considered for the production of penetrating probes
the limits for device flexibility and size still need to be further studied as a function
of tissue response and chronic stability of implants. Before testing longevity of
the introduced flexible intracortical implants, the electrochemical performance was
optimized by establishing a low impedance electrode coating (see Chapter 5) using
the A-MEA-16 design. Afterwards, an insertion system was developed (see Chapter
6) and tested within acute in vivo experiments (see Chapter 7) to demonstrate the
implant feasibility.
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5. PEDOT:PSS as electrode
coating material

MEAs have been introduced as a versatile tool to interface neuronal networks,
enabling the recording and stimulation under in vitro as well as in vivo conditions
(see Section 2.2.3). Commonly, the electrode geometry is restricted to the size
of single neurons to ensure a high spatial resolution. Densely packed MEAs
used to decode the spatial pattern of extracellular activity additionally limit
the size of single electrodes [132, 133]. However, small electrode sites exhibit
low capacitance and high impedance. The electrode impedance is dominated by
capacitive reactions at the electrode-electrolyte interface and therefore, is inversely
proportional to the surface area [71]. Brownian motion of electrons and diffusion
of ions at the interface can cause noise, which scales with impedance resulting in
low signal-to-noise ratio (SNR) recordings impeding high quality measurements
[31, 134]. For stimulation purposes, a high charge storage capacity (CSC) and a
high maximum charge injection capacity (CIC) within a potential window that
minimizes irreversible faradaic reactions at the electrode are favourable. Low
impedance electrodes reduce the thermal noise and the charge injection limit needed
to successfully stimulate neuronal tissue and are therefore beneficial for monitoring
and manipulating biological cells. Different approaches have been introduced to
increase the electrochemical active surface area of electrodes. For example, coatings
with high intrinsic conductivity have been investigated to fulfil the above mentioned
requirements of recording and stimulation electrodes. Examples are iridium oxide
(IrOx) [135–137], carbon nanotubes [138, 139], and conductive polymers (CPs)
like poly(3,4-ethylenedioxythiophene) (PEDOT) [140–142] and polypyrrole (PPy)
[140,143,144]. Besides the electrochemical characteristics, the chronic stability of
electrodes is a crucial aspect especially for implantable devices. Different aspects
such as abiotic mechanisms comprising electrode related degradation [17,18] and
biotic mechanisms dictated by interactions with the neural tissue [14,15,17] can
cause a failure of conductive films.
Within this work, poly(3,4-ethylenedioxythiophene) doped with poly(styrene sul-
fonate) (PEDOT:PSS) coated neural probes were produced utilizing two different
methods; spin-coating and electrochemical deposition. The electrochemical proper-
ties of the different coatings were compared with regard to impedance and CSC.
Furthermore, the abiotic stability was determined utilizing an accelerated ageing
test and the electrochemical robustness by applying CV charge-discharge cycles.
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5. PEDOT:PSS as electrode coating material

5.1. Conducting polymer PEDOT:PSS

Conductive polymers (CPs) possess the unique feature of electrical activity that
is realized by doping the conjugated bonds within the backbone of the organic
polymer [145, 146]. The double bonds with their delocalized electrons can be
n-doped or p-doped by introducing or removing electrons, respectively, obtaining a
conductivity similar to those of semiconductors (10−6− 102 S/m) [145]. Despite the
lower conductivity compared to conventional metals, CPs exhibit low impedance
and high CSC and, CIC while maintaining small electrode geometry [134,142]. Main
reason for the superior properties is that these polymers exhibit both electronic
and ionic conductivity involving the entire polymer volume in charge transport
processes [147]. Additionally, the coatings increase the surface roughness or porosity,
resulting in a high ratio between the electrochemical surface area (ESA) and
geometric surface area (GSA). The volumetric capacitance has been introduced
to describe the mixed conductivity of CPs [148]. In contrast to the standard
electrode/electrolyte interfaces, where the capacitance depends on the surface area
[67] (e.g. 50-60 �Fcm−2 for Pt electrodes [149, 150]), the capacitance of CPs is
believed to scale with volume (6-57Fcm−3 [148]). Furthermore, in combination
with flexible substrate materials, the soft mechanical properties of CPs make
them ideal candidates to improve chronic in vivo stability of neural implants by
reducing the mechanical mismatch between electrode and biological tissue [151]
(see Sections 2.1.1 and 4.1). S. Baek, et al. [152] have shown that the choice of
dopant has an effect on the mechanical characteristics. Dopants can further alter
the electrochemical [141, 152, 153] and biological properties [141, 153] giving the
opportunity to engineer customized CPs for various applications. Overall, the
properties of CPs are dictated by the type of CP and dopant, and the deposition
method.
Several CPs have been introduced, however, PEDOT doped with poly(styrene
sulfonate) (PSS) (see Figure 5.1) has been reported to show outstanding electrochemi-
cal properties and stability [140, 143, 155, 156]. PEDOT:PSS coatings can be
prepared by vapour-phase [157,158] or electrochemical polymerization [140]. For
the vapour-phase polymerization, PEDOT:PSS is chemically synthesized from
an aqueous solution of 3,4-ethylenedioxythiophene (EDOT) by oxidation using
Fe(III) salts and by incorporating PSS as counterions resulting in a blue polymer
powder [157]. Such chemically polymerized PEDOT:PSS is commercially available
as ready-to-use mixtures. The company Heraeus, for example, offers suspensions
with different PEDOT:PSS ratios and conductivities [159]. These solutions are spin-
coated, drop-casted, or ink-jet printed to obtain thin polymer films and can be easily
incorporated into MEMS fabrication [160–163]. Spin-coated PEDOT:PSS films are
believed to consist of PEDOT-rich and PSS-rich regions organized in a pancake-like
morphology (see Figure 5.1) [154, 164]. It has been shown that the addition of
solvents to the suspension can improve the conductivity, stability, and adhesion
of the resulting PEDOT:PSS films. 3-glycidoxypropyltrimethoxysilane (GOPS) is
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Figure 5.1.: Chemical structure of PEDOT:PSS (a) and morphology of spin-coated
films: PEDOT oligomers polymerize onto PSS chains (b), formation of gel-like particles in
dispersion (c) resulting in pancake-like morphology with PEDOT-rich (blue) and PSS-rich
(grey) regions (d). Aggregates within the particles enhance intrinsic conductivity (e).
Figure adapted from [154].

commonly used as adhesion promoter and to improve the mechanical stability [165]
whereas dodecylbenzenesulfonic acid (DBSA) added as surfactant facilitates an
even film formation [166]. Ethylene glycol (EG) and dimethyl sulfoxide (DMSO)
enhance the conductivity of PEDOT:PSS [154, 167]. In contrast to the vapour-
phase synthesis, electrochemical polymerization of EDOT in aqueous solution
with poly(sodium 4-styrenesulfonate) (NaPSS) is performed under electrical bias
employing galvanostatic, potentiostatic or potentiodynamic methods [140, 168].
This approach requires a conductive material that oxidizes the monomer into
high order oligomers stabilized by the polyanion NaPSS. In contrast to spin-
coated films, electrochemical deposition results in globular or cauliflower-like
morphologies [168,169]. By tuning the polymerization parameters, the morphology,
and conductivity of the PEDOT:PSS films can be controlled [168,170].

5.2. Experimental section

To produce PEDOT:PSS coated electrodes, two techniques, namely electrochemical
deposition and spin-coating were utilized, and compared. For both methods, a
100 nm thick Pt layer with GSA of 113 �m2 sandwiched between two PaC layers
was used as WE (see Chapter 4.5).
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5.2.1. Electrochemical deposition

The electrochemical polymerization was carried out using the potentiostat CHI10-
30B from CHI Instruments (Austin, USA). A coiled Pt wire was used as CE and a
DRIREF-2 Ag/AgCl Reference Electrode (World Precision Instruments, USA) as
RE. To ensure a uniform deposition, the Pt surface was electrochemically cleaned
by means of 10 CV cycles (-0.6 to +0.9V vs. Ag/AgCl, 0.1V/s, 0.1M PBS),
rinsed with ultrapure water and activated using O2 plasma (80W, 0.8mbar, 3min).
The electrodes were coated by potentiostatic polymerization for 7-20 s at 1V from
0.1% (w/v) 0.01M EDOT (Sigma-Aldrich, Germany) and 0.7% (w/v) NaPSS
(Sigma-Aldrich, Germany) prepared in ultrapure water. The deposition charges
for the different times were determined by integrating the current over time and
dividing by the GSA.

5.2.2. Spin-coating

The wafer-scale coating with PEDOT:PSS was enabled using a PaC sacrificial
layer. Probes were fabricated based on the single-layer process described in Section
4.4.1. During the dry etching step, the probe shape and the bondpads were defined
separately from the electrode openings. Before patterning the electrode sites, a
4 �m (6.5g) thick PaC sacrificial layer was deposited. To facilitate the release of
this layer, Micro90 soap solution was spin-coated prior to the PaC deposition.
Dry etching of the electrode sites was performed as described in Section 4.4.1 by
introducing the openings into the passivation and the sacrificial layer.
For the preparation of the PEDOT:PSS solution, 93.9% (v/v) Clevios PH-1000
(Heraeus Holding GmbH, Germany) was mixed with 5% (v/v) EG (Sigma-Aldrich,
Germany), 1% (v/v) GOPS (Sigma-Aldrich, Germany), and 0.1% (v/v) DBSA
(Sigma-Aldrich, Germany) (similar to [160]). After stripping the remaining AZ 10XT
(MicroChemicals, Germany), the electrodes were spin-coated with the PEDOT:PSS.
A first layer was spin-coated, shortly soft baked to remove most of the solvent and
followed by several layers of PEDOT:PSS until a desired thickness was achieved.
After peeling off the sacrificial layer with a few drops of water and hard baking the
PEDOT:PSS to improve film stability, the samples were soaked for several hours
in water to remove Micro90 residues and excess low molecular weight compounds
within the PEDOT:PSS coating. The detailed fabrication protocol is attached in
the Appendix A.5.

5.2.3. Iridium oxide as adhesion layer

The details of the fabrication are provided in the Appendix A.6 and shortly
described here. The probes were produced based on the single-metal-layer process
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(see 4.4.1) thus, after patterning the interconnects and the electrode sites and before
the deposition of the passivation layer, an additional photolithography step was
introduced to cover the recording electrodes with IrOx. The same lift-off process
used to structure the first metal layer was utilized. However, the spin-coating speed
was adjusted to ensure a good lift-off as a thicker IrOx film of 450 nm was sputtered
in contrast to the first metal layer with a total thickness of 120 nm. The sputtered
IrOx was provided from the cleanroom facility at the Institut für Werkstoffe der
Elektrotechnik (IWE-1), RWTH Aachen University (Germany).

5.2.4. Characterization

Electrochemical impedance: The electrochemical impedance of the different
PEDOT:PSS coatings in comparison to bare Pt electrodes was measured by applying
a 10mV alternating voltage stimulus and scanning from 10Hz to 10MHz as
described in Section 3.2.1. The impedances of bare Pt or Au electrodes were
recorded after cleaning the surface by means of 10 CV cyles (-0.6 to +0.9V vs.
Ag/AgCl, 0.1V/s, 0.1M PBS).
Charge storage capacity (CSC): The redox characteristics of the PEDOT:PSS
coatings were determined using CV cycles (see Section 3.2.2). For the measurements,
the potential window was restricted to -0.6 to 0.9V (vs. Ag/AgCl), the water
window of Pt, to avoid any degradation of the electrodes. The samples were
characterized in 0.1M PBS and with a scan rate of 0.1V/s. The CSC [mC/cm2]
was averaged over 10 cycles and derived using:

CSC =
1

v

∫ Ea

Ec

|i|dE (5.1)

where E is the WE potential [V], i the measured current density [mA/cm2], Ea

and Ec the anodic and cathodic potential limits [V], respectively, and v the scan
rate [V/s] [135].
Ageing test: Storing implants in electrolyte solution at elevated temperatures
is commonly used to study the long-term robustness and passive degradation
mechanisms of electrode coatings. The resulting accelerated ageing factor (AAF)
can be estimated by the Arrhenius equation [171]:

AAF = Q
Taccelerated−Ttarget

10
10 (5.2)

where Ttarget is the ambient temperature [�C] (for implants: 37 �C) and Taccelerated

the accelerated ageing temperature [�C]. The factor Q10 is commonly set to 2 as a
conservative approximation for determining the ageing factor of polymers [171].
To validate the abiotic stability, PEDOT:PSS films were stored in 0.1M PBS
(pH=7) at 70 �C for 168 h. Petri dishes with a slit were taken as storage containers
for the samples (see Figure A.2). The flexible probes soldered to custom-made
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PCBs were inserted through the slit and glued with PDMS. PDMS (Sylgard 184,
Dow Corning, USA) was prepared by thoroughly mixing base and curing agent at
a ratio of 10:1 and degassing the mixture at -20 �C for a couple of days to remove
gas bubbles. As the frontend of the PCB would be in contact with the electrolyte,
it was made sure, that the PCB was completely sealed with PDMS. After a storage
time of 48 and 168 h, the samples were taken out of the oven and let cool down
to RT for determining impedance and CSC as described above. At the end of the
study, the electrode coatings were additionally imaged using a digital microscope
(VK-X150, Keyence Deutschland GmbH, Germany).
Electrochemical stability: The adhesion and robustness of the PEDOT:PSS
films were investigated by applying electrochemical stress in form of CV charge-
discharge cycles. Blocks of 50-100 cycles were applied (-0.6 to +0.9V vs. Ag/AgCl,
0.1V/s, in 0.1M PBS) followed by an impedance measurement and an optical
validation under a digital microscope (VK-X150, Keyence Deutschland GmbH,
Germany.
Surface roughness: The roughness of Pt and IrOx films was characterized
using small Si test pieces that had the same stack as the wafers used for probe
fabrication (Si/PaC/Ti/Pt or Si/PaC/Ti/Pt/IrOx). However, the test samples did
not undergo fabrication steps following the metal deposition, such as deposition
of PaC as passivation layer and dry etching to expose electrode sites. Areas of
10x10 �m2 were scanned and the RMS roughness determined as descried in Section
3.3.
Imaging: Besides optical microscopy, the morphology, adhesion and thickness of
the coatings were further analysed by SEM and FIB sectioning (see Section 3.1).

5.2.5. Statistical analysis

Continuous variables such as impedance and CSC are reported as median [median±
95% CI (confidence interval)], unless otherwise indicated. The various PEDOT:PSS
coatings were tested for difference in regard to normalized impedance and CSC.
The normality was rejected for some of the studied variables after performing
the Shapiro-Wilk test. Therefore, the non-parametric Kruskal-Wallis H-test was
applied to compare the properties of electrochemical deposited and spin-coated
PEDOT:PSS. When a significant difference was observed using the Kruskal-Wallis
H-test, post-hoc pairwise testing was performed using Dunn’s test with Bonferroni
correction. If p-values lower than 0.05 (p< 0.05), differences in studied variables
were considered to be statistically significant. The tests were implemented in
Python 3 [76] using the module SciPy.
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5.3. Spin-coated and electrochemically deposited
PEDOT:PSS films

As part of the effort to develop intracortical implants two different methods were
investigated to establish a PEDOT:PSS coating on flexible MEAs. Comparisons
were made between electrochemically deposited PEDOT:PSS obtained under
potentiostatic condition and spin-coated PEDOT:PSS crosslinked with EG, GOPS
and DBSA. The fabrication challenges, morphology, electrochemical performance
and coating stability were considered for the benchmarking study. The flexible
intracortical probes A-MEA-16 comprising 100 nm thick micro-cracked Pt microelec-
trodes with a GSA of 113 �m2 were used to study the different coatings (see
Chapter 4.5). To minimize batch-to-batch variations, all probes used for either the
electrochemical deposition or the spin-coating were produced within one fabrication
run.

5.3.1. Fabrication challenges of spin-coated PEDOT:PSS

To establish a high through-put electrode coating procedure, spin-coating was
established by implementing a PaC sacrificial layer within the fabrication process.
During the microfabrication of PEDOT:PSS coated probes, challenges were encoun-
tered and are discussed here in detail. Prior to structuring the electrode sites, a
PaC sacrificial layer in combination with a soap solution was deposited. Electrodes
were exposed via RIE using a photoresist etch mask. Following the UV exposure,
gas bubbles were seen underneath the PaC sacrificial layer (see Figure 5.2 a). As
stated in Chapter 4.4.3 this phenomenon can be induced by the off-gassing of
resists during UV exposure in combination with the gas permeability of PaC [85]
and seems to occur more frequently when a release layer is used. The etch mask
utilized for defining the probe shape was 20 �m thick and exposed with a dose of
2100mJ/m2. In contrast to this mask, for exposing the electrode sites a 13�m
thick resist exposed with 900mJ/cm2 was used to reduce the bubbling as this
issue is pronounced for higher exposure doses. This solution is only applicable
when the thickness of PaC films in combination with the etch rates of polymer
and resist allow the use of a thinner etch mask. Thus, the gas bubbles could not
be completely avoided and were mainly observed for big areas not covered with
resist after development. At this point of fabrication, the wafer edge and the area
with the alignment markers were free of resist (see Figure 5.2 a). Not removing the
gas bubbles can lead to crack formation within the resist layer during the etching
process. These cracks are transferred to the underlying PaC films. Since an intact
sacrificial layer is crucial for a successful dry release the big bubbles occurring in
non-critical areas were pierced and within the next processing step, the RIE, the
vacuum removed the bubbles.
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Figure 5.2.: Challenges of spin-coated PEDOT:PSS: a) Gas bubbles after UV exposure of
the photoresist etch mask (arrows). b) After exposing the electrode openings, PEDOT:PSS
solution was spin-coated and soft-baked over the entire wafer (left image). The release of
the PaC sacrificial layer left PEDOT:PSS films confined on top of the electrodes (right
image). c) After dry releasing the sacrificial layer, bluish residues were seen, especially
around the shank tips (white arrows) and residues of the release soap solution were
observed on top of the wafer around the probes (black arrow). d) Complete (white rings)
or partial (red rings) peeling off of the PEDOT:PSS coatings during the release of the
sacrificial layer.

After spin-coating and soft-baking the conductive polymer, the PaC sacrificial
layer was released to obtain PEDOT:PSS coated electrodes 5.2 b). A complete
dry release of the sacrificial layer was not possible. Therefore with a tweezer, the
sacrificial layer was lifted from one edge of the wafer and a few drops of water
were applied between sacrificial layer and carrier wafer to facilitate the release (see
Figure 5.2 a). Furthermore, the process from spin-coating the soap solution to dry
releasing the sacrificial layer should be completed as quickly as possible. On the
on hand, a prolonged contact to the release agent without the PaC deposition
can cause a partial release of the probes impeding accurate alignment of the
following process steps. On the other hand, with greater time frame it seems to
be more difficult to remove the sacrificial layer without leaving residues. Blueish
residues were occasionally observed around the electrode openings, mainly for
the electrodes at the shank tip (see Figure 5.2 c). By changing the design this
phenomenon might be avoided, for example, by increasing the distance between
shank tip and electrode. Additionally, the electrode coating was completely or
partially peeled off during the release of the sacrificial layer, which was pronounced
for thicker layers of PEDOT:PSS (see Figure 5.2 d). It is assumed that above
a certain conductive polymer thickness, the edges of the electrode openings are
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Figure 5.3.: Images of electrochemically deposited (a-c) and spin-coated (d-f)
PEDOT:PSS: Electrodeposition was performed at a charge of 90mC/cm2 and the
spin-coated film was obtained upon stacking 3 layers. Optical images reveal the blue
colour of the PEDOT:PSS covering the microelectrodes (a, d). SEM pictures show
the globular (b) and the sponge-like (e) morphology of electrochemically deposited and
spin-coated PEDOT:PSS, respectively. The white dashed line (a) indicates the slicing
plane for FIB (c, f). FIB sections depict the electrodeposited PEDOT:PSS confined to
the diameter of the Pt electrode (c) and the spin-coated film covering additionally the
sidewalls of the electrode opening (f). The PEDOT:PSS coatings are bordered in yellow.

completely covered with PEDOT:PSS. Therefore, a release of the sacrificial layer
without pulling off the coating is not feasible anymore. This resulted in thickness
variations of the PEDOT:PSS films within probes indicated by various shades
of blue (see Figure 5.2 d). To produce thicker PEDOT:PSS films, the height of
the sacrificial layer should be increased to ensure a release without removing the
electrode coatings. Consequently, a thicker etch mask and therefore, higher exposure
dose would be needed to pattern the electrode sites enhancing the appearance of
gas bubbles underneath the PaC sacrificial layer. As described above, such bubbles
facilitate crack formation during the RIE, which increases the failure rate of the
microfabrication process.

5.3.2. Coating morphology and thickness

Optical images show the typical blue colour of the PEDOT:PSS films for both
methods (see Figure 5.3 a, d). Furthermore, SEM images depict the globular and the
sponge-like morphology for electrochemical deposition and spin-coating, respectively
(see Figure 5.3 b, e). The coating thicknesses were determined from the centre of the
electrodes based on FIB sectioning and averaged for two electrodes from 1-2 neural
probes for each condition (see Figure 5.4). The differences in the edge coverage
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5. PEDOT:PSS as electrode coating material

when comparing both coatings (discussed below) was neglected for the thickness
measurements. For spin-coating, the coating was performed by starting with a thin
layer obtained at a spin speed of 3000 rpm followed by several layers spin-casted
at 500 rpm. With this approach, the minimum thickness spin-coated onto the Pt
electrodes was 375±64 nm (mean±std, n=2) (see Figure 5.4). With 4 spin-coated
layers (1x3000 rpm and 3x500 rpm), a thickness up to 780 nm could be reached.
For electrochemical deposition, the potentiostatic polymerization was performed
at 1V for 7-20 s. By integrating the current response over time in relation to
the GSA, the deposition charges were obtained. The corresponding deposition
times for the different charges are provided in Table A.1. To obtain a confluent
CP layer via electrochemical polymerization, a minimum deposition charge of
50mC/�m2 was needed whereas above 220mC/�m2, PEDOT:PSS overgrew the
electrode opening. To validate the influence of film thickness on electrochemical
performance, deposition charges of 50, 90, 140 and 220mC/�m2 were considered
resulting in thicknesses of 130-560 nm whereas varying the number of spin-coated
layers from 2-5 yielded thicknesses of 450-950 nm (see Figure 5.4). An overview
with optical images, SEM images and FIB sections of the different thicknesses
obtained with either electrochemical deposition or spin-coating is provided in the
Appendix (see Figure A.5 and Figure A.8).
To compare the films obtained with both methods, the thicknesses for the different
conditions were determined by least-squares linear regression. Typically, the
nucleation and growth process of EDOT under potentiostatic or galvanostatic
conditions follows the parabolic rate law (see Section A.8.2.1). However, the initial
increase for low deposition charges was not relevant within this work as a confluent
PEDOT:PSS layer was obtained above 50mC/cm2. Therefore, a linear fit was
applied for the charges 50-220mC/cm2 to specify the film thicknesses obtained via
electrochemical deposition.
Comparing both methods, thicker coatings could be obtained with spin-coating.
Furthermore, FIB sections reveal that the films completely covered the electrode
sidewalls (see Figure 5.3 f) whereas electrochemical deposition resulted in coatings
confined to the size of the Pt electrodes (see Figure 5.3 c). This is in accordance
with the chemical nature of electrochemical polymerization of PEDOT:PSS as a
conductive material is needed to oxidize the monomer. For deposition charges
above 50mC/�m2, the PEDOT:PSS coating was roughly 1�m smaller in diameter
compared to the Pt electrode with a GSA of 113 �m2 (see Figure 5.3 c and
Figure A.5). This is similar to H. Zhou, et al.’s work [172] where the PEDOT:PSS
films had a diameter of 80 �m and the underlying Pt a diameter of 100�m however,
for a deposition in galvanostatic mode. Optical images reveal the presence of a
thin polymer layer at the electrode edge. However, this layer at the edge went
off after the 10 CV cycles used to determine the CSC (see Figure A.6). It is
assumed that PaC residues around the electrode edges cause a weak adhesion of
the deposited PEDOT:PSS resulting in a lift-off after a few charge-discharge cycles.
Pre-treating the probes with a short Ar plasma (0.4mbar, 100W, 3min) before
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Figure 5.4.: PEDOT:PSS film thicknesses (mean±std, n=2) for various deposition
charges obtained via electrochemical deposition (blue dots) and upon stacking of spin-
coated layers (purple dots). One section for 4 layers is missing due to facility closure.
Linear regressions (dashed lines) were used to determine the thicknesses for the different
conditions, R2=0.845 (blue line) and R2=0.918 (purple line).

the PEDOT:PSS deposition resulted in a better edge coverage (see Figure A.7)
supporting the assumption that PaC residues influence the PEDOT:PSS growth,
especially around the electrode edges. However, the Ar etch had an impact on
the electrochemical properties. For deposition times of 15 s, a deposition charge
of 140mC/cm2 was observed without pretreatments whereas for the pretreated
electrodes, a charge of 490-590mC/cm2 could be determined. As shown by V.
Castagnola, et al. [168] the surface quality has an influence on the growth of the
conductive polymer. Therefore, for a better comparison of both coating methods,
the Pt electrodes were not pretreated. This highlights that the RIE process to
expose the electrode openings has to be well controlled to ensure a residue free
electrode and consequently, a good adhesion between the PEDOT:PSS and the
underlying metal layer.

5.3.3. Electrochemical performance

To compare the recording and stimulation capabilities, the different PEDOT:PSS
coatings were characterized in regard to impedance and CSC using EIS and CV,
respectively. For the experiments, 12 electrodes from 4 different probes were
averaged for electrochemical deposition and 3 different probes each consisting of
16 electrodes for the spin-coating. Outlying electrodes with fabrication defects
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5. PEDOT:PSS as electrode coating material

Figure 5.5.: Fraction of defective electrodes for different layers of spin-coated
PEDOT:PSS. Electrodes with an impedance of > 10MΩ· m2 and < 1MΩ· m2 at 1 kHz
were excluded as outliers. Bare Pt electrodes used for electrochemical deposition are
represented by 0 layers. Single dot: mean±std, n=3 probes (except for 0 layers where
n=4).

not related to PEDOT:PSS resulting in an impedance higher than 103MΩ· m2

at 1 kHz were excluded. For spin-coating, impedances below 1MΩ· m2 at 1 kHz
were removed as these low values resulted from residues of the sacrificial layer
around the electrode opening and therefore, increased the ESA (see Figure 5.2 c
and Figure A.9). Furthermore, impedances above 10MΩ· m2 were excluded as for
an intact PEDOT:PSS coating the expected impedance value was a few MΩ· m2

at 1 kHz. This was determined empirically and derived from the impedance values
of electrochemically deposited PEDOT:PSS assuming a similar behaviour for both
methods as show by D. Koutsouras, et al. [173]. The thicker spin-coating films
(equivalent to layers 4-5) resulted in a higher percentage of outlier electrodes
compared to the probes with bare Pt electrodes (equivalent to 0 layers) (see
Figure 5.5), which could be caused by the issues during the release of the sacrificial
layer (see Section 5.3.1).
EIS is a powerful method to describe how input signals such as neuronal activity
are translated at the electrode/electrolyte interface dependent on their frequency
components. Figure 5.6 shows the bode plot of the impedance for bare Pt electrodes
with a GSA of 113 m2 after the electrochemical cleaning. With decreasing
frequency, the electrode impedance is monotonically increasing meaning that input
signals with low frequency contents can be lost within the high thermal noise, which
scales with impedance. Furthermore, the impedance was capacitance dominated
over the entire frequency range as additionally indicated by the phase angle. At
1 kHz, Pt had an impedance of 744.180 [646.278-842.083]MΩ· m2, median [95%CI1]
(n=12). The impedances at 1 kHz are specified here for a comparison of the different
thicknesses and methods. Even though, the entire frequency range is of interest, as

1Confidence interval, 95% CI of median = median±1.57·IQR/n0.5 (IQR = interquartile range)
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LFPs and APs reside in the time frames of less than 300Hz and 300–10,000Hz,
respectively [174]. Furthermore, fast stimulation pulses commonly have a time
range of more than 1 kHz [175].

Figure 5.6.: Electrochemical properties of three Pt microelectrodes with a GSA of
113 m2. Representative bode plots (left): High impedance electrodes are sensitive to
noise, mainly visible here for the phase angle measurements as the impedance is depicted
in a double-logarithmic scale. Representative current over voltage curves (right): CV
scans obtained within the water window of Pt (-0.6 to +0.9V (vs. Ag/AgCl)) at a scan
rate of 0.1V/s.

Figure 5.7.: Representative impedance spectra of electrochemical deposited (top) and
spin-coated (bottom) PEDOT:PSS for the different thicknesses.
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The PEDOT:PSS films produced with both methods caused a considerable reduction
in the impedance compared to bare Pt electrodes. Representative bode plots for
the different PEDOT:PSS films are presented in Figure 5.7. Especially in the
low frequency range (<103Hz), a decrease was observed by around two orders
of magnitude. All thicknesses exhibited a similar trend, with an increasing
impedance for decreasing frequency. Above a certain cut-off frequency (≈103Hz),
the impedance of PEDOT:PSS changed from a capacitive into a resistive behaviour,
as the impedance plateaued into a frequency-independent response [173, 176]. This
characteristic was supported by the course of the phase angle with the rise from -90 �

to 0 �. The frequency-independent response seems not to be affected by the polymer
thickness. In contrast to low frequencies where the impedance is dominated by
the electrode and its double layer capacitance, at high frequencies, the impedance
is determined by the solution resistance. The solution resistance scales with the
GSA and not the ESA and thus, is independent of any electrode coating [71]. For
frequencies above 105Hz, parasitic capacitances caused a drop of the phase angle,
which is unavoidable for high frequency circuits.
For both methods, with increasing thickness a decrease in impedance could be
observed except for the thickest layer obtained by spin-coating (see Figure 5.8).
The latter showed the highest variation, probably due to the issues encountered
during the release of the sacrificial layer and the resulting thickness variations
(see Section 5.3.1 and Figure 5.2). In general, the spin-coating resulted in more
outliers compared to the electrochemical deposition except for the thickness of
610 nm. As the CP film was deposited at once for the entire wafer using spin-
coating, the thickness varied depending on the device location on the wafer.
Furthermore, the impedances of the spin-coated films were lower compared to
electrochemical deposition (see Figure 5.8). As the capacitance of PEDOT:PSS
scales with volume [148], lower impedance values should result from thicker films.
However, when comparing similar thicknesses, such as 500-700 nm, the normalized
impedances of spin-coated PEDOT:SS were still significantly lower. The impedance
at 1 kHz of electrochemically deposited PEDOT:PSS with a thickness of 360 nm
was 4.552 [4.170-4.934]MΩ·�m2, median [95% CI] (n=12) (see Figure 5.8) whereas
for spin-coating with a thickness of 450 nm, a further reduction to 3.232 [3.112-
3.353]MΩ·�m2, median, [95% CI] (n=43) was observed. Due to the high amount of
outliers, no significant difference was seen for the thicknesses 300-500 nm. Among all
thicknesses, the lowest and most stable (defined by considering fraction of defective
electrodes (see Figure 5.5) and number of outliers (see Figure 5.8)) impedance was
obtained with spin-coating PEDOT:PSS in 3 layers resulting in a film thickness
of 610 nm. The corresponding normalized impedance at 1 kHz was 2.650 [2.601-
2.699]MΩ·�m2, median [95% CI] (n=38). A comparison to similar works in regard
to impedance can be found in the Appendix (see Table A.2).
In the next step, the CSC of the PEDOT:PSS coatings were determined using
CV cycling. CV is a common tool to study charge transfer processes at the
electrode/electrolyte interface. The enclosed area of a CV cycle is proportional

56
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Figure 5.8.: Normalized impedance for increasing thicknesses of electrochemically
deposited (top left) and spin-coated (top right) PEDOT:PSS. In the boxplots, left:
n=(12, 12, 12, 12), right: n=(43, 38, 25, 23), line: median, box: 1st -3rd quartile,
whiskers: 1.5x interquartile range above and below the box, and diamonds: outliers.
P-value matrix (bottom) after performing the Dunn’s post-hoc test with Bonferroni
correction. P-values between 0.05 and 0.01 indicate statistical significance whereas values
below 0.01 denote highly significant differences.

to the CSC within the examined potential window. Figure 5.6 depicts the CV
curves of bare Pt electrodes within their water window of -0.6 to +0.9V (vs.
Ag/AgCl) obtained at a scan rate of 0.1V/s. For potentials above -0.2V, constant
positive and negative current responses were observed originating from capacitive
charging and discharging. However, for negative potentials, an increased cathodic
current was measured indicating faradaic charge transfer processes. The maximum
current density varied between -0.5 to -1.5mA/cm2 (at -0.6V) for the different Pt
microelectrodes as shown in Figure 5.6. Oxygen reduction occurs at potentials
less than +0.25V (vs. Ag/AgCl) resulting in an increased current response in
the cathodic region [177–179]. For micro-sized Pt electrodes, the cathodic current
density is further increased compared to macroelectrodes [179] as the mass transport
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Figure 5.9.: Representative CV cycles of electrochemical deposited (top) and spin-coated
(bottom) PEDOT:PSS for the different thicknesses for a scan rate of 0.1V/s.

at the interface is limited rather by spherical than planar diffusion [180]. To ensure
that the increased cathodic current was material independent and not caused by
the micro-cracks within the Pt layer, PaC based probes with Au were produced
since for e-beam evaporated Au, no cracks were found (see Section 4.4.3). The
CVs for both metallic electrodes were similar in shape with the increased cathodic
current below -0.2V (vs. Ag/AgCl) (see Figure 5.6 and Figure A.3). This is
in accordance with S. Cogan, et al.’s work [179], where the increased cathodic
current dominated by oxygen reduction was observed for negatively polarized Pt
as well as Au electrodes. At the anodic potential limit, the increase in current
indicated the start of oxygen evolution, which was pronounced for higher voltages
(see Figure A.3).
The areas enclosed by the CV curves for the different PEDOT:PSS coatings were
bigger compared to the bare Pt electrodes resulting from higher CSCs (see Figure 5.6
and Figure 5.9). PEDOT:PSS films exhibit high surface porosity and additionally,
show electronic and ionic conductivity involving the entire polymer bulk in charge
transport processes resulting in increased charge storage properties in contrast
to Pt electrodes [147, 148]. For negative potentials, an increase in the cathodic
current response was observed, which might be attributed to the underlying metal
and the aforementioned cathodic oxygen reduction processes. Furthermore, the
CV of electrochemically deposited films approached a rectangular shape without
any characteristic redox peaks [181] whereas for spin-coating, broad reduction and
oxidation peaks were observed around −0.4 to +0.1V and −0.2 to +0.4V [182].
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Figure 5.10.: CSC for increasing thicknesses of electrochemically deposited (top left)
and spin-coated (top right) PEDOT:PSS. In the boxplots, left: n=(12, 12, 12, 12), right:
n=(41, 37, 24, 21), line: median, box: 1st-3rd quartile, whiskers: 1.5x interquartile
range above and below the box, and diamonds: outliers. Linear regressions (bottom left,
dashed lines) of CSCs (dots: median) for both types of PEDOT:PSS with R2=0.993
(blue line) and R2=0.998 (purple line). P-value matrix (bottom right) after performing
the Dunn’s post-hoc test with Bonferroni correction. P-values greater than 0.05 show
no significant difference and are coloured white whereas p-values below 0.05 denote
significant differences.

Nevertheless, all CVs approached a rectangular shape indicating that the capacitive
charge transfer dominates.
610 nm thick spin-coated films had a CSC of 35.863 [34.697-37.029]mC/cm2, median
[95% CI] (n=37), which is 31 times larger than the underlying metal with
1.141 [1.035-1.299]mC/cm2, median [95% CI] (n=12). The CSC of 360 nm thick
electrochemically deposited PEDOT:PSS was 26 times greater with 29.488 [25.961-
33.014]mC/cm2, median [95% CI] (n=12) compared to bare Pt electrodes. The
CSC values for the different thicknesses are presented in Figure 5.10. As expected
from the impedance analysis, the thickest layer obtained via spin-coating exhibited

59



5. PEDOT:PSS as electrode coating material

the highest deviations regarding CSC. Except this thickness, a linear dependency
could be identified between CSC and polymer thickness for both methods (see
Figure 5.10, bottom left). A linear correlation suggests that the entire PEDOT:PSS
bulk contributes to the charge transfer processes at the electrode/electrolyte
interface. Among all thicknesses, the highest CSC was obtained for 560 nm
thick electrochemically deposited PEDOT:PSS (49.382 [45.195-53.570]mC/cm2,
median [95% CI] (n=12)) and 780 nm thick spin-coated PEDOT:PSS (45.899 [42.825-
48.972]mC/cm2, median [95% CI] (n=24)). A comparison to similar works in regard
to CSC is summed up in the Appendix (see Table A.2).
In contrast to the EIS, where spin-coated PEDOT:PSS showed significantly lower
impedances than the electrochemical deposition the CSCs were similar for both
methods. No significant differences were observed for comparable thicknesses such
as 300-500 nm and 500-700 nm. Additionally, no difference was seen between 230 nm,
360 nm and 560 nm thick electrochemically deposited and, 450 nm, 610 nm and
780 nm thick spin-coated PEDOT:PSS, respectively (p>0.05) (see Figure 5.10).
The CSCs from 950 nm spin-coated PEDOT:PSS can be neglected due to the
high variations. CPs like PEDOT:PSS exhibit electronic and ionic conductivity
involving the entire bulk in charge transfer processes. As a consequence, with
thicker polymer films, the capacitance should increase resulting in higher CSC.
As thinner electrochemically deposited films exhibited similar CSCs to thicker
spin-coated films, it is assumed that the charge transfer processes are different for
both coating methods.
Similar to the trend observed within this work (see Figure 5.10), a linear dependency
was identified between coating thickness and CSC for spin-coating (stacked layers)
[183] and electrochemical deposition [181] in previous works. D. Koutsouras, et
al. [173] showed that the impedances and capacitances were comparable for spin-
coated and electrochemically deposited PEDOT:PSS films with similar thicknesses.
However, polymer films obtained with both methods have not yet been compared
in regard to CSC. Especially, a comparative study for varying thicknesses is still
missing.

5.3.4. Abiotic stability

The abiotic stability of electrochemically deposited and spin-coated PEDOT:PSS
films was determined utilizing an accelerated ageing test, which was designed based
on the ISO for the biological evaluation of medical devices [184]. The neural probes
were subjected to 70 �C for 168 h, which is the recommended condition for implants
with an intended use of less than 30 days. The electrochemical properties were
determined using EIS and CV after 48 h and 168 h, and the PEDOT:PSS coatings
were imaged at the end of the study. As the lowest and most stable impedance
for spin-coated films was observed for a thickness of 610 nm (see Figure 5.8), this
thickness was used for the ageing study. Ideally, for a comparison of the two
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Figure 5.11.: Normalized changes of impedance (top) and phase angle (bottom) for
electrochemically deposited (left) and spin-coated (right) PEDOT:PSS induced by
accelerated ageing for a test period of 168 h at 70 C. Median±95% CI are depicted with
n= 24, 18, 17 and 17 for electrochemical deposition - 48 h, electrochemical deposition
- 168 h, spin-coating - 48 h and spin-coating - 168 h, respectively. Representative bode
plots of the PEDOT:PSS film before accelerated ageing are given in Figure 5.7.

methods, similar properties such as impedance should be considered. However, the
impedances differed significantly when comparing electrochemical deposition and
spin-coating. Therefore, similar CSCs were favoured (see Figure 5.10). To compare
both coating methods, 360 nm thick electrochemically deposited PEDOT:PSS was
considered. For both methods, the ageing test was performed with two different
neural probes each consisting of 16 electrodes. Microelectrodes with an impedance
above 10MΩ· m2 at 1 kHz were excluded as outliers.
The normalized impedance changes in response to the accelerated ageing are shown
in Figure 5.11. An interesting trend seen for both types of PEDOT:PSS coatings
was that around 103Hz a transition in impedance changes was observed. Above this
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cut-off frequency, the impedance of native PEDOT:PSS changed from a capacitive
into a resistive behaviour (see Figure 5.7). Therefore, the changes due to ageing are
still dominated by the double layer capacitance and the solution resistance at low
and high frequencies, respectively. For the test period of 48 h, the electrochemically
deposited films exhibited a reduction in electrode impedance with a maximum of
49% [46-51%], median [95% CI] (n=24) at high frequencies. For frequencies below
104Hz corresponding to APs and LFPs, the impedances were affected less than
45%. After 168 h, the reduction was higher compared to the shorter test period.
The decrease within the mid frequency range was similar to the behaviour after
48 h whereas at low and high frequencies, a decrease down to 80% was observed.
Multiple factors can cause an increase in conductivity such as delamination of
insulation layers exposing more of the underlying metal film [18, 185] or swelling of
the PEDOT:PSS coating [186,187]. Substantial degradation of insulation layers
results in decreased impedances over the entire frequency range as larger conductive
areas are exposed to the electrolyte. Slight defects in PaC passivation layers were
identified as reduced impedances at 105Hz by R. Caldwell, et al. [185]. With
increasing degradation, they observed an additional reduction in impedance for low
frequencies. These findings are consistent with the impedance changes seen within
this work indicating that a delamination of PaC due to ageing induced the reduction
in conductivity. This degradation mechanism was not detected for spin-coated
PEDOT:PSS. Commonly, silane is used to enhance adhesion between PaC films.
However, within the microfabrication of the probes used for the electrochemical
deposition of PEDOT:PSS, silane was not used during the CVD of the PaC
passivation layer in contrast to probes utilized for spin-coating (see Section 4.4.1).
The reason for this difference is that the process with silane was established at a
later time. Optical evaluation did not reveal any delamination of PaC. Rather,
a degradation of PEDOT:PSS was observed in the form of delamination and
colorimetric changes (see Figure 5.13 a-b), which should result in a decreased
conductivity. However, it could be possible that the increased conductivity due to
delamination of PaC overshadowed the degradation of PEDOT:PSS resulting in an
overall decreased impedance response.
Compared to electrochemical deposition, the spin-coated films exhibited a less
robust behaviour in form of increased impedances. Especially, frequencies below
104Hz were affected by the rise with a maximum of roughly 104% for both test
periods. As described by G. Dijk, et al. [188], electrical connection issues can result
in higher impedances mainly when using ZIF connectors to interface flexible probes
as the force needed to close the connector can easily cause damages. Within this
work, the probes were soldered to a PCB. Additionally, the impedance was in the
range of the impedance of bare Pt microelectrodes indicating the delamination
of PEDOT:PSS caused the increase in impedance. Due to these defects, the
double layer capacitance of the underlying Pt dominates the electrode-electrolyte
interface. This is further manifested as a decrease in the phase angle, especially
at high frequencies. The impedance at high frequencies changes from a resistive
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Figure 5.12.: Representative changes in current over voltage curves in response to
accelerated ageing of electrochemically deposited (left) spin-coated (right) PEDOT:PSS.

to a more capacitive conductivity as it was observed for bare Pt microelectrodes
with a capacitance dominated mode for the entire frequency range (see Figure 5.6
and Figure 5.7). High impedance electrodes act like a high-pass filter, meaning
low frequency contents within the input signals such as LFPs and slow APs are
attenuated. The optical images did not reveal any substantial delamination. As
the probes were imaged under dry conditions, it is possible that the detached areas
laid down flat. Some of the electrodes exhibited a darker blue colour in response
to the ageing (see Figure 5.13 e-f).
For electrochemical deposition, some of the characterized electrodes were analysed
utilizing 5 CV cycles after 48 h and 168 h. However, the performance varied from
probe to probe as shown in Figure 5.12. For the first sample, an increase in CSC
(20% [−11-+51%], median [95% CI] (n=4)) was observed after the 48 h storage
time whereas the second probe exhibited a decrease (81% [75-87]%, median [95%
CI] (n=6)). Furthermore, impedance measurements after the CV scans revealed
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that the impedances drastically increased for the second samples in contrast to the
first probe. These differences in the electrochemical performance might originate
from quality variations among probes. To minimize batch-to-batch variations,
neural implants produced within one fabrication run were considered for the ageing
test. However, besides the fabrication, probes undergo additional processes such as
packaging and electrochemical and optical characterization, which might induce
handling damage and affect the performance. After the test period of 168 h,
unstable current responses were observed for most of the electrodes from both
samples. Therefore, the CSC was not determined. Decreased CSCs and increased
impedances as seen for the second sample after the 48 h test period originate from
the underlying Pt film after delamination of the PEDOT:PSS coating, which is
consistent with the optical validation (see Figure 5.13 d). An increase in CSC
can have multiple causes. Similar to the corresponding impedance changes, it is
assumed that degradation of the PaC passivation layer induced the increase in
CSCs. The optical inspections confirmed this as for a few electrodes, a bubbling of
PaC was observed at the interface to PEDOT:PSS (see Figure 5.13 c).
Due to the bad performance when considering the electrode impedance, spin-coated
PEDOT:PSS was characterized in regard to CSC only after the entire storage
time of 168 h. In contrast to electrochemical deposition, a stable change was
observed with a reduction in CSC of 66% [11-121%], median [95% CI] (n=5). The
decrease could result from delaminating PEDOT:PSS, which is consistent with the
impedance changes. However, the degradation was pronounced for the impedance
in contrast to CSC. Two out of 7 electrodes exhibited a drastic increase in CSC
(see Figure 5.12). However, their impedances were comparable to the remaining
electrodes. Swelling of spin-coated PEDOT:PSS might induce an increase in CSC
as observed within previous works however, this would additionally result in a
decreased impedance [186–188].
The accelerated ageing factor (AAF) based on the study parameters used within this
work is roughly 10, calculated by applying the Arrhenius equation (see Equation 5.2).
This results in a simulated time of 70 days (=1680 h) at 37 �C, which is roughly
twice the intended use proposed by the ISO for the biological evaluation of medical
devices (<30 days) [184]. Ignoring the PaC delamination issues observed for the
probes with electrochemically deposited PEDOT:PSS, this electrode coating seems
to withstand the ageing for at least 20 days at 37 �C (equal to 48 h at 70 �C).
For longer test periods, the impact of degrading insulation layers was too high
to draw any conclusion about the coating stability. Within previous works, a
stable performance was observed for roughly 8 days at 60 �C, with an increase
in impedance of 100% due to coating delamination [189, 190]. Therefore, it is
assumed that the electrochemically deposited PEDOT:PSS can withstand longer
test periods.
For spin-coating, delamination of PEDOT:PSS resulted in a poor long-term stability
already for the shorter test period of 48 h. In contrast to electrochemical deposition,
spin-coated films have not yet been characterized in regard to abiotic stability. An
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Figure 5.13.: Failure mechanisms of PEDOT:PSS coatings induced by accelerated ageing
for a total test period of 168 h at 70 �C. For electrochemically deposited PEDOT:PSS,
partial delamination (a) and colorimetric changes (b) were observed. In response to
CV cycling (2 x 5 cycles), bubble formations underneath the PaC passivation layer (c)
and complete delamination (d) were additionally seen. For spin-coating, no substantial
changes besides a slightly darker colouring of the coating were detected (e-f).

exception is a recent work where the long-term stability of spin-coated PEDOT:PSS
was characterized over a test period of four months at 37 �C in cell culture medium
[188]. Within this study, 5 out of 10 characterized electrodes exhibited a stable
low impedance. Furthermore, 80% of the electrodes showed no visible substantial
degradation except for a few electrodes, with colorimetric changes or partial
delamination of PEDOT:PSS. As the microfabrication and the PEDOT:PSS
formulation were comparable, it is unclear why the spin-coated PEDOT:PSS
underperformed within this work compared to G. Dijk, et al.’s work [188].

5.3.5. Electrochemical stability

The stability of polymer coatings obtained via electrochemical deposition and
spin-coating was studied by applying repetitive electrochemical stress in form of
charge-discharge cycles. PEDOT:PSS films were exposed to several hundreds of CV
cycles. In between, optical images and EIS were taken to characterize the changes
and failure modes within the electrode coatings. Additionally, samples were imaged
with SEM after the final stability test. The lowest and most stable impedance for
spin-coated films was observed for a thickness of 610 nm (see Figure 5.8). To compare
both coating methods, 360 nm thick electrochemically deposited PEDOT:PSS was
considered as it exhibited similar CSCs like 610 nm thick spin-coated films (see
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5. PEDOT:PSS as electrode coating material

Figure 5.14.: Charge storage capacity (CSC) reduction in response to CV charge-
discharge cycles for electrochemically deposited (left) and spin-coated (right) PEDOT:PSS.
Besides the reduction for each characterized microelectrode (purple circles), the
median±95% CI (n=24 for electrochemical deposition and n=21 for spin-coating) is
displayed (blue dots and bars).

Figure 5.10). For both methods, the stability test was performed with 21-24
functional electrodes from three different neural probes defined as those with an
impedance below 10MΩ· m2 at 1 kHz.
Figure 5.14 shows the reduction in CSC of PEDOT:PSS films for progressive
CV cycles. As considerable variations were seen in the performance of spin-
coated PEDOT:PSS, besides the median and 95% CI, the reduction for each
electrode is displayed. After 100 charge-discharge cycles, a reduction of 48% [46-
50]%, median [95% CI] (n=24) and 12% [11-13%], median [95% CI] (n=21) was
observed for electrochemical deposition and spin-coating, respectively. Therefore, a
faster decay was observed for electrochemical deposition. However, the increase in
impedance at 1 kHz was higher for spin-coating (see Figure 5.15). For electrochemical
deposition, the rise in impedance was observed over the entire frequency range
whereas for spin-coated films, no changes were seen at low frequencies (10-102Hz)
for the first 200 cycles. Furthermore, for spin-coating, the electrode impedance was
more sensitive to the degradation upon applying electrochemical stress in contrast
to the CSC. 14 out of 21 electrodes with spin-coated PEDOT:PSS exhibited a stable
CSC with a reduction of less than 25% up to 300 CV cycles (see Figure 5.14) but
impedance increased by around one order of magnitude at 1 kHz (see Figure 5.15).
After 400-500 CV cycles, a behaviour similar to bare Pt microelectrodes was
observed (see Figure 5.15 and Figure 5.6).
For electrochemical deposition, the film changed the colour from dark blue over
light blue to purple for increasing CV cycles (see Figure 5.16 a). Furthermore,
pieces of PEDOT:PSS delaminated exposing the underlying Pt layer, which was
optically evident after 150 CV cycles (see Figure 5.16 a). Contrarily, the spin-
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Figure 5.15.: Representative impedance and phase angle changes for increasing CV cycles
of 360 nm electrochemically deposited (left) and 610 nm spin-coated (right) PEDOT:PSS.

coated films failed due to wrinkling and delamination from electrode sidewalls
(see Figure 5.16 c). Repetitive charge-discharge cycles trigger the exchange of ions
between electrolyte and intrinsically conducting polymers such as PEDOT:PSS
causing a volumetric change of the film [143, 189]. The resulting mechanical stress
can cause a degradation of the electrode coating in the form of cracking and
delamination as observed for spin-coated films (see Figure 5.16 c), consistent with
findings from G. Dijk, et al. [183]. Furthermore, deterioration in the form of
over-oxidation can be the reason for failure. Such degradation was observed near
the polymerization potential of EDOT [191], for example, when the anodic potential
limit within a CV scan exceeded 0.8V (vs. SCE) [192,193]. Above this potential,
the CV is dominated by an oxidation peak without a corresponding reduction peak
indicating irreversible changes within the polymer film. Over-oxidized PEDOT:PSS
has a micro-cracked morphology with islands of polymer spread over the underlying
metal layer [192]. Additionally, changes in the typical blue colour of PEDOT:PSS
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5. PEDOT:PSS as electrode coating material

Figure 5.16.: Failure mechanisms of PEDOT:PSS. Degradation of electrochemically
deposited PEDOT:PSS (a) in form of colorimetric changes and delamination (white
arrows). The colorimetric changes resulted from thickness reductions accompanied by
morphological changes from a globular to a large-pored surface (b). The PEDOT:PSS
coatings are boarded in yellow. Spin-coated PEDOT:PSS (c) degraded due to wrinkling
(yellow arrows) and delamination (red arrow). The number of CV cycles equivalent to
the applied electrochemical stress are displayed on top of the images.
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in response to electrochemical stress can indicate deterioration [140,189]. As within
this work, the polymer coatings were exposed to potentials below +0.9V (vs.
Ag/AgCl), an over-oxidation can be excluded. The colorimetric modification, that
the electrochemically deposited polymer underwent during the CV cycling, could
rather be a reduction in coating thickness. For increasing polymer thicknesses
equivalent to higher deposition charges, a change from light to dark blue was seen
(see Figure A.5), which was comparable to the observations from the CV cycling
(see Figure 5.16). Additionally, FIB sections reveal a thickness reduction when
comparing treated with un-treated films correlated with changes of the morphology
from a globular to a large-pored surface (see Figure 5.16 b). The poor adhesion of
electrochemically deposited PEDOT:PSS on Pt/Au has been demonstrated within
several works where cracking and delamination resulted in a reduction in CSC and
an increase in impedance [176,194]. This is comparable to the findings within this
work. To the best of our knowledge, the electrochemical stability of spin-coated
films was characterized for the first time within this work.
To summarize, the different coating morphologies obtained for electrochemical
deposition and spin-coating (see 5.3.2) exhibited different failure mechanisms
upon electrochemical stress. Spin-coating mainly failed due to optically evident
delamination of the films. Furthermore, a slight reduction in CSC for the first
300 cycles was observed as the conductive polymer was still partially in contact
with the underlying metal (see Figure 5.16). However, the change in impedance
was more pronounced. As the underlying Pt was exposed to the electrolyte, its
double layer capacitance dominated the interface with an increase in impedance
and a decrease in the phase angle at high frequencies (see Figure 5.15). Contrary,
electrochemically deposited films degraded by thickness reduction and delaminated
pieces with a consistent change in CSC and impedance.
To improve the poor adhesion between PEDOT:PSS and the underlying metal
substrate, different approaches have been studied. On the one hand, the surface
roughness of the metal was increased to enhance physical interactions [189,195,196]
and on the other hand, chemical adhesion promoters were considered [189]. It
is, for example, assumed that carbide bonds between IrOx and PEDOT:PSS
improve the chronic adhesion of the conductive polymer [189]. Due to the superior
electrochemical stability of PEDOT:PSS by introducing IrOx as an adhesion layer
demonstrated by C. Boehler, et al. [189], a similar approach was tested to improve
the adhesion between PEDOT:PSS and Pt within this work. As described in Section
5.2.3, the Pt microelectrodes were covered with a 450 nm thick sputtered IrOx
film (SIROF) during the microfabrication of the neural probes before spin-coating
or electrochemically depositing PEDOT:PSS. The IrOx films sputtered at 200W
and 10 sccm O2 had a cauliflower-like morphology [135, 197, 198] (see Figure 5.17 b)
and exhibited a RMS roughness of 68.68±28.91 nm (mean±std, n=3) compared
to bare Pt with 21.63±11.78 nm (mean±std, n=2). Unfortunately, it was not
possible to obtain a dendritic morphology similar to C. Boehler, et al. [189] with a
roughness of 177±18 nm (measured as feature height). IrOx sputtered at similar
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Figure 5.17.: Sputtered IrOx film (SIROF) as adhesion promoter for PEDOT:PSS.
IrOx coating onto Pt electrodes for the fabrication of flexible neural probes (a). Bigger
particles of IrOx were occasionally observed at the centre of the coating (yellow arrow).
SEM image of SIROF employing 200W and 10 sccm O2 (b).

parameters (100W and 15 sccm O2) still exhibited a cauliflower-like morphology.
Therefore, the parameters resulting in a higher surface roughness were used for
further experiments.
The impedance at 1 kHz for spin-coated PEDOT:PSS with SIROF as adhesion layer
was 5.351 [4.599-6.102]MΩ·�m2, median [95% CI] (n=7) (see Figure 5.18), which
was higher than PEDOT:PSS spin-coated on bare Pt electrodes (see Figure 5.8,
610 nm). This difference might indicate that the electrochemical properties are
not only defined by the conductive polymer, which should ideally be the case but,
is rather additionally affected by the underlying metal films. To determine the
charge storage performance, the PEDOT:PSS films were exposed to 10 CV cycles
resulting in a CSC of 23.077 [18.326-27.827]mC/cm2, median [95% CI] (n=7) (see
Figure 5.18). The CSC was lower compared to PEDOT:PSS spin-coated on bare
Pt electrodes (see Figure 5.10, 610 nm). Furthermore, for the potentials below
-0.2V noisy artefacts were observed and the impedance after the potential cycling
increased drastically to 52.816 [39.864-65.769]MΩ·�m2, median [95% CI] (n=7)
indicating a deterioration of the conductive polymer.
As for the bare Pt microelectrodes, faradaic charge transfer processes were identified
for potentials below -0.2V (see Figure 5.6), it was assumed that these reactions
might induce a degradation of the IrOx/PEDOT:PSS stack during CV cycling. To
verify this, flexible probes with bare SIROFs, which were released before spin-coating
PEDOT:PSS, were characterized in regard to impedance and CSC. Figure A.10
in the Appendix depicts the bode plot with 222.293 [183.627-260.960]MΩ·�m2,
median [95% CI] (n=4) at 1 kHz and the CV scan of SIROF with a CSC of
7.446 [6.353-8.539]mC/cm2, median [95% CI] (n=4). Furthermore, the activation
of IrOx known as film hydration [198] was done by applying 100 CV cycles (-0.6V
to +0.9V (vs. Ag/AgCl), 0.1V/s, in 0.1M PBS). As shown in previous works
[135, 198, 199], the activation increases the CSC and decreases the impedance of
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IrOx due to reversible redox processes (see Figure A.10). As SIROFs exhibited
expected electrochemical behaviour, it was assumed that the combination of Pt
and SIROFs did not induce any deterioration.
In the next step, the influence of activated SIROF on the performance of PEDOT:PSS
was determined. Spin-coating results in ready-to-use probes at the end of the
MEMS fabrication before packaging. Therefore, electrochemical deposition was
considered as it offers the possibility to try different pretreatments within one probe
before the deposition of PEDOT:PSS. Some electrodes of an A-MEA-16 probe
with SIROF were activated before the electrochemical deposition of PEODT:PSS,
whereas others remained untreated. After the deposition of PEDOT:PSS, the
samples were first exposed to 10 and then to 100 CV cycles and the impedance
was measured in between. The deposition charges and the impedances of the
electrochemically deposited PEDOT:PSS were similar for native and activated
SIROFs (see Table 5.1). However the deposition charges were slightly higher
compared to bare Pt (see Table A.1) whereas the electrode impedance was lower
(see Figure 5.8). Furthermore, the CSC and the impedance after exposing the
PEDOT:PSS to 10 CV cycles were higher for activated SIROFs compared to
un-treated SIROFs. The activation process of SIROFs results in an increased film
microporosity [135, 198] and therefore, improved electrochemical properties (see
Figure A.10). In comparison to PEDOT:PSS, the SIROF exhibits higher CSCs
and impedances after activation. Thus, the increased parameters of PEDOT:PSS
on SIROF upon CV cycling might be an indication that besides PEDOT:PSS,
IrOx affects the electrochemical interface. Representative bode plots and CV scans
are provided in the Appendix (see Figure A.11). The progressive degradation

Figure 5.18.: Bode plots (left) and current over voltage curves (right) of spin-coated
PEDOT:PSS on top of a SIROF adhesion layer. During the CV scan, deteriorations in
the form of noisy artefacts were observed below -0.2V (vs. Ag/AgCl), resulting in an
increased impedance.
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Sputtered iridium oxide film (SIROF) Activated SIROF
PEDOT:PSS Spin-coating Electrochemical deposition

Deposition charge 188.775 (175.935-201.616) 208.228 (200.246-216.210)
[mC/cm2]

Impedance 5.351 (4.599-6.102) 3.534 (3.321-3.747) 3.602 (3.316-3.888)
[MΩ·�m2]

CSC 23.077 (18.326-27.827) 45.005 (41.847-48.164) 95.051 (82.956-107.145)
[mC/cm2]

Impedance - Post 52.816 (39.864-65.769) 3.755 (3.424-4.086) 27.143 (17.448-36.838)
10 CV [MΩ·�m2]

CSC - Post 26.791 (22.830-30.752) 29.355 (19.013-39.697) 74.361 (67.437-81.284)
100 CV [mC/cm2]

Impedance - Post 58.019 (48.455-67.582) 58.302 (50.400-66.203) 35.060 (28.956-41.164)
100 CV [MΩ·�m2]

Table 5.1.: Properties of PEDOT:PSS on native and activated SIROFs (median (95%
CI), n=7 for spin-coating, n=4 for electrochemical deposition). The charges were obtained
for a deposition time of 15 s at 1V (vs. Ag/AgCl). Impedance values at 1 kHz are given.

in response to potential cycling was observed for both PEDOT:PSS methods in
combination with native or activated SIROF, especially when considering CSC and
impedance after 100 CV cycles. This is a further indication that the structural
changes within the IrOx films during CV cycling induce the degradation.
During cycling, IrOx undergoes reversible faradaic reactions between Ir3+ and Ir4+

valence states within the oxide film resulting in slightly pronounced redox peaks at
0.25, 0.5 and -0.2V (vs. Ag/AgCl) within the CV scan [197,200] (see Appendix,
Figure A.10). Some of these peaks were observed for PEDOT:PSS deposited on
top of SIROF after applying 100 CV cycles. The CV scans of spin-coated and
electrochemically deposited PEDOT:PSS on top of native SIROF exhibited a peak
at 0.0-0.1V (vs. Ag/AgCl) whereas electrochemical deposition after activating
SIROF resulted in a broad peak at -0.2V (vs. Ag/AgCl) (see Figure 5.18 and
Figure A.11). Additionally, the loss of conductivity was similar for electrochemical
deposition (without activating IrOx) and spin-coating (see Table 5.1). Within C.
Boehler, et al.’s work [189], such degradations were only observed for activated
SIROFs however, not for un-treated SIROFs. As reported within this study, a
possible reason for the deterioration could be that IrOx facilitates an over-oxidation
of PEDOT:PSS as it has been used as oxidizing agent for the polymerization of
hybrid nanocomposites such as PEDOT-IrOx [201]. More work is needed to fully
understand the interactions between IrOx and PEDOT:PSS in response to potential
cycling.

5.4. Conclusion

PEDOT:PSS has been introduced as electrode coating material to overcome low
SNR recordings and high charge injection limits of high impedance electrodes.
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Such coatings can be obtained by either electrochemical polymerization [140] or by
utilizing chemically polymerized PEDOT:PSS as ready-to-use mixtures [157,158].
The deposition method has a great impact on the electrochemical properties and
the robustness of the resulting PEDOT:PSS films. Seeking a good conductivity,
stable electrochemical performance, and fast fabrication process, electrochemically
deposited PEDOT:PSS obtained under potentiostatic condition was compared to
spin-coated PEDOT:PSS crosslinked with EG, GOPS and DBSA.
Considering the microfabrication, spin-coating needs additional steps to establish
the polymer films. However, it is a high through-put method resulting in ready-to-
use probes. This wafer-scale approach results in higher variations in electrochemical
performance in contrast to electrochemical deposition where probes are coated
individually enabling precise control of the polymer growth. The chemical nature of
electrochemical polymerization confines the deposition to a certain charge range to
not overgrow the microelectrode. Contrary, stacking of spin-coated films offers the
possibility to produce thicker coatings with even higher conductivity than shown
within this work. Furthermore, the impedances of comparable film thicknesses were
significantly lower for spin-coating compared to electrochemical deposition whereas
no significant difference was observed with respect to CSCs when comparing both
coating methods. As even thinner electrochemically deposited films exhibited
similar CSCs as thicker spin-coated films, it is assumed that barriers between the
stacked layers were formed reducing the ion diffusion for spin-coated films. To verify
the reduced conductivity, layers with comparable thicknesses should be produced
by tuning the spin speed and by stacking of several layers. The characterization of
these films should reveal if there is a difference in CSC upon stacking of several
PEDOT:PSS layers. It is worth mentioning, that CSCs determined by slow CV
cycling overestimate the charge available during sub-millisecond stimulation pulses
[8, 175]. Therefore, besides CSC, CIC should be determined. However, this is only
meaningful when parameters specific for a given application are used. As the aim
of this work was to produce flexible intracortical implants for long-term recording
purposes, the characterization of CSC was sufficient.
As a future chronic implantation was intended for the intracortical implants
developed within this work, the abiotic stability of the PEDOT:PSS films and
the entire PaC based probes was characterized utilizing accelerated ageing. Based
on the preliminary results presented here and previous works, electrochemical
deposition seems to be stable for an implantation period of at least 20 days.
Therefore, this deposition method is more robust than spin-coating. Additionally,
the electrochemical stability of the PEDOT:PSS films was characterized by applying
repetitive charge-discharge cycles. Both methods exhibited a poor stability. Interest-
ingly, the observed failure modes were mainly dictated by the different coating
morphologies. Electrochemically deposited PEDOT:PSS degraded due to thickness
reduction and delaminated pieces whereas spin-coated films failed due to delamination
and wrinkling. To improve long-term stability, SIROF was studied as an adhesion
layer. However, in contrast to previous works with promising robustness, degradation
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Electrochemical deposition Spin-coating

High through-put fabrication - +
Impedance - +
CSC + -
Abiotic stability (+) -
CV stability - -

Table 5.2.: Summary of the comparative study considering electrochemical deposited and
spin-coated PEDOT:PSS films. +/- indicates better/worse performance when comparing
the two different deposition methods. The impedance and CSC were marked with regard
to coating thickness.

mechanisms in response to potential cycling were observed when using SIROF in
combination with PEDOT:PSS. A summary of the comparative benchmarking
study considering electrochemical deposited and spin-coated PEDOT:PSS films is
given in Table 5.2.
Despite the superior electrochemical performance in contrast to bare Pt microelec-
trodes, the long-term stability of PEDOT:PSS was poor, even though conservative
study parameters were used. For accelerated ageing studies, the addition of reactive
species has been proposed to mimic the oxidative stress induced by the foreign body
response [18, 185]. Furthermore, as mentioned above, the CIC is a better estimate
for the charge available during stimulation. Therefore, this parameter should be
used to validate how many pulses the electrode coating would survive after the
characterization with slow potential cycling using CV. To summarize, much more
effort is needed to produce low impedance electrodes utilizing conductive polymers
such as PEDOT:PSS with superior biocompatibility, conductivity, and stability
suitable for chronic implantation.
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6. Shuttle system for implantation
of flexible probes

Traditional intracortical probes based on Si enhance acute immune reactions
and reduce the long-term stability of high-quality recordings. To minimize the
mechanical mismatch between device and neural tissue and thereby the foreign
body reaction, compliant probes have been investigated (see Chapter 2). However,
such devices are unable to penetrate the brain without buckling. Therefore, a
straight insertion into the target region is not feasible without a shuttle system.
Several insertion aids have been proposed to temporarily or partially stiffen the
flexible device during insertion. Stiff shuttles such as silicon shanks or rods have been
proposed to mechanically reinforce the probe, which are retracted after implantation
[22, 202, 203]. Aligning the neural probe to a rigid support and ensuring good
adhesion during the entire implantation process can be challenging. The integration
of such stiff shuttles to arrays of probes is difficult and therefore, such insertion
aids are mainly introduced for single shanked devices. Furthermore, positioning the
flexible device might be imprecise due to probe displacement while separating the
stiffener from the implant [22]. Introducing a rigid insertion system and especially
the additional mechanical stress the tissue experiences during retraction can be
counterproductive for reducing the acute damage and might hamper the long-term
device performance. A new approach introduced in the last couple of years was
using mechanically adaptive polymers as substrate material for neural implants
[204–206]. Upon a certain stimulus such as humidity, the Young’s modulus drops by
roughly one order of magnitude from tens of MPa to a few MPa. Therefore, devices
based on such smart polymers are able to penetrate the tissue during insertion while
reducing the stress at device/tissue interface. The preparation and micromachining
of such polymers needs to be further optimized to produce implants with a small
footprint, comparable to probes based on PaC and polyimide. Intracortical devices
with cross-sectional areas of 10,000�m2 [206] and 20,300 �m2 [204] were produced
using mechanically adaptive polymers whereas PaC probes with footprints down
to 3,000 �m2 [45] or 1,000 �m2 (see Chapter 4) could be realized. Furthermore, the
swelling of such polymers under physiological conditions can lead to mechanical
or electrical failure of the devices and harm neighbouring cells or blood vessels
[7, 204, 206]. Biodegradable polymer coatings are more commonly employed to
temporarily support flexible probes [130,207,208]. These polymers are resorbed
upon contact with physiological fluids and therefore no shuttle removal is needed
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nor structural change of the probe itself needs to be feared. However, the chronic
impact of the different shuttle systems on neural tissue is yet to be studied in more
detail.
A main drawback of most insertion systems is that they are dramatically increasing
the implantation footprint thus enhancing the acute tissue damage. Furthermore,
the integration of these shuttles into the fabrication process is time consuming as
the mechanical reinforcement is performed manually for single probes, resulting
in quality variations and a small yield. Within this work, a tissue-friendly shuttle
system based on the biodegradable polymer polyethylene glycol (PEG) is introduced,
having the potential to overcome the limitations mentioned above.
This chapter was in part reproduced from the following publication:
K. Srikantharajah, R. Medinaceli Quintela, B. M. Kampa, S. Musall, M. Rothermel,
and A. Offenhäusser, Minimally-invasive insertion strategy and in vivo
evaluation of multi-shank flexible intracortical probes, Scientific Reports,
vol. 11, 2021.

6.1. Insertion mechanisms

For a successful positioning of the implant a straight insertion into the brain is
necessary. This can be accomplished when the buckling force threshold of a device
is higher than the minimum force required to penetrate the brain tissue defined
as insertion force. During implantation, the device experiences a variety of forces,
namely axial tip force, frictional force, and compressive clamping force [4]. The
insertion force depends on different characteristics such as insertion localization,
depth and speed, presence of dura and pia, and on probe material properties and
dimensions. In the literature, forces between 0.5-50mN are found [107,209–211].
The dura mater is usually removed, allowing an easier implantation of flexible
devices. As rigid probes experienced forces between 0.5-1.0mN during insertion
after dura removal, it is assumed that an individual, tapered, compliant probe
should withstand a minimum insertion force of 1.0mN for a successful implantation
[209,211]. The threshold for buckling of compliant probes can be determined by
Euler’s formula (see Equation 4.1). As stated in Chapter 4.2, implants compliant
enough to reduce the foreign body reaction are not able to penetrate the brain
due to the low buckling force threshold and therefore, need to be mechanically
reinforced during insertion.

6.2. Biodegradable polymers

Different natural (e.g. polysaccharides [46], gelatin [109]) and synthetic (e.g. PEG
[23,212], poly(vinyl alcohol) (PVA) [130], silk [23]) biodegradable polymers (BPs)
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Figure 6.1.: a) Chemical structure of polyethylene glycol (PEG). b) Synthetic PEG
granulate (35,000 g/mol). c) Exemplary micro-molding approach utilizing a PDMS mold.
Step 1: Alignment of probe into mold. Step 2: Deposition of biodegradable polymer
(BP). Step 3: Doctor blading of BP to fill the mold. Step 4: Release of probe coated
with BP. Figure from [130]. Top (d) and axial (e) view of PEG coated flexible device.
Figure from [23].

have been explored as temporary insertion aids to successfully implant compliant
intracortical probes. When designing a shuttle system, the biocompatibility of BPs
has to be considered. The introduction of BPs into the body should not evoke any
foreign body reactions, neither from the original polymer nor from the by-products.
Furthermore, the by-products should be completely metabolized by the body. The
mechanical strength of the coating must be sufficient to increase the buckling
force of the implant and therefore, ensure a successful positioning. The time
scale of the dissolution should match the functional demand. BP based coatings
have been developed with dissolution times from a few seconds [46] up to several
weeks [130]. As degradation depends on the one hand on polymer characteristics
such as chemical composition, molecular weight, crystallinity, hydrophobicity,
and coating dimensions and on the other hand on environmental factors such as
temperature, pH, and local enzyme concentration [213,214], the dissolution rate
can be tuned to fit the desired application. To produce BPs meeting applicational

77



6. Shuttle system for implantation of flexible probes

needs, synthetic polymers are favourable in contrast to natural polymers as the
flexibility in chemistry facilitates the optimization of chemical, biological, physical,
and mechanical properties. Additionally, synthetic polymers are commercially
available, increasing the reproducibility of proposed shuttle systems. Therefore,
in this work, the synthetic polymer PEG was considered to develop an insertion
system.
Two different approaches are commonly considered to coat penetrating probes with
BPs: dip-coating and micro-molding. For the latter coating method, molds made
out of casted PDMS are used and filled by doctor blading [130] (see Figure 6.1 c),
syringe jetting [23], or centrifugation [215]. Limitations of this procedure are on the
one hand the difficulty in obtaining uniform coatings without trapped air bubbles
and on the other hand the risk of stress-induced bending after releasing probes
from the mold. Dip-coating can result in more homogenous coating. However,
achieving the desired thicknesses is difficult compared to micro-molding. Utilizing
drawing lithography, the BP coating could be optimized by tuning the temperature
of the liquid BP and the withdrawal speed during dip coating [46].
As PEG is the BP used in this work to temporarily stiffen flexible intracortical
implants an in-depth overview of this polymer is provided. The chemical structure
of PEG and an image of the synthetic granulate are depicted in Figure 6.1 a-b.
Before being considered as a biodegradable coating for penetrating probes, PEG has
been widely used for drug delivery [216, 217], tissue engineering [218], and surface
functionalization [219] due to its non-toxic and non-immunogenic properties. PEG
is available over a wide range of molecular weights (MW) such as 200-200,000 g/mol
[220]. Depending on MW, PEG can range from liquid to low-melting solids, that
dissolve when in contact with water. Furthermore, the dissolution time increases
with higher MWs [221]. However, the clearance mechanism of PEG and its by-
products within the body needs to be further investigated. O. Biondi, et al. [222]
have shown that very low MW PEG, 200 g/mol, induced chromosome aberrations
in Chinese hamster epithelial liver cells whereas PEG 400 g/mol did not show
any clastogenic activity. In contrast, high MW PEG can locally accumulate due
to slow dissolution and clearance processes [214]. Despite the unknown in vivo
degradation, several works have successfully developed PEG based shuttle systems
for compliant probes. A. Lecomte, et al. [23] showed that a 236±14 �m thick
coating based on PEG 100,000 g/mol (see Figure 6.1 d-e) with a compression force
of 47±16mN is stiff enough to successfully insert PaC based probes. However, the
fast dissolution rate of a few minutes enables only one fast attempt at insertion
and no repositioning of the probe. In 2005, a PaC based microfluidic channel
integrated in a flexible probe and filled with PEG 2700-3500 g/mol was introduced
and could be successfully inserted into the rats’ sensory cortex [223]. H. Xu, et
al. [45] developed a temporary brace based on PEG 3350 g/mol to reduce the
effective length of PaC probes. A stepwise implantation was utilized where the
PEG was gradually dissolved at the brain surface and the newly exposed probe
length was further inserted. As a similar approach was considered within this work,
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the dependency between effective length and buckling force of the probe is further
discussed in the following section.

6.3. Development of a tissue-friendly insertion
system

A novel shuttle system was established that enabled the successful insertion of
compliant probes without increasing the implantation footprint and therefore,
minimizing the acute trauma. In the following chapters, the mechanical background
relevant for the proposed insertion system is discussed, and the fabrication and
coating details are provided.

6.3.1. Reduction of effective length

For a successful positioning of the implant a straight insertion into the brain
is necessary. This can be accomplished when the buckling force threshold of a
device is higher than the minimum force required to penetrate the brain tissue
defined as insertion force. During implantation, the device experiences a variety
of forces, namely axial tip force, frictional force, and compressive clamping force
[224]. The insertion force depends on different characteristics such as insertion
localization, depth and speed, presence of dura and pia, and on probe material

Figure 6.2.: Buckling force threshold Pcr of flexible shanks as a function of probe length.
Insertion force of 1mN as a reference value that needs to be withstood by the flexible
device for a successful penetration of the brain.
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properties and dimensions. In the literature, forces between 0.5-50mN are found
[107,209–211]. The dura mater is usually removed, allowing an easier implantation
of flexible devices. As rigid probes experienced forces between 0.5-1.0mN during
insertion after dura removal, it is assumed that an individual, tapered, compliant
probe should withstand a minimum insertion force of 1.0mN for a successful
implantation [209, 211]. The threshold for buckling of compliant probes can be
determined by Euler’s formula (see Equation 4.1). Shank length plays a major role
when considering bending and therefore, the mechanical failure of implants, as the
buckling force is proportional to 1/L2 (see Equation 4.11). Scaling probe length up
significantly decreases the threshold for buckling. In contrary, reducing the length
raises the threshold and enables insertion.
Considering the PaC based probes proposed in Chapter 4 with a shank length of
2mm, width of 100 �m, thickness of 10 �m and a Young’s modulus of 2.76GPa,
the buckling force threshold exceeds the insertion force of 1mN when the shank
length is shortened to 700 �m (or less) (see Figure 6.2). Based on this fact, an
insertion aid was designed to reduce the effective length of the intracortical probes
by introducing a temporary PEG coating. During the coating procedure, the shanks
were partially covered with PEG, leaving the first 200 �m from the tip exposed
(see Chapter 6.3.2). A reduction to 200 �m increases the buckling force threshold
hundredfold to 11mN versus the total shank length of 2mm, and therefore, would
enable a successful insertion without buckling.

6.3.2. Manual coating approach

The insertion system was prepared after the fabrication of the probes (design:
A-MEA-16) and soldering them to PCBs (see Chapter 4). A custom made PDMS
mold was used for casting PEG on top of the flexible shanks (see Figure 6.3). From
a 120 �m PDMS slab, the mold, the base and cover sheet were cut using a blade.
After aligning the shanks between the base and the mold layers and, heating up
the entire assembly to 80 �C, a granulate of PEG 35,000 g/mol (Sigma-Aldrich,
Germany) was molten on top of the mold and carefully distributed over all four
shanks. Finally, the biodegradable polymer was solidified at RT and grew the
characteristic spherulites (see Figure A.12) and, the cover sheet and the mold were
removed. The probe was released leaving the tips (200-300 �m) exposed and the
upper part of the flexible shanks covered with PEG. The shanks with the coating
on top resulted in a total thickness of roughly 120 �m. If the mold was not gently
pressed onto the shank tips it occasionally happened that the molten PEG bleed
underneath the mold (see Figure 6.3). As this was only a thin layer it usually
dissolved very quickly when approaching the tissue surface. A detailed protocol
can be found in the Appendix A.9.

1Pcr = π2EIm
L2

e
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Figure 6.3.: Manual coating approach to temporarily reduce the effective shank length.
PDMS slabs were used to create a mold for casting PEG. Alignment of flexible shanks
between PDMS base sheet (a) and mold covering the first 300 m of the tips (b). Melting
of PEG 35,000 g/mol (Sigma-Aldrich, Germany) on top of mold and placing the cover
sheet (c). Removal of cover sheet and mold leaving shanks coated with PEG (d).

The coating procedure is a time consuming approach as single probes were manually
coated. In contrast to other works [129,130], neither a homogenous coating nor a
minimum thickness was needed as PEG was used to reduce the effective probe length
and was not inserted into the tissue. For the shuttle system, any biodegradable
polymer could be used. In the proposed case, PEG 35,000 g/mol from the middle
range of available MWs was chosen. Additionally, the unknown in vivo degradation
was negligible as PEG was not introduced into the brain tissue. Furthermore, PEG
granulate (see Figure 6.1b) was used for the shuttle system avoiding the time for
preparing PEG solution since dissolving PEG in water can be difficult especially for
polymers with high MW. Nevertheless, a steady hand was needed to not damage
the shanks during the coating process. After a few trials, the entire procedure
could be performed within ≈10min/probe.
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Figure 6.4.: Insertion mechanism of flexible penetrating probes: Optical images showing
insertion of the 2mm long shanks resulting in bending (arrow) in contrast to successful
penetration of shanks with a length of 300�m. Dashed line indicates surface of the 0.6%
agarose gel brain phantom.

6.3.3. Insertion test

The insertion mechanisms of the proposed shuttle system were evaluated by using
0.6% (w/v in PBS) agarose gel brain phantoms (for preparation see A.11.1). This
concentration is commonly used as the gels demonstrate comparable mechanical
properties to the mouse brain (3-13 kPa [211]). Nanoindentation measurements,
which were performed by the scientific associates at the Institute of Biological
Information Processing 2 (IBI-2) of the Research Center Jülich, revealed that the
prepared phantoms had a Young’s modulus of 2-10 kPa (see Appendix A.11.2).
As predicted by the theoretical calculation from Section 6.3.1, the attempt to
insert 2mm long shanks resulted in buckling (see Figure 6.4). However, with a
reduction to 300 �m the flexible shanks could penetrate the gel without bending.
In the next step, the A-MEA-16 probe coated with PEG was introduced into
the phantom tissue (see Figure 6.5). With a speed of 7.5 �m/s, the array was
slowly moved towards the gel until the exposed shank tips were inserted and the
PEG reached the gel surface. Insertion speeds of compliant probes range from
8-200 �m/s [45, 129, 130, 225]. Within this work, a slow insertion was chosen to
reduce penetration forces by allowing the tissue to relax around the implant [211]
and because it best matched the surgical implantation (see Chapter 7). While
gradually dissolving the coating, the probe was further inserted with 200 �m steps
until completely introduced. The full procedure took ≈10min but varied based on
the PEG thickness and the wetness of the gel.
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Figure 6.5.: Insertion
of flexible intracortical
probes into a phantom
brain supported by a
PEG coating. Stepwise
insertion up to the
full length indicated
by the yellow triangle.
Series of top view show
punctures resulting
only from the flexible
shanks and not the
insertion aid. As the
probe was inserted
at an angle, above a
penetration depth of
700 �m, a slight shift
was observed in the
insertion holes. Dashed
line indicates surface
of the 0.6% agarose
gel. Side and top view
were obtained from two
different insertions.
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Insertion Compliant Probe cross- Implantation
aid probe section [�m2] footprint [�m2]

PEG [This work] A-MEA-16 1000 1000
PEG [129] PaC/SU-8 1800 9000
Si [22] PI 5360 16000
PVA/PLGA [130] PaC 1520 33440
Maltose [46] PI 2000 62000
Silk [207] PaC 4800 62800
PEG [207] PaC 4800 87400

Table 6.1.: Comparison of different insertion aids. Probe cross-section is obtained by
multiplying shank width and thickness. For the implantation footprint, dimensions of
neural implant and insertion aid were summed.

Reducing the effective length to insert compliant probes is a tissue-friendly approach
as the implantation footprint is kept small. In Figure 6.5, it is clear to see that the
insertion punctures within the brain phantom include the displacement originating
from the flexible shanks and not additional damage from the PEG coating. In
contrast to the traditional approach, where the implant is introduced into the
tissue with the entire shuttle system, the implantation footprint is substantially
minimized by using the proposed insertion aid (see Table 6.1). Despite the successful
implantation, a shift of the insertion punctures was observed above a penetration
depth of 700 �m (see Figure 6.5). As this displacement increased with penetration
depth, it was assumed that the probe was inserted at an angle into the phantom and
not perpendicular to the gel surface. To validate if compliant intracortical implants
can be successfully implanted into target regions of real brains, the proposed shuttle
system was tested under acute in vivo conditions (see Chapter 7).

6.3.4. Towards a wafer-scale shuttle system

After developing the above mentioned PEG coating as a shuttle system for flexible
probes, the next goal was to increase the coating efficiency by going towards ready-
to-use devices where the coating should be established on a wafer-scale before
releasing the probes. When designing a wafer-scale coating, several criteria need
to be fulfilled. The mold that determines the insertion system’s thickness should
have a certain height so that the flexible probes are sufficiently reinforced for a
successful implantation. Additionally, after the PEG drop casting, no liquids should
be involved in the following process steps because the biodegradable polymer would
dissolve in water as well as in commonly used organic solvents. Taking these facts
into consideration, the following fabrication process was proposed: On top of the
flexible probes still attached to the wafer, a PDMS mold was formed using MEMS
technology (see Figure 6.6). Based on S. Oh’s work [226], the mold was produced
by first photolithographically structuring sacrificial posts based on AZ 125nXT-10A
(MicroChemicals, Germany). After spin-coating and curing PDMS on top of the

84



6.3. Development of a tissue-friendly insertion system

resist, the edges of the latter were exposed via RIE. Within the following lift-off
step, the sacrificial posts were dissolved in acetone leaving the patterned PDMS
mold. PEG 35,000 g/mol (Sigma-Aldrich, Germany) was used to coat the probes
through doctor blading and the PDMS mold was removed. The details of the
PDMS mold fabrication are provided in the Appendix A.12. MEMS technology
is commonly restricted to planar structures with low aspect ratios, therefore not
many thick photoresists are commercially available. As with AZ 125nXT-10A
(MicroChemicals, Germany) thicknesses up to 120 m by single coating and 200 m
by double coating with straight side walls could be achieved [227] this ultrathick
resist was considered for creating the sacrificial posts. Furthermore, the lithography
process is time-saving in contrast to e.g. SU-8 and the resist can be easily stripped
in solvent-based solution [228], which is crucial for the proposed lift-off approach.
Commonly, SU-8 molds are used to pattern PDMS slabs, which would involve
a transfer of the latter onto the 4 inch Si wafer with the neural probes with
the risk of damaging the polymer slab and misalignment. Dry etching could be
considered to structure PDMS. However, with an etching rate of 0.5-1 m/min
[121,226,229] patterning a PDMS slab would be time-consuming. Thus, working
with sacrificial posts significantly reduced the process time yet for a controlled
lift-off with straight PDMS side walls, the thicknesses of the PDMS and of the

Figure 6.6.: Fabrication flow for the wafer-scale insertion system: After producing
flexible probes on a 4 inch Si wafer (a), the sacrificial posts were photolithography
patterned (b) and covered with PDMS (c). Within the following RIE step, the edges of
the posts were exposed (d) and the resist dissolved in acetone resulting in a patterned
PDMS mold (e). PEG was doctor bladed (f) before removing the mold (g).
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Figure 6.7.: Fabrication challenges of the wafer-scale PEG coating approach: PDMS
mold produced on top of the flexible intracortical probes with the heights of 62±3 �m
(n=3) (a) and 95±7 �m (n=3) (b). Residues of PDMS were observed occasionally for
the thicker slab (b) arrow). Mold release was difficult (c), however not feasible for the
thicker slab without residues (d) arrows). Probe release resulted in PEG residues on
carrier wafer (e) and bent shanks (f).

resist, and the etching parameters had to be well adjusted. After the lithography
process, the resist thickness was measured with a profilometer at several points
on the wafer. Within this work, thicknesses of either 95±4 �m (mean±std, n=3)
or 145±12 �m (mean±std, n=3) could be obtained by a single coating using AZ
125nXT-10A (MicroChemicals, Germany). Based on the standard deviations for
the thicknesses, the resist had a good coating uniformity over the entire wafer,
which slightly decreased for the thicker film height. As suggested by S. Oh’s, et
al. [226] it was aimed to have a thin layer of PDMS on top of the resist which
was dry etched before the stripping. Therefore during the spin-coating step, the
PDMS was tuned to be 20-25 �m thinner compared to the sacrificial posts and
during the dry etch process, the polymer slab was further reduced by 15�m. Figure
6.7 a-b) shows the produced PDMS molds with heights of 62±3 �m (mean±std,
n=3) and 95±7 �m (mean±std, n=3). The sidewalls were straight for both heights,
however seemed to be more vertical for the lower one. Furthermore, residues were
occasionally observed around the edges for the thicker mold. These differences
were crucial for the upcoming PDMS release and will be further discussed in the
text below.
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Similar to the manual coating process, PEG granulates were melted and doctor
bladed to fill the mold and allowed to solidify at RT. However, this approach resulted
in a thick layer of biodegradable polymer on top of the mold that hampered mold
release. To overcome this issue, 30% (w/v) PEG 35,000 g/mol was used. After
oxygen activation (O2, 80W, 0.8mbar, 3min), the PEG solution was deposited
through doctor blading and dried in the oven at 70 �C for 15min to speed up the
solidification. No matter which PEG option was used, the removal of the PDMS
mold remained difficult as residues were left, especially at the edge of the flexible
probes. To facilitate the release different anti-adhesion layers were tested. Within
nanoimprint lithography, self-assembled films are commonly used to facilitate the
peel off of PDMS from Si wafers and molds [230]. Therefore after patterning the
sacrificial posts, the wafer was exposed to the vapour of Trichloro(1H,1H,2H,2H-
perfluorooctyl)silane (Sigma-Aldrich, Germany) in a desiccator at 45mbar for 1.5 h
under Ar atmosphere. The silanization indeed helped to avoid PDMS sticking
to Si however, the peeling off from the PaC probes was not possible. The next
approach was to use 2% (v/v) Micro90 (International products cooperation, USA),
an anti-adhesion soap solution usually used to facilitate the removal of PaC. As
this method worked well, the wafers were treated with Micro90 before spin-coating
PDMS (see Appendix A.12). Furthermore, the thickness of the PDMS mold played
a crucial role for a successful peel off. While the release of the 95 �m thick slab was
feasible the removal of the thinner slab with a height of 62 �m was challenging, as
the PDMS ruptured so that only small pieces could be peeled off. However for the
thicker slab, residues were left at the edge of the flexible probes probably due to the
steeper sidewalls as described above (see Figure 6.7 d). Nevertheless, a PDMS mold
with a height of 95-100 �m seems to have the potential to establish the wafer-scale
PEG coating. To implement this, sacrificial posts with a height of 140-150 �m and
with vertical sidewall profiles are needed. The photolithography parameters of AZ
125nXT-10A (MicroChemicals, Germany) should be optimized or a different resist
such as AZ 40XT (MicroChemicals, Germany) tested to establish such posts.
The final step was the release of the PaC probes with the PEG coating on top.
PaC devices can be easily peeled from the Si with the aid of a few drops of DI
water if needed. As PEG dissolves in water as well as in solvents this dry release
of PaC probes was crucial for the success of the proposed wafer-scale approach.
Unfortunately, it was not possible to remove the final probes without leaving PEG
residues on the carrier wafer. Especially in between the shanks the PEG stuck to
the wafer (see Figure 6.7 e). Additionally, the shanks were bent, which impedes the
successful insertion (see Figure 6.7 f). Before the deposition of the PEG, a release
layer could be introduced, such as mineral oil, to facilitate the peeling off. To
minimize the force needed to release the probes, and thereby avoiding bending, the
flexible implants and the PEG coating could be produced on a PaC sacrificial layer
and not directly on top of the Si wafer. In the final step, the probes with the PEG
coating are not dry released individually but rather released at once by peeling off
the PaC sacrificial layer. However, introducing an additional PaC layer can make
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the fabrication even more sensitive to failure as small defects in the layers can lead
to complete delamination.
Despite the promising design idea, a high through-put coating could not be realized.
However, individual steps could be implemented. A PDMS mold was produced
on top of the flexible probes still attached to the wafer using MEMS technology.
Furthermore, a coating was established by filling the mold with molten PEG and
peeling off the mold. However, the release of the mold after PEG deposition and the
release of the coated PaC probes with the PEG coating on top remained challenging.
Surface pre-treatments might facilitate the release however, when working with
different polymers, the chemical composition of the surfaces needs to be considered.
For example, it was observed that a silanization with Trichloro(1H,1H,2H,2H-
perfluorooctyl)silane facilitated the release of PDMS from Si wafers however, not
from PaC films. After establishing a wafer-scale coating, the packaging and
sterilization of the compliant probes need to be adapted to the low melting
temperature and hydrolytic degradation mechanisms of PEG. The soldering process
described in Section 4.4.1 could be further applied if a monolithically integrated
cable is implemented in the probe design increasing the distance between the
shanks with the PEG coating and the hotplate. Furthermore, ethylene oxide
sterilization using a RT system could be used to treat compliant probes before in
vivo implantation as shown in previous works [22, 131,231].

6.4. Conclusion

With the aim to develop an insertion aid to successfully introduce intracortical
implants into neural tissue, a PEG coating was proposed that increased the buckling
force threshold above the minimum insertion force by temporarily reducing the
effective shank length. Through PDMS molding, a straight forward coating process
was presented and successful penetration into agarose gel brain phantoms was
demonstrated. Furthermore, a design idea was introduced showing that this
shuttle system has the potential to overcome the time consuming coating procedure
by utilizing a wafer-scale PEG deposition. Although this concept could not be
implemented within this work, it is believed that with some optimization a high
trough-put coating can be established. To validate if the compliant probes A-
MEA-16 with the tissue-friendly insertion system can be successfully implanted
into target regions of real brains (not phantoms), acute in vivo insertions were
performed as described in Chapter 7.
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In an effort to produce chronically stable neural interfaces, compliant probes have
been explored. Within this work, such multi-site and multi-shank intracortical
implants based on PaC have been introduced for reaching cortical depths of up
to 2mm (see Chapter 4). Besides establishing a low impedance coating consisting
of PEDOT:PSS (see Chapter 5), an insertion system based on a temporary PEG
coating was developed and the implantation of the compliant probes was tested
using agarose gel brain phantoms (see Chapter 6).
After the successful insertion into phantoms, the flexible implants were tested
under more realistic conditions. Several experimental preparations are utilized to
validate the performance of neural implants and to study neural circuits. Neurons
dissociated from brain tissue and grown on 2D substrate such as planar MEAs are
used to study electrical activity from single cells up to small networks [65, 232]. To
represent the in vivo brain more accurately, slice preparations have been introduced
to study isolated neural circuits, like the thalamocortical pathway [233,234], while
keeping the structural integrity [235, 236]. Besides the fast preparation time,
peripheral factors influencing the recordings such as anaesthetics, heartbeat and
respiration are eliminated [237]. Even though comparable activity was proven
between slices and intact brains [238], slice preparations are only a preliminary
platform to validate implants intended for chronic application. Based on the ISO for
the biological evaluation of medical devices, in vivo animal studies are mandatory
to determine local tissue responses induced by the probe insertion, degradation of
polymers and, acute and chronic immune reactions [239]. Therefore, the compliant
probes were inserted on the one hand into brain slices and on the other hand
into intact brains within acute in vivo experiments. Furthermore, after successful
positioning, electrophysiological measurements were performed to determine the
recording performance. For the in vivo experiments, immunohistochemical staining
was additionally utilized to verify that the compliant devices could be inserted
successfully into target regions in the brain using the developed shuttle system.
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7.1. Brain slice experiments

The compliant intracortical implants were validated using slices from rat cortex.
The performance was compared to Si based stiff probes with comparable design,
which are the state-of-the-art in cortical implants (see Section 2.1.2). As 2mm long
depth electrodes were characterized, thick slices were prepared.

7.1.1. Experimental section

Penetrating probes: The A-MEA-16 probes (see Sections 4.4.1 and 4.5) with
electrochemically deposited PEDOT:PSS as electrode coating material and a
temporary PEG coating as insertion aid (see Section 6.3.2) were considered for the
experiments. For electrochemical deposition of PEDOT:PSS, the potentiostatic
polymerization was performed for 15 s at 1V from 0.1% (w/v) 0.01M EDOT
(Sigma-Aldrich, Germany) and 0.7% (w/v) NaPSS (Sigma-Aldrich, Germany)
prepared in ultrapure water (see Section 5.2.1). The Si probes were fabricated at
the Institut für Werkstoffe der Elektrotechnik (IWE-1), RWTH Aachen University
(Germany) for an intended use as retinal implants [74]. They are Michigan-style
devices consisting of 4 shanks with 3 electrodes per shaft. The rectangular electrodes
were coated with 500 nm of IrOx and have a GSA of 800-1600�m2 with a pitch
of 20 �m. Single shanks have a width of 100 �m and a thickness of 10-20 �m.
Furthermore, the shaft interdistance is 150 �m and the tip has an opening angle of
50-60 �. In the Appendix, an overview of critical dimensions and properties of the
different devices is provided (see A.3).
Thick slice preparation: Brains from adult pregnant rats were isolated and
chopped into 1.5-2mm thick coronal slices as described in 3.4.1. The recordings
were performed with slices stored in oxygenated ACSF and completed within 4 h.
Probe insertion: The probes were inserted stepwise into the tissue with a speed
of 7-12 �m/s and a step size of 100-200 �m. The maximum depth for insertion was
1000 �m so that electrode sites were placed through half the thickness of the slices.
Chemical stimulation: When spontaneous activity could not be recorded,
the extracellular potassium concentration (K+) was increased, resulting in a
depolarization of the cells. For the treatment, ACSF was prepared with 25-50mM
K+ by equimolar substitution of KCl for NaCl. After treating the slices with high
K+ ACSF for 2-3min, they were kept in regular ACSF.
MEA recording: The data acquisition system is described in 3.4.3. During the
recording, the data was high-pass filtered at 1Hz. The raw data was analysed
offline using custom software written in Python 3 [76]. To extract extracellular APs,
the raw data was filtered using a 5th order Butterworth band-pass (300Hz-9 kHz).
Fast and slow network oscillations were isolated by band-pass (150-300Hz) and
low-pass (50Hz) filtering, respectively.
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Figure 7.1.: 1.5-2mm thick coronal slices of adult rats were prepared for the slice
recordings. The green marked rectangle (a, left) represents the brain region used for
the experiments. The slices were fixed within a glass chamber using insect pins and
perfused with oxygenated ACSF during the recordings (a, right). Stiff (b) and compliant
(c) intracortical probes were stepwise inserted into the cortex in rostro-caudal direction.

7.1.2. Slice recordings

To validate if the compliant probes with temporary PEG coating introduced within
this work can be successfully implanted into target regions, brain slice experiments
were performed. 1.5-2mm coronal slices from both hemispheres were prepared and
the devices were inserted in rostro-caudal direction into the cortex (see Figure 7.1 a).
Moreover, all the recordings were from the dorsal and medial edge of the slices to
record from brain regions similar to the in vivo measurements where the probes
were inserted in the dorso-ventral direction (see Section 7.2). As the PEG dissolves
in water, repositioning the compliant devices was not feasible. Therefore, the stiff
probes were inserted to find regions with spontaneous activity and afterwards, the
flexible intracortical probe were positioned nearby. Exemplary insertions with both
probe types are depicted in Figure 7.1 b-c.
With both probe types, activity could be recorded in the form of spontaneous spiking
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Figure 7.2.: Exemplary traces of extracellular spontaneous activity from brain slices
obtained by compliant (left) and stiff (right) probes. The APs (300Hz-9 kHz) are
superimposed on slow and medium (1-50Hz), and fast (150-300Hz) network oscillations.
Synchronization of neural firing with network oscillations can have physiological and
pathological origins. As ultra-thick slices (> 1.5mm) had to be prepared to validate
the intracortical probes, it is unclear if the slices exhibited seizure activity rather than
healthy activity.

or chemically evoked activity after depolarization with high K+ ACSF. Exemplary
traces are shown in Figure 7.2. For all of the recordings, spiking activity was
phase-locked to network oscillations. Synchronous activities within the brain can be
subdivided into slow (<8Hz), medium (8-30Hz), and fast (30-100Hz) oscillations
[57]. The latter is defined as ripples and can have physiological and pathological
origins, such as perceptual information processing [240] and paroxysmal events
[241,242], respectively. Synchronization of neural firing with network oscillations
has been described in cerebral cortex [240,243] and hippocampus [244] within in
vivo experiments, but also using acute slice preparations.
Optimal viability of slices is only given when preparation and maintenance fulfil
high quality standards. To obtain healthy tissues, a fast extraction and minimal
handling of the brain is required [245, 246]. Storing the slices at temperatures
similar to in vivo conditions (32-36 �C) is further recommended [245]. However,
for the experiments shown in this work, the recordings were performed at RT.
In previous works, preparation protocols have been established for either thin
(150-350 �m [245]) or thick slices (500-700 �m [245,247]). Culturing thicker slices
with long-term viability is challenging due to limited media and oxygen supply of
deeper layers. Thus, to the best of our knowledge, slices with a thickness of up
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to 2mm have not yet been used for extracellular recordings. To account for the
fast metabolic decay of such slices, the recordings were completed within 4 h after
the recovery period of 1 h. Especially, neocortical slices seem to be more sensitive
in contrast to, for example, hippocampal preparations and therefore, can exhibit
seizure activity rather than healthy neuronal activity [246]. In summary, even small
variations within the preparation can cause changes in the slice circuits. Therefore,
it is unclear if the spiking activity phase-locked to network oscillations observed
within this work originates from a physiological or pathological pattern.
Tissue chambers with different media supply systems are available, such as super-
fused, static and submerged [237]. Within this work, the brain slices were completely
submerged in ACSF. This design was employed on the one hand to ensure that the
entire slab of tissue is provided with ACSF and on the other hand to deliver and
rinse out high K+ ACSF in a fast manner. However, the constant perfusion impeded
the insertion of the compliant probes with the temporary PEG coating. As the PEG
dissolves when in contact with water, the flow was temporally reduced to change
from a submerged to a superfused system. The positioning of the flexible implants
took several minutes and spontaneous activity was not encountered, probably due
to local hypoxia. Therefore, the submerged supply was kept and the probes were
inserted stepwise while gradually dissolving the PEG. In contrast to the insertion
into agarose gel brain phantoms (see Chapter 6), the PEG liquefied much faster
when completely immersed into ACSF. The shorter time between steps impeded
tissue relaxation and induced higher dimpling. Furthermore, the faster dissolution
of PEG occasionally led to an insertion of only a fraction of the electrodes. To mimic
the in vivo implantation, a dorso-ventral insertion was attempted. Such positioning
was feasible with stiff probes though, the tissue dimpling was pronounced compared
to the rostro-caudal insertion and no spontaneous spiking was detected. Membrane
residues on the dorsal surface might hamper the positioning close enough to active
cells. To overcome this, the surface was roughened. Spontaneous activity was
still not recorded, probably due to the physical trauma induced during membrane
removal.
Brain slice experiments have been established within the last two decades as a
simplified system to study electrophysiological behaviour of neurons within isolated
circuits, for example in regard to synaptic plasticity [237]. Within this work, the
approach was attempted to use brain slices as a platform to characterize penetrating
probes. As intracortical probes have a shank length of higher than 2mm, well
established preparations with 150-350 �m slices could not be considered but ultra-
tick slices had to be prepared. Although activity in the form of spontaneous spiking
or in response to stimulation with high K+ ACSF was encountered for compliant
and stiff implants, the preparation of ultra-thick slices (> 1.5mm) still needs to be
further optimized to ensure constant and healthy neuronal activity.
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7.2. Acute in vivo validation

The compliant intracortical probes were evaluated within acute in vivo experiments.
The performance was compared to single shank Si based neural probes from ATLAS
Neuroengineering bvba (Belgium), which are the state-of-the-art in cortical implants
for fundamental research and disease treatments (see Section 2.1.2).
This chapter was in part reproduced from the following publication:
K. Srikantharajah, R. Medinaceli Quintela, B. M. Kampa, S. Musall, M. Rothermel,
and A. Offenhäusser, Minimally-invasive insertion strategy and in vivo
evaluation of multi-shank flexible intracortical probes, Scientific Reports,
vol. 11, 2021.

7.2.1. Experimental section

Intracortical probes: The A-MEA-16 probes (see Sections 4.4.1 and 4.5) with
a temporary PEG coating as insertion aid (see Section 6.3.2) were used for the
experiments. Within the fabrication, the microelectrodes were covered with 610 nm
thick spin-coated (equivalent to 3 layers) PEDOT:PSS (see Section 5.2.2). The
single shank Si based probes with 16 channels were purchased from ATLAS
Neuroengineering bvba (Belgium, probe type: E16+R-100-S1-L6 NT). In the
Appendix, an overview of critical dimensions and properties of the different devices
is provided (see A.3).
Animal surgery: Details regarding the animal surgery and stimulation protocols
used for the acute recordings are provided in the Sections 3.5.1 and 3.5.2.
Probe insertion: Using a syringe tip, the dura mater was punctured for the
stiff probes or slits were introduced for the flexible arrays to enable implantation.
The probes were inserted using a micromanipulator system (Luigs & Neumann,
Germany). The compliant probe consisting of 4 shanks was slowly moved towards
the brain until the exposed shank tips were positioned and the PEG coating
reached the brain surface. While gradually dissolving the coating, the probe was
further inserted with 100-200�m steps up to 700-1000 �m. Similar to the compliant
implants, the stiff implants were inserted stepwise into the cortex.
MEA recording: Data were recorded using a RZ5 BioAmp digital acquisition
system (Tucker Davis Technologies, USA) and a sampling rate of 24 kHz (see
Section 3.5.3).
Statistical analysis: The raw data was sorted and further analysed using custom
software written in MATLAB 2020 (Mathworks Inc., USA) and Python 3 [76]
as described in Section 3.5.4. Continuous variables such as signal amplitude and
SNR are reported as mean±std and compared utilizing the Mann-Whitney-U-
Test whereas categorical variables such as single unit yield and quality unit were
compared employing the chi-square test. If p-values were lower than 0.05 (p< 0.05),
differences in studied variables were considered to be statistically significant. The
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tests were implemented in Python 3 [76] using the module SciPy.
Histology: To verify that the probes were inserted into target brain regions, some
of the probes used for recordings were stained with DiI before insertion. After the
final acute recordings, 100 �m thick coronal slices were prepared and imaged as
described in Section 3.5.5.

7.2.2. In vivo electrophysiology

The in vivo validation of compliant implants in comparison to stiff probes was
performed within acute experiments using three anaesthetized mice. The devices
were inserted multiple times per animal to record spontaneous and whisker-evoked
activity. Representative implantations are shown in Figure 7.3. For both probe
types, simultaneous multichannel recordings were achieved from the barrel cortex.
An exemplary comparison is depicted in Figure 7.4. A total of 13 trials using three
flexible intracortical arrays and 8 trials using two stiff probes were recorded and
considered for the subsequent analysis. To verify the physiological nature of the
isolated spikes, the whiskers were stimulated and correlated to evoked population
and spiking activity (see below). In Figure 7.4 (bottom) the LFPs of one electrode
is shown after averaging over the 50 stimulation trials.
The performance of the different devices was evaluated utilizing quality metrics
such as spike amplitude, background noise and SNR. After extracting the spikes
employing amplitude thresholding, and sorting them, the clusters were distinguished
in single units and multiple units. Assuming a refractory period of 2.5ms, clusters
with a RPV less than 1%, and with more than 100 individual spikes were classified as
single units. In Figure 7.5, the ISI and the superimposed waveforms of representative
single and multiple units are shown. Additionally, the peri-stimulus time histogram
and raster plot show a high correlation of these units to the whisker stimulus.

Figure 7.3.: Insertions of compliant (a, white arrow) and stiff (b) intracortical probes
into the mouse barrel cortex. Example of a failed insertion (c, white arrow) resulting in
implantation of three out of four shanks.
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Figure 7.4.: Exemplary multichannel recordings of compliant (left) and stiff (right)
neural probes. 10 s raw (top) and band-pass filtered traces (5th order Butterworth
band-pass, 300Hz-10 kHz) (centre). LFPs in response to whisker-stimulation are shown
by averaging the raw signal over the 50 stimulation trials (bottom). The stimulation
pulses are represented by grey boxes.

In total, 204 and 195 units, and 16 and 24 units/probe were extracted for compliant
and stiff neural probes, respectively. As the recording sites of the stiff devices
were packed more densely compared to the compliant probes (see Table A.3), the
number of units per probe was higher for the stiff probes. The yield of single units
was comparable for both device types as they composed 27% of the total units
(p=0.949, chi-squared test). Furthermore, the performance of both probe types
was similar with regard to signal amplitude (0.342, Mann-Whitney-U-Test) and
SNR (0.788, Mann-Whitney-U-Test) of the SUAs (see Table 7.1). One exception
was the amplitudes that were slightly higher for signals recorded with the flexible
arrays. Furthermore, 20% of the SUAs recorded with the compliant devices had
a SNR higher than 4 with a maximum of 7.166, whereas only 11% quality units
(SNR>4) were detected with the stiff probes with a maximum of 4.853 (p=0.330,
chi-squared test) (see Figure 7.6). For MUAs, the difference was significant, as five
times more high quality units were detected for compliant implants compared to
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Figure 7.5.: Exemplary single-unit activity (SUA) (left) and multi-unit activity
(MUA) (right) recorded with the compliant intracortical implants. ISI distribution
and superimposed spike waveforms of the isolated spikes (top). Units where less than
1% of the ISIs are below 2.5ms (red dashed line) were classified as single units. The
mean waveforms are represented by the black lines. The corresponding peri-stimulus time
histogram (bottom, left) and raster plot (bottom, right) show a high correlation between
stimulation and firing rate. The stimulation pulses are represented by grey boxes.

the stiff devices (p<0.001, chi-squared test). In contrast to stiff substrate materials,
the acute trauma inducing neuronal death around the implant is reduced when
using compliant probes [15, 248]. Additionally, the bulky insertion system was not
introduced into the brain. This enables a closer contact between healthy tissue
and device and therefore, can result in higher signal amplitudes due to a better
coupling between neurons and electrodes (see Sections 2.2.3 and 2.2.4), indicating
a better biointegration.
Furthermore, DiI stainings showed that the flexible arrays were inserted successfully
into target brain regions. An exemplary insertion of compliant probes is depicted in
Figure Figure 7.7 a). Within this work, a PEG coating was proposed that increased
the buckling force threshold above the minimum insertion force by temporarily
reducing the effective shank length. Therefore, it is worth mentioning, that it was
indeed possible to insert PaC based intracortical implants with a shank cross-section
per electrode of 250 �m2 up to 2mm into the tissue without introducing the shuttle
system into the tissue.
During the implantation of the compliant devices some difficulties were encountered.
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Figure 7.6.: Distribution of the signal-to-noise ratios (SNRs) obtained with compliant
and stiff intracortical probes. SNRs were determined for single-unit activities (SUAs)
(left) and multi-unit activities (MUAs) (right).

As compliance is achieved by minimizing probe dimensions and employing low
Young’s moulds polymers (see Sections 2.1.3, 4.1, and 4.2), implantation of such

Compliant probes Stiff probes

Total number of isolated units 204 195
Single units [%] 27 (55/204) 27 (53/195)
Mean amplitude [ V] 47.956±17.972 41.847±8.724
RMS noise [ V] 7.382±1.312 7.156±0.859
SNR 3.267±1.201 2.949±0.653
Maximum SNR 7.166 4.853

Table 7.1.: Summary of the multichannel recordings in regard to isolated single units
obtained with compliant and stiff neural probes. Continuous variables are reported as
mean±std.

Figure 7.7.: Penetration paths stained with DiI (red) depicting successful insertion of
the compliant intracortical probes. Implantation into the barrel cortex (a) superimposed
to stained nuclei (DAPI, blue) and into the olfactory bulb (b), where the four single
shanks of the probe could be distinguished.
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probes becomes challenging compared to stiff devices. Insertion forces higher than
10mN are needed to penetrate through the dura mater [210,249] with a Young’s
modulus of 0.4-1.2MPa [6]. Therefore, compliant implants are unable to penetrate
the dura mater due to their low buckling force threshold, even when mechanically
reinforced during insertion using a biodegradable polymer coating. Dura removal
can cause brain swelling and vascular damages [24]. Having a future chronic
application in mind, the dura mater was not removed during the animal surgery.
Slits were introduced into the dura mater using a syringe tip to insert the probes.
As the compliant array consisted of four shanks, either one long slit or four small
slits were used. However, inserting all four shanks without getting caught on the
slits’ edges was challenging. Especially when using single slits for each shank, either
the slits were too small for single shanks or not aligned properly. Another issue
was that the brain surface was dabbed dry, to enable a controlled dissolution of the
PEG coating and consequently, a controlled insertion. Dried out tissue can cause
closing of the slits and affect the neural activity. If the tissue was too wet, the PEG
coating got soaked in saline when approaching the brain surface. A quick retraction
of the probe and removing excess saline could solve the problem. However, reusing
these devices was not always feasible as the shanks de-attached from the PEG
coating, or resulted in inserting only a fraction of shanks as shown in Figure 7.3 c).
To avoid this, the biodegradable coating should enclose the arrays as proposed
by H. Xu et al. [45] and not only be deposited on top of the shanks (see Section
6.3.2). Furthermore, as the mouse barrel cortex is permeated by blood vessels (see
Figure 7.3), it was difficult to find suitable spots for the multiple implantations,
especially for the compliant arrays spanning 700 �m.
To further validate the flexible probes, they were inserted into the mouse olfactory
bulb. The main differences between the two surgeries are that the size of the
craniotomy is much bigger for the olfactory bulb (1-2 cm2), the dura mater was
removed, and this brain area is less permeated by blood vessels. Therefore, inserting
the implants was much easier. Additionally, the probes were inserted up to 2mm
into the olfactory bulb in contrast to the insertions into the barrel cortex with a
maximum depth of 1mm (see Figure 7.7 b). However, the tissue dimpling was more
pronounced when introducing the compliant probes into the olfactory bulb as the
dura mater stabilizing the tissue was removed.

7.3. Conclusion

In efforts to produce next-generation neural chronic interfaces, the Michigan-style
compliant array A-MEA-16 in combination with a low impedance coating and a
tissue-friendly insertion system were developed within this work. Before validating
the long-term performance, the devices were tested within acute experiments. The
intracortical implants with a shank cross-section per electrode of 250 �m2 could be
successfully inserted into target brain regions such as the barrel cortex as shown
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by recordings of whisker-evoked activity and histological reconstruction of the
penetrations. The compliant implants comprising recording sites with a GSA
of 113 �m2 were able to simultaneously record SUAs, MUAs, and LFPs with a
performance comparable to state-of-the-art stiff probes. Additionally, more quality
units were isolated from the recordings using compliant devices in contrast to
stiff probes, indicating a better biointegration under acute conditions. Studying
spiking activity synchronized to network oscillations involved in memory formation
[243,250] or mechanisms underlying focal epilepsy [251] are some examples were
simultaneous detection of slow and fast activity with high spatio-temporal resolution
is a desirable feature of neural probes.
Despite the successful application, the PEG coating used as an insertion system and
the surgical procedure need to be further optimized to facilitate the implantation.
To reduce insertion failures, the PEG coating should enclose the array. As shown
within animal surgeries targeting different brain regions, the insertion of the
compliant probes was easier with a durotomy. However, the removal of the dura
mater increases surgical time, brain swelling and vascular damage [24] and would
not be favourable for chronic implantations. Therefore, it is crucial to consider the
intended application, including target brain region and surgical procedure, when
designing a compliant intracortical probe and the appropriate shuttle system.
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Over more than half a century, neural interfaces have been advanced from fundamen-
tal research to the treatment of neurodegenerative diseases. Within the last years,
compliant neural probes have been explored as possible candidates to improve long-
term stability by reducing the mechanical mismatch between the device and neural
tissue. Inspired by these attempts, compliant intracortical implants were produced
within this work. With the goal to reach brain regions like the mouse visual
or barrel cortex, Michigan-style A-MEA-16 probes with 2mm long shanks were
designed and such devices with a cross-section per electrode of 250�m2 fabricated
employing PaC.
To improve the recording quality of the developed implants, an electrode coating
was established utilizing the conductive polymer PEDOT:PSS. Seeking a good
conductivity, fast fabrication process, and stable electrochemical performance,
spin-coated PEDOT:PSS crosslinked with EG, GOPS and DBSA was compared to
electrochemically deposited PEDOT:PSS obtained under potentiostatic condition.
Both coating methods exhibited superior electrochemical characteristics in contrast
to bare Pt microelectrodes. When comparing similar thicknesses obtained with both
methods, the CSCs were comparable whereas the impedances were significantly
lower for spin-coated films. The abiotic stability was validated utilizing an
accelerated ageing test and potential cycling. Both PEDOT:PSS coatings exhibit
poor robustness. Therefore, the stability of PEDOT:PSS needs to be further
optimized to be compatible with chronic implantations. Electrodes coatings such
as Pt grass and IrOx might exhibit a better stability. However, compared to these
electrode coatings, PEDOT:PSS films are more attractive for intracortical implants
as they exhibits a lower Young’s modulus and therefore, reduce the mechanical
mismatch between the electrode and neural tissue [151]. Additionally, conductive
polymers can be incorporated with neurotrophic or anti-inflammatory bioactive
agents [8].
Paradoxically, compliant implants able to minimize the FBR are unable to penetrate
the brain due to the low buckling force threshold. As many of the proposed insertion
systems substantially increase the implantation footprint and consequently the
acute trauma, a tissue-friendly insertion aid was developed within this work to
position multi-shank probes into deeper layers of the brain. A PEG coating was
introduced that increased the buckling force threshold by temporarily reducing
the effective shank length. This was successfully validated using phantom tissues.
Furthermore, a design idea was proposed towards a wafer-scale coating procedure
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8. Summary and outlook

to circumvent the time-consuming manual process.
After establishing a low impedance coating and a tissue-friendly insertion system,
the developed intracortical implants were validated under acute in vivo experiments.
The flexible arrays with a shank length of 2mm and a cross-section of 250 �m2

could be successfully implanted into the barrel cortex without inserting the bulky
PEG coating into the tissue. Furthermore, recordings of spontaneous and whisker-
evoked activity showed that the compliant devices, comprising recording sites
with a GSA of 113 �m2, were able to simultaneously record SUAs, MUAs, and
LFPs. In addition, the performance was comparable to commercially available
state-of-the-art Si probes. However, more quality units (SNR>4) were detected
using the compliant intracortical implants with a maximum SNR of 7 indicating a
better biointegration within acute experiments.
From the technology perspective, a variety of modifications can be considered to
further advance the compliant neural devices. For example, three-dimensional (3D),
high-density arrays need to be developed to cope with the densely packed neurons
within the nervous system and to reach the 3D space of the tissue. With the aim to
increase electrode density but keep the small cross-section, the double-metal-layer
process based on photolithography has been proposed within this work (see Section
4.5). Further optimization towards high-resolution patterning can be achieved
via e-beam lithography [48]. To produce 3D probes, stacking [36] and folding
[252] of two-dimensional (2D) planar probes can be considered. Additionally, the
thermoforming properties of PaC [28] provides the possibility to create 3D structures
from flat PaC films as shown by thermally bending the shanks of the C-MEA-32
probes (see Figure 8.1). In contrast to 2D shanks, inserting 3D compliant implants
becomes even more challenging. This demands for a further optimization of the
insertion systems to successfully introduce such probes into target brain regions.
Considering the temporary PEG coating proposed within this work, inserting 2D
probes one after the other might be another solution to reach the 3D tissue.

Figure 8.1.: Thermoforming of PaC based neural probes. The C-MEA-32 probes (see
Section 4.5) were aligned between a Teflon mold and the shanks were thermally bent at
200 �C and 48 h under vacuum and nitrogen purging to prevent oxidative degradation.
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Based on the promising outcomes of the acute experiments, the next step is the
chronic implantation of the developed neural probes to validate long-term stability.
For such future experiments, the C-MEA-32 probes were designed (see Section 4.5)
as the monolithically integrated flexible cable enables a free-floating probe fixation.
The designed headmount is appropriate for rats however, for mice experiments,
the PCBs should be reduced in size. Additionally, a shuttle system is needed to
support the flexible cable and the PCB during the insertion [22,44].
Within previous works, implantation up to two years showed an increased neuronal
density and decreased microglial migration around compliant probes in contrast to
stiff devices [15, 21]. Additionally, stable single-cell recordings using polymer based
Michigan arrays have been demonstrated for several months [44, 49, 50]. However,
long-term recordings exceeding one year still need to be pursued. The chronic
stability of implantable devices depends on several factors, for example the insertion
conditions. Properties like probe substrate material, its surface characteristics,
probe dimensions, insertion speed, tethering scheme, and tissue properties influence
the force experienced by the implant and the tissue dimpling during implantation
[4, 16]. Besides optimizing the devices’ mechanical characteristics, it has been
shown that bioactive coatings or topographical cues play a role in probe acceptance
during the indwelling period by preventing inflammatory cell attachment and
facilitating neuronal adhesion [4, 253]. Additional abiotic factors like delamination
of passivation layers, corrosion of electrode coatings, and interconnection failure
can impede the long-term device performance [16]. In summary, the interplay
between device and tissue properties, and the implantation conditions contribute
to the FBR and the long-term acceptance of intracortical implants. Therefore,
further work is needed to fully unravel the complex interactions between the neural
interface and the nervous system and to design chronically stable implants meeting
the specifications for seamless biointegration.
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A. Appendix

A.1. Fabrication protocol of PaC based
single-metal-layer devices

1. Cleaning of 4 inch silicon wafers:

a) Acetone bath for 10min using ultrasonication

b) Isopropyl alcohol bath for 10min using ultrasonication

c) Rinsing with deionized (DI) water

d) Spin drying

2. ParyleneC deposition as substrate layer
(PDS2010 Labcoater from Specialty Coating Systems, Inc., USA):

a) Dimer: 8.5 g (5 �m)

b) Furnace Temperature: 690 �C

c) Chamber Gauge Temperature: 135 �C

d) Vaporizer Temperature: 160 �C

e) Vacuum Pressures: SP=25, PLA1=20

3. Patterning metal interconnections and electrode sites:

a) Dehydration at 150 �C for 5min

b) Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage (TePI GigaBatch 360M, Germany)

c) Spin-coating of LOR3b (MicroChemicals, Germany): 500 rpm, ramp
rate 200 rpm/s, 5 s and 2000 rpm, ramp rate 500 rpm/s, 30 s

d) Soft baking at 150 �C for 5min

e) Spin-coating of AZ nLOF2020 (MicroChemicals, Germany): 500 rpm,
ramp rate 200 rpm/s, 5 s and 3000 rpm, ramp rate 500 rpm/s, 30 s

f) Soft baking at 110 �C for 1min
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g) UV exposure: 40mJ/cm2 (hard contact)

h) Post-exposure bake at 110 �C for 1min

i) Development in AZ MIF 326 (MicroChemicals, Germany) for 33-35 s

4. Metal evaporation:

a) Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage (TePI GigaBatch 360M, Germany)

b) Electron beam evaporation (Pfeiffer PLS 570, Pfeiffer Vacuum, Asslar,
Germany)

i. Ar pre-sputtering: 150V, 5A

ii. 10 nm Titanium (0.1 �m/min)

iii. 100 nm Platinum (0.5 �m/min)

iv. 10 nm Titanium (0.1 �m/min)

c) Lift-off in acetone for 2-3 h

d) Dipping in AZ MIF 326 for 2-5min to remove LOR3b and rinsing with
DI water

5. ParyleneC deposition as passivation layer:

a) Adhesion promoter: cover chamber walls with 1ml gamma-Methacryloxypropyl-
trimethoxysilane (A-174 Silane, Specialty Coating Systems, Inc., USA)
using a cotton stick

b) Dimer: 8.5 g (5 �m)

c) Furnace Temperature: 690 �C

d) Chamber Gauge Temperature: 135 �C

e) Vaporizer Temperature: 160 �C

f) Vacuum Pressures: SP=25, PLA1=20

6. Patterning probe shape and electrode sites:

a) Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage

b) Spin-coating of AZ 10XT (MicroChemicals, Germany): 1. layer, 2400 rpm,
ramp rate 500 rpm/s, 60 s

c) Soft baking at 110 �C for 1min 20 s
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d) Spin-coating of AZ 10XT (MicroChemicals, Germany): 2. layer, 2100 rpm,
ramp rate 500 rpm/s, 60 s (Thickness: 20 �m)

e) Soft baking at 110 �C for 2min 40 s

f) UV exposure: 2100mJ/cm2 (soft contact)

g) Development in AZ 400K (MicroChemicals, Germany) (dilution 1:4 in
DI water) for 5-7min

h) ParyleneC dry etch: CF4:O2, 4:36 sccm, 0.007mbar, RF 50W, ICP
500W, 10 �C, 0.65-0.70 �m/min (Oxford Plasma Technology RIE reactor,
United Kingdom)

i) Titanium dry etch: Ar:O2, 20:20 sccm, 0.035mbar, RF 50W, 10 �C,
0.006 �m/min

j) Stripping of resist in AZ 100 Remover (MicroChemicals, Germany) using
a two tank system for 5-10min and rinsing with isopropyl alcohol.

A.2. Fabrication protocol of PaC based
double-metal-layer devices

1. See steps 1-2 in A.1

2. Patterning metal interconnections:

a) Dehydration at 150 �C for 5min

b) Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage (TePI GigaBatch 360M, Germany)

c) Spin-coating of AZ nLOF2020 (MicroChemicals, Germany): 500 rpm,
ramp rate 200 rpm/s, 5 s and 3000 rpm, ramp rate 500 rpm/s, 30 s

d) Soft baking at 110 �C for 1min

e) UV exposure: 17mJ/cm2 (hard contact)

f) Post-exposure bake at 110 �C for 1min

g) Development in AZ MIF 326 (MicroChemicals, Germany) for 33-35 s

3. Metal evaporation: see step 4 in A.1

4. ParyleneC deposition as interlayer
(PDS2010 Labcoater from Specialty Coating Systems, Inc., USA):
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a) Adhesion promoter: cover chamber walls with 1ml gamma-Methacryloxypropyl-
trimethoxysilane (A-174 Silane, Specialty Coating Systems, Inc., USA)
using a cotton stick

b) Dimer: 0.8 g (0.5 �m)

c) Furnace Temperature: 690 �C

d) Chamber Gauge Temperature: 135 �C

e) Vaporizer Temperature: 160 �C

f) Vacuum Pressures: SP=25, PLA1=20

5. Patterning vias:

a) Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage

b) Spin-coating of AZ 10XT (MicroChemicals, Germany): 5000 rpm, ramp
rate 500 rpm/s, 60 s

c) Soft baking at 110 �C for 3min

d) UV exposure: 900mJ/cm2 (soft contact)

e) Development in AZ 400K (MicroChemicals, Germany) (dilution 1:4 in
DI water) for 3-4min

f) ParyleneC dry etch: CF4:O2, 4:36 sccm, 0.007mbar, RF 50W, ICP
500W, 10 �C, 0.65-0.70 �m/min
(Oxford Plasma Technology RIE reactor, United Kingdom)

g) Titanium dry etch: Ar:O2, 20:20 sccm, 0.035mbar, RF 50W, 10 �C,
0.006 �m/min

h) Stripping of resist in AZ 100 Remover (MicroChemicals, Germany) using
a two bath system for 5-10min and rinsing with isopropyl alcohol.

6. Patterning electrode sites and contact pads:

a) Dehydration at 150 �C for 5min

b) Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage (TePI GigaBatch 360M, Germany)

c) Spin-coating of LOR3b (MicroChemicals, Germany): 500 rpm, ramp
rate 200 rpm/s, 5 s and 2000 rpm, ramp rate 500 rpm/s, 30 s

d) Soft baking at 150 �C for 5min
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e) Spin-coating of AZ nLOF2020 (MicroChemicals, Germany): 500 rpm,
ramp rate 200 rpm/s, 5 s and 2000 rpm, ramp rate 500 rpm/s, 30 s

f) Soft baking at 110�C for 1min

g) UV exposure: 40mJcm2 (hard contact)

h) Post-exposure bake at 110 �C for 1min

i) Development in AZ MIF 326 (MicroChemicals, Germany) for 33-35 s

7. Metal evaporation:

a) Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage (TePI GigaBatch 360M, Germany)

b) Electron beam evaporation (Pfeiffer PLS 570, Pfeiffer Vacuum, Asslar,
Germany)

i. Ar pre-sputtering: 150V, 5A
10 nm Titanium (0.1 �m/min)
500 nm Gold (0.5 �m/min)
10 nm Titanium (0.1 �m/min)
or

ii. Ar pre-sputtering: 150V, 5A
10 nm Titanium (0.1 �m/min)
100 nm Platinum (0.5 �m/min)
10 nm Titanium (0.1 �m/min)
450-500 nm IrOx

iii. IrOx Sputtering (Nordiko 2550, UK):
Ar pre-sputtering: 500W, 1min
450-500 nm IrOx, 10 sccm O2, 200W
The sputtered IrOx films were provided from the cleanroom facility
at the Institut für Werkstoffe der Elektrotechnik (IWE-1), RWTH
Aachen University (Germany).

c) Lift-off in acetone for 2-3 h

d) Dipping in AZ MIF 326 for 2-5min to remove LOR3b and rinsing with
DI water

8. ParyleneC deposition as passivation layer: see step 5 in A.1

9. Patterning probe shape and electrode sites: see step 6 in A.1
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A.3. Soldering flexible probes to PCBs

1. Principe: manual flip-chip bonding

2. Place printed circuit board (PCB) on hotplate at 180 �C

3. Disperse soldering paste NC-31 (AMTECH, USA) based on 42Sn/58Bi alloy
on PCB’s contact pads

4. After solvent evaporation, remove excess alloy leaving alloy balls on top of
the contact pads

5. With a help of a microscope, align bond pads of released transparent probes
on to PCB’s contact pads

6. Perform the last step at the edge of the hotplate to avoid a direct contact of
the flexible probes with the hotplate

7. Remove board with probe from hotplate and let cool down

8. Seal probes soldered to PCB with epoxy EPO-TEK 302 (Epoxy Technology,
USA) by mixing part A and B in a ratio of 2:1, applying the mixture around
probe edges and curing at 110 �C for 30min

A.4. PDMS based electrode array fabrication

In efforts to produce ultra-soft neural probes, PDMS was considered with a Young’s
modulus one-tenth lower than PaC. In the following sections, the microfabrication
is described and the finale implants are presented.

A.4.1. Microfabrication

1. Cleaning of 4 inch silicon wafers:

a) Acetone bath for 10min using ultrasonication

b) Isopropyl alcohol bath for 10min using ultrasonication

c) Rinsing with DI water

d) Spin drying

2. Deposition of sacrificial layer:

a) Electron beam evaporation (Pfeiffer PLS 570, Pfeiffer Vacuum, Asslar,
Germany)
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b) Ar pre-sputtering: 150V, 5A

c) 100 nm Al (0.5 �m/min)

3. Preparation of PDMS mixture:

a) Use Sylgard 184 (Dow Corning, USA), a 2-component PDMS kit

b) Thoroughly mixing base and curing agent at a ratio 10:1 and degas at
-20 �C for a couple of days to remove gas bubbles

4. PDMS as substrate layer:

a) Warming up of PDMS mixture at RT for 15-20min

b) Dehydration at 150 �C for 5min

c) Spin-coating: 500 rpm, ramp rate 200 rpm/s, 2 s and 5000 rpm, ramp
rate 200 rpm/s, 180 s

d) Curing at 110�C for 10min

5. Metal evaporation:

a) Electron beam evaporation (Pfeiffer PLS 570, Pfeiffer Vacuum, Asslar,
Germany)

i. 5 nm Cr (0.1 �m/min)

ii. 50 nm Au (0.3 �m/min)

6. Chemical wet etching:

a) Etch mask:

i. Dehydration at 150 �C for 5min

ii. Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage (TePI GigaBatch 360M, Germany)

iii. Spin-coating of AZ 5214E (MicroChemicals, Germany): 500 rpm,
ramp rate 200 rpm/s, 5 s and 3000 rpm, ramp rate 500 rpm/s, 60 s

iv. Soft baking at 110 �C for 1min

v. UV exposure: 50mJ/cm2 (hard contact)

vi. Post-exposure bake at 110 �C for 1min

vii. Development in AZ MIF 326 (MicroChemicals, Germany) for 60-80 s

a) Au etching in TechniEtch ACI2 (MicroChemicals, Germany) (dilution
1:3 in DI water) for 100 s
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b) Stripping of resist in acetone for 10-15min and rinsing with isopropyl
alcohol

c) Cr etching in TechniEtch Cr01 (MicroChemicals, Germany) (dilution
1:3 in DI water) for 18 s

7. PDMS as passivation layer:

a) Warming up of PDMS mixture at RT for 15-20min

b) Dehydration at 150 �C for 5min

c) Spin-coating: 500 rpm, ramp rate 200 rpm/s, 2 s and 5000 rpm, ramp
rate 200 rpm/s, 180 s

d) Curing at 110�C for 10min

8. Patterning probe shape and electrode sites:

a) ParyleneC deposition as promotion layer
(PDS2010 Labcoater from Specialty Coating Systems, Inc., USA):

i. Dimer: 6.5 g (4 �m)

ii. Furnace Temperature: 690 �C

iii. Chamber Gauge Temperature: 135 �C

iv. Vaporizer Temperature: 160 �C

v. Vacuum Pressures: SP=25, PLA1=20

b) Dry etching:

i. Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage

ii. Spin-coating of AZ 10XT (MicroChemicals, Germany): 1. layer,
2400 rpm, ramp rate 500 rpm/s, 60 s

iii. Soft baking at 110 �C for 1min 20 s

iv. Spin-coating of AZ 10XT (MicroChemicals, Germany): 2. layer,
2100 rpm, ramp rate 500 rpm/s, 60 s (Thickness: 20 �m)

v. Soft baking at 110 �C for 2min 40 s

vi. UV exposure: 2100mJ/cm2 (soft contact)

vii. Development in AZ 400K (MicroChemicals, Germany) (dilution 1:4
in DI water) for 5-7min
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viii. ParyleneC dry etch: CF4:O2, 4:36 sccm, 0.007mbar, RF 50W, ICP
500W, 10 �C, 0.65-0.70 �m/min (Oxford Plasma Technology RIE
reactor, United Kingdom)

ix. PDMS dry etch: CF4:O2, 45:3 sccm, 0.007mbar, RF 100W, ICP
500W, 10 �C, 0.5 �m/min

x. Stripping of resist in AZ 100 Remover (MicroChemicals, Germany)
using a two tank system for 5-10min and rinsing with isopropyl
alcohol.

xi. ParyleneC dry etch (if needed, to remove PaC on top of PDMS
probes): CF4:O2, 4:36 sccm, 0.007mbar, RF 50W, ICP 500W, 10 �C,
0.65-0.70 �m/min
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A.4.2. Ultra-flexible intracortical probes

Figure A.1.: Presentation of the PDMS based flexible intracortical implants: The
morphology of Au on PDMS depends on parameters such as deposition temperature,
metal film thickness and surface properties of PDMS [125]. Within this work, the e-beam
evaporation resulted in a buckled morphology of Au and the underlying PDMS (a). Due
to the high CTE (see Table 4.1), microfabrication of photoresists on native PDMS is
challenging. Therefore, chemical wet etching was employed to pattern the metal films.
SEM picture of a structured Au film on top of PDMS (b). Furthermore, PaC was used as
promotion layer between PDMS and the resist etch mask used for RIE. The combination
of the porous nature of PDMS and the CVD of PaC results in the permeating of PaC
into the PDMS bulk [254,255]. Therefore, after the CVD, the buckled morphology was
more pronounced (c). RIE was used to pattern PDMS resulting in vertical sidewalls (d).
The finale probes before (e) and after (f) release. The dark background originates from
the Al sacrificial layer, which enabled a dry release of the PDMS probes (e). During RIE,
the buckled morphology within the PDMS layers was transferred to the underlying Al.
Intrinsic stress within the ultra-soft PDMS films caused a curling of the probes after
releasing them from the carrier wafer (f).
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A.5. Fabrication of PEDOT:PSS coated probes

1. ParyleneC deposition as sacrificial layer:

a) Spin-coating of Micro90 (2% (v/v) in ultrapure water) (International
products cooperation, USA): 1000 rpm, ramp rate 200 rpm/s, 20 s

b) Drying at RT for 5min

c) Dimer: 6.5 g (4 �m)

d) Furnace Temperature: 690 �C

e) Chamber Gauge Temperature: 135 �C

f) Vaporizer Temperature: 160 �C

g) Vacuum Pressures: SP=25, PLA1=20

2. Patterning electrode openings:

a) Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage (TePI GigaBatch 360M, Germany)

b) Spin-coating of AZ 10XT (MicroChemicals, Germany): 1000 rpm, ramp
rate 500 rpm/s, 60 s (Thickness: 13�m)

c) Soft baking at 110 �C for 3min

d) UV exposure: 900mJcm2 (soft contact)

e) Development in AZ 400K (MicroChemicals, Germany) (dilution 1:4 in
DI water) for 3-4 smin

f) ParyleneC etch: CF4:O2, 4:36 sccm, 0.007mbar, RF 50W, ICP 500W,
10 �C, 0.65-0.70 �m/min

g) Titanium dry etch: Ar4:O2, 20:20 sccm, 0.035mbar, RF 50W, 10 �C,
0.006 �m/min

h) Stripping of resist in AZ 100 Remover (MicroChemicals, Germany) using
a two bath system for 5-10min and rinsing with isopropyl alcohol.

3. PEDOT:PSS solution:

a) Filter Clevios PH-1000 (Heraeus Holding GmbH, Germany) using a
syringe filter with a pore size of 0.8μm

b) Add 5% (v/v) EG (Sigma-Aldrich, Germany), 1% (v/v) GOPS (Sigma-
Aldrich, Germany) and 0.1% (v/v) DBSA (Sigma-Aldrich, Germany)

c) Allow to stand overnight before usage
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4. PEDOT:PSS coating:

a) Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage (TePI GigaBatch 360M, Germany)

b) Spin-coating of PEDOT:PSS: 3000 rpm, ramp rate 500 rpm/s, 30 s

c) Wait 15s between applying the solution and spin-coating for an even
distribution

d) Soft baking at 110 �C for 1min

e) Spin-coating of PEDOT:PSS: 500 rpm, ramp rate 200 rpm/s, 30 s

f) Wait 15s between applying the solution and spin-coating for an even
distribution

g) Soft baking at 110 �C for 1min

h) Repeat last two steps until desired thickness is reached.

i) Peeling off sacrificial layer with a few drops of DI water and a tweezer

j) Hard baking in oven at 140 �C for 1 h

k) Soaking in water for at least 2-3 h or overnight

l) Dry releasing probes with tweezer

A.6. Introducing iridium oxide as adhesion layer

1. Same process to A.1

2. Perform following steps after step 4 in A.1

3. Patterning metal coating:

a) Dehydration at 150 �C for 5min

b) Plasma treatment: O2, 50W, 80 sccm, 2min, with installed Faraday
cage (TePI GigaBatch 360M, Germany)

c) Spin-coating of LOR3b (MicroChemicals, Germany): 500 rpm, ramp
rate 200 rpm/s, 5 s and 2000 rpm, ramp rate 500 rpm/s, 30 s

d) Soft baking at 150 �C for 5min

e) Spin-coating of AZ nLOF2020 (MicroChemicals, Germany): 500 rpm,
ramp rate 200 rpm/s, 5 s and 2000 rpm, ramp rate 500 rpm/s, 30 s

f) Soft baking at 110�C for 1min
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g) UV exposure: 40mJ/cm2 (hard contact)

h) Post-exposure bake at 110 �C for 1min

i) Development in AZ MIF 326 (MicroChemicals, Germany) for 33-35 s

4. Metal evaporation:

a) The sputtered IrOx films were provided from the cleanroom facility at
IWE-1, RWTH Aachen University.

b) Sputtering (Nordiko 2550, UK):

i. Ar pre-sputtering: 500W, 1min

ii. 450-500 nm IrOx, 10 sccm O2, 200W

c) Lift-off in acetone for 2-3 h

d) Dipping in AZ MIF 326 for 2-5min to remove LOR3b and rinsing with
water

A.7. Sample holder for accelerated ageing test

Figure A.2.: Storage container used for accelerated ageing test of flexible neural probes
with PEDOT:PSS as electrode coating.
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A.8. PEDOT:PSS as electrode coating material

A.8.1. Platinum microelectrodes

Figure A.3.: Current over voltage curve for a Au (left) and Pt (right) microelectrode
with a GSA of 113 m2 obtained at scan rate of 0.1V/s.

A.8.2. Electrochemical deposited PEDOT:PSS

Deposition time [s] Deposition charge [mC/cm2]

7 53.468±4.714
10 88.556±4.284
15 142.335±15.707
20 218.096±20.640

Table A.1.: Deposition times and corresponding charges used for the electrochemical
deposition of PEDOT:PSS (mean±std, n=12).

A.8.2.1. Growth mechanisms of electrochemical deposited PEDOT:PSS

The nucleation process of EDOT starts with the induction period, where the
current drops to a minimum indicating the beginning of the polymerization (see
Figure A.4). This step is mainly dominated by diffusion-limited oxidation of the
monomers followed by coupling of radical cations until the oligomers reach a certain
chain length and precipitate onto the WE. Afterwards, the propagation of polymer
chains and growth of globules on the WE predominate the nucleation process
resulting in an increase of the current with time (t ∼ I0.5) (see Figure A.4). For
prolonged depositions times, the current rises until reaching a plateau [256,257]. The
time scale of the induction phase gets shorter for increasing deposition potentials
[258] and therefore, this initial phase was not detectable for all polymerization
performed within this work. However, in Figure A.4, one example is shown where
the current minimum is clearly visible.
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Figure A.4.: Exemplary chronoamperogram for electrochemical deposition of
PEDOT:PSS at 1V from 0.1% (w/v) 0.01M EDOT and 0.7% (w/v) NaPSS. The
current response depicts two characteristics transients. In the first few seconds, the
current reaches a minimum indicating the start of the polymerization. Afterwards, the
current increases with time following a parabolic rate law.

Figure A.5.: Optical images, SEM pictures and FIB sections of electrochemically
deposited PEDOT:PSS for different deposition charges obtained under potentiostatic
mode.
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Figure A.6.: Electrochemically deposited PEDOT:PSS coating before and after CV
cycling. In response to the potential cycling, the thin polymer layer at the electrode edge
went off.

Figure A.7.: Electrochemical deposition of PEDOT:PSS without (a) and with (b)
pre-treating the Pt microelectrodes utilizing an Ar etch (0.4mbar, 100W, 3min). The
deposition time of 15s resulted in charges of 140mC/cm2 (a) and 570mC/cm2 (b).
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A.8.3. Spin-coated PEDOT:PSS

Figure A.8.: Optical images, SEM pictures and FIB sections of spin-coated PEDOT:PSS
upon stacking of several layers. After dry releasing the PaC sacrificial layer, bluish residues
were seen occasionally, especially around the shank tips (white arrows) and residues of
the release soap solution were observed on top of the wafer around the probes (yellow
arrow).
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Figure A.9.: SEM image of the residues from the sacrificial layer around the electrode
opening (dashed yellow line), which increased the ESA in contrast to the GSA (dashed
red line).

A.8.4. Overview of electrochemical parameters

Electrode coating Substrate Area Impedance CSC
[�m2] (at 1 kHz) [MΩ·�m2] [mC/cm2]

Pt [This work] 113 744 1.14
Pt [259] 400 456 4.42 (cathodal)
Pt [260] 491 491
Pt [172] 7854 400 1.4 (cathodal)

ECD [This work] Pt 113 4-6 10-50
ECD [172] Pt 7854 22 88.4 (cathodal)
ECD [143] Au 1250 ≈12.5 ≈11
SC [This work] Pt 113 2-4 25-45
SC [160] Au 400 9.2
SC [173] Au 100 ≈16

Table A.2.: Overview of electrochemical parameters. Similar properties in regard to
area of microelectrode, deposition/coating method, material of underlying conductive
film and PEDOT:PSS formulation have been considered to find comparable works.
ECD=Electrochemical deposition, SC=spin-coating.
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A.8.5. IrOx as adhesion promoter

Figure A.10.: Representative bode plots (left) and current over voltage curves (right)
of SIROF. As a result to potential cycling defined as activation, the CSC increased and
the impedance decreased.
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Figure A.11.: Representative bode plots (left) and current over voltage curves (right)
of electrochemically deposited PEDOT:PSS on top of SIROF. A comparison is shown
between native (top) and activated (bottom) IrOx.
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A.9. PEG based insertion aid - Manual coating
process

1. PDMS slap preparation:

a) Use Sylgard 184 (Dow Corning, USA), a 2-component PDMS kit

b) Thoroughly mix base and curing agent at a ratio 10:1 and degas at
-20 �C for a couple of days to remove gas bubbles

c) Dehydration of Si wafer at 150 �C for 5min

d) If necessary, Micro90 can be used as anti-adhesion layer to facilitate
PDMS slap release:

i. Spin-coating of Micro90 (2% (v/v) in ultrapure water) (International
products cooperation, USA): 1000 rpm, ramp rate 200 rpm/s, 20 s

ii. Drying at RT for 5min

e) Spin-coating of PDMS mixture: 500 rpm, ramp rate 200 rpm/s, 60 s
(120 �m)

f) Soft baking at 110 �C for 10min on hotplate

2. Cut PDMS base sheet (≈4x4mm2), release with tweezer and place sheet on
top of glass slide without trapping air bubbles

3. Carefully align probe soldered to PCB on top of PDMS base sheet

4. Straight alignment of shanks crucial (If not given, try to adjust with a tweezer
without damaging the shanks.)

5. Fix PCB with tape on to glass slide

6. Cut PDMS mold by outlining the cavity: ≈4x4mm2 sheet with ≈0.8x0.8mm2

recess (Cavity determines width of PEG coating.)

7. Align PDMS mold on top of shank by covering first 200 �m from shank tip

8. Heat up probe and PDMS mold by placing entire assembly on the glass slide
on a hotplate at 80 �C

9. Take a small granulate piece of PEG 35,000 g/mol (Sigma-Aldrich, Germany)
with the aid of a tweezer and place on top of PDMS mold using a microscope

10. Wait until PEG melts and carefully distribute molten PEG over all four
shanks

11. Repeat last two steps until cavity is completely filled with PEG
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12. If necessary, cut PDMS cover sheet (≈4x4mm2) and place on top of cavity
to remove excess PEG

13. Let entire assembly cool down at RT for 5min until PEG solidifies

14. Remove PDMS cover sheet and mold

15. Carefully release probe from PDMS base sheet by lifting the PCB

A.10. Crystallization of PEG

Figure A.12.: Solidification of PEG 35,000 g/mol by growing spherulites.

A.11. Agarose gel

A.11.1. Preparation of agarose gels

1. Weight 0.06 g agarose powder (A9539-256, Sigma Aldrich, Germany)

2. Add 10ml PBS (137mM NaCl, 2.7mM KCl, 10mMNa2HPO4 and 2mM
KH2PO4 prepared in ultrapure water and with a pH of 7.4 (Recipe from
[72]))

3. Let sit for 1-2min

4. Microwave on medium for 30 s

5. Swirl solution

6. Microwave on medium for 10 s

7. Swirl solution

8. Check for crystals and repeat last two steps until solution is homogenous

9. Avoid overboiling of solution
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A.11. Agarose gel

10. Prepare teflon mold by placing the pillow (1x1x0.5 cm3) into cube (1x1x1 cm3)

11. Pure solution into container

12. Allow to cool for ≈10min and polymerize

13. Keep gels hydrated by covering with a few drops of PBS

14. For insertion tests, remove gel (1x1x0.5 cm3) from mold (flip teflon mold and
push pillow downwards) to have a free-standing phantom, which enables the
imaging of the penetration

15. Use gels within 3 h

Figure A.13.: Telfon mold used to produce 0.6% Agarose gel.

A.11.2. Mechanical characterization of agarose gels

Four 0.6% agarose gels (see Section A.11.1) prepared at two different days were
used to determine the Young’s modulus. The measurements were performed at
the Institute of Biological Information Processing 2 (IBI-2) of the Research Center
Jülich. An AFM, Nanowizard (Bruker, Germany) in combination with an inverse
light microscope (Axiovert 200, Zeiss, Germany) was used for the nanoindentation
experiments. For the measurements, the agarose gels were covered with 0.1M
PBS. The identation was carried out at a velocity of 1-10 �m/s in spectroscopy
mode. Several points for each gel were measured and each point was measured
repeatedly. Silicon or silicon nitride cantilevers were used for the experiments with
nominal spring constants of k= 0.06N/m (NP, Veeco, Germany) and k=0.04N/m
(Arrow TL, Nanoandmore, Germany), respectively. The tips of the cantilevers had
a conical shape with an opening angle of 35�. For tipless cantilevers, polystyrol
or glass beads (r=0.5 and 7.5 �m respective to the used cantilevers, Polyscience,
Germany) were glued at the end. The actual spring constant was determined
using thermal fluctuations in air [261] and the sensitivity was validated in PBS
on glass. The data was analysed using the JPKSPM data processing Software

127



A. Appendix

Nanowizard (Bruker, former JPK, Germany) and Origin 9G (Origin Lab). The
force indentation depth curves were fitted to the extended Hertz model to obtain
the Young’s modulus assuming a Poisson ratio of 0.5 [262–265]. For determining
the elastic modulus, the trace curves and the velocities 1-2 �m were considered.

A.12. PEG based insertion aid: Wafer-scale
approach - PDMS mold

1. Use Sylgard 184 (Dow Corning, USA), a 2-component PDMS kit

2. Thoroughly mixing base and curing agent at a ratio 10:1 and degas at -20 �C
for a couple of days to remove gas bubbles

3. Dehydration of Si wafer with flexible probes at 150 �C for 5min

4. Sacrificial posts:

a) Spin-coating of AZ 125nXT-10A (MicroChemicals, Germany): 300 rpm,
ramp rate 100 rpm/s, 5 s; 900 rpm (145 �m) or 1000 rpm (95 �m), ramp
rate 500 rpm/s, 1.2 s; 620 rpm, ramp rate 200 rpm/s, 12 s

b) Perform edge bead removal

c) Resting wafer for 15min

d) Soft-baking using a temperature ramp: from 20-135 �C in 30 �C/min,
hold at 135 �C for 25min, from 135-20 �C in 30 �C/min

e) UV exposure: 2400-2500mJ/cm2 (soft contact)

f) Development in AZ MIF 326 (MicroChemicals, Germany) for 5min

g) Removing residues from wafer edge using cotton stick and acetone

5. PDMS deposition:

a) Release layer: Spin-coating of Micro 90 (2% (v/v) in ultrapure water):
1000 rpm, ramp rate 200 rpm/s, 20 s and Drying at RT for 5min

b) Spin-coating of PDMS mixture: 1000 rpm (75 �m) or 500 rpm (120 �m),
ramp rate 200 rpm/s, 60 s

c) Resting wafer for 30min

d) Soft baking at 110 �C for 10min on hotplate

6. Dry etching and lift-off:
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a) CF4:O2, 45:3 sccm, 0.007mbar, RF 100W, ICP 500W, 10 �C, 30min with
0.5 �m/min (Oxford Plasma Technology RIE reactor, United Kingdom)

b) Stripping of sacrificial posts resist in acetone for 10min using ultrasonication
and rinsing with isopropyl alcohol

A.13. Type of intracortical implants

A-MEA-16 Retinal probe ATLAS probe

Insulation material PaC Si Si
Number of shanks 4 4 1
Shank thickness [�m] 10 10-20 50
Shank width [�m] 100 100 75
Shank length [mm] 2 1 6
Inter-shank distance [�m] 100 150
Electrodes per shank [�m] 4 3 16
Electrode pitch [�m] 200 20 100
Electrode area [�m2] 113 800-1600 491
Electrode coating PEDOT:PSS IrOx IrOx
Electrode impedance [MΩ·�m2] 3.06±0.15 2.06�0.44 112.93±4.91
Tip angle [�] 30-40 50-60

Table A.3.: The critical dimensions and properties of the neural probes used within this
work are provided. The ATLAS probe E16+R-100-S1-L6 NT was used. The impedances
at 1Hz are given and were averaged for one single probe. Microelectrodes with an
impedance above 10MΩ·�m2 at 1 kHz were excluded as outliers.
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