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Abstract
Development of a visual prosthesis has the potential to help millions of patients with visual impairment
around the world. One approach of visual prostheses is intracortical stimulation, where electrodes
penetrating the visual cortex are used to create small light dots in the patients visual field. Said therapy
requires an implantable neurostimulator that is able to stimulate more than 1000 micro-electrodes for
sufficient resolution. Conventional stimulation methods are not suitable for this purpose as they are
inefficient in multi-channel stimulation or lack control of injected charge.

In this thesis a novel stimulation method is presented based on dynamic duty cycle control of ultra
high frequency (UHF) pulses. The duty cycle is charge-controlled using a monostable multivibrator
control loop. With this novel topology, the injected charge of a stimulation pulse is controlled even
when electrode impedance changes. The presented system uses spatio-temporal stimulation to share
the stimulator circuit among multiple output channels. Another contribution of this work is the imple-
mentation of an active charge balancing method. This method monitors the residual voltage at the
electrode-tissue interface in between UHF pulses and stops stimulation when this voltage is brought
back close to zero. The charge balancing circuit consists of a single comparator connected to the
stimulation path. Overall, the proposed stimulator circuit consists of two comparators, one capacitor,
three logic gates, and switches. The circuit is easily scalable depending on the stimulation parameters,
requiring only two switches per output electrode.

For validation purposes, the circuit has been implemented on a printed circuit board (PCB). The
PCB has 8 output pins and operates up to 15V. Using a linear model of the electrode tissue interface,
charge injection accuracy of the circuit was measured. The charge injected during a single UHF pulse
is scalable with C*V. The implemented PCB uses a capacitor value of C=400pF, while the voltage V
is scaled from 62.5mV to 1.25V such that the stimulation intensity ranges from 25pC to 500 pC per
UHF pulse. Furthermore, the charge balancing method was verified with the linear tissue model. The
proposed method successfully reduced the residual voltage to 3.1mV, well within the safety limit of
50mV. Measurements on a micro-electrode array confirmed functionality of the circuit for non-linear
loads. Finally, the work presents an important insight regarding the development of power efficient
neurostimulators. It has been shown that it is important to consider not only power efficiency of the
circuit but also the energy efficiency of the stimulation waveform to decrease the power consumption
of the system.
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1
Introduction

Throughout the world people are affected by neurological disorders, such as hearing loss, visual im-
pairment or Parkinson’s disease. To improve the quality of life of these patients, neural prostheses are
commonly used. Neural prostheses are devices that can restore neuronal functions that have been
damaged due to accidents or diseases. Examples of neural prostheses that have been used over the
last years are cochlear implants for deaf patients, cardiac pacemakers to treat heart arrhythmia’s or
deep brain stimulators for patients with Parkinson’s disease. For patients with visual impairment, a
visual prosthesis could restore some sense of vision [1, 2]. Despite several decades of research into
visual prostheses, available devices on the market are still very limited. The resolution of the artificial
vision is low, reducing usability for everyday tasks [3]. To improve the resolution of visual prostheses,
different research groups are developing a prosthesis that stimulates directly to the brain. In this the-
sis, the design of a multi-channel neurostimulator is presented with the aim to increase the number of
available stimulation sites, which is necessary to increase the spatial resolution of said device.

1.1. Background
1.1.1. Visual Prostheses
In order to understand how visual prostheses could restore vision in blind patients, it is necessary to
understand the functioning of the visual pathway.

Visual Pathway
The human visual pathway is illustrated in Fig. 1.1. Light enters the nervous system via the retina in the
back of the eye. In the retina, incoming photons are converted into electrical signals by light sensitive

Figure 1.1: Illustration of the human visual pathway from retina to the visual cortex. Figure taken from [4]

1



2 1. Introduction

photoreceptor cells. Through ganglion cells, electrical signals containing visual information are sent to
the optic nerve. The optic nerve is a bundle of nerve cell axons that transports the information from the
retina to the lateral geniculate nucleus (LGN), which is part of the thalamus. The LGN performs multiple
functions, including spatial as well as temporal correlations of the incoming signals. The processed
information is then sent to the visual cortex. The visual cortex is the part of the cerebral cortex that
is involved with visual perception and cognition. It is divided into five areas (V1-V5) and going from
V1 to V5, the information becomes more abstract [2]. The first three areas are illustrated in Fig. 1.2a.
Horizontally the cerebral cortex is divided into six layers (with sub layers) based on cell type and their
function [5]. The layers are depicted in Fig. 1.2b, where layer 1 is most dorsal and layer 6 is most
ventral. Information from the LGN enters the brain at layer 4c of the primary visual cortex (V1) [5]. The
size of V1 differs from patient to patient, it is reported that a surface area in the order of 40 cm2 can be
expected [6]

(a) (b)

Figure 1.2: Organization of the visual cortex. (a) The visual areas V1, V2 and V3 are indicated in yellow, red and blue respectively.
(b) Division of the cortex in horizontal layers 1-6, visual sensory input enters V1 at layer 4c. Figures adapted from [7] and [5]

Restoring Vision
Damage to any part of the visual pathway could cause blindness or severe vision impairment. Loss
of vision can severely complicate participation in society and thus sophisticated devices to restore
some degree of vision are being developed [2]. A functional visual prosthesis has to perform three
main functions: capture the patients visual environment, process the visual information and transfer
the information to the patient [2]. The first function would typically be implemented using a camera
that is being carried by the patient, for example on a pair of glasses. Second, processing of the visual
information is done in a video processing unit (VPU), usually outside the body. The VPU can implement
many functions highly dependent on the implementation of the prosthesis. It could perform functions
like edge detection or face recognition [8]. Moreover, the VPU adapts the information in such a way
that it can be transferred to the patient by the last part of the system. The last part of the system can
be implemented in many ways. One way is through electrical stimulation. Several locations along the
visual pathway as target for electrical visual stimulation are suggested in literature: the retina, optic
nerve, LGN or primary layers of the visual cortex (see Figure 1.3) [9]. In some other approaches the
visual information is converted into other sensory information, for example auditory [10] or tactile [11]
information, that can be sensed by blind patients. An implantable neurostimulator can be used for
electrical stimulation of the visual pathway. The stimulator transfers visual information from the VPU to
the visual pathway with electrical signals through electrodes.

This thesis aims for the stimulation of the visual cortex, which has several advantages over other
implementations. First of all, the visual cortex has more space available to implant large numbers of
electrodes than the other locations [9]. Moreover, this approach can treat blindness caused anywhere
along the visual pathway because the last stage is being stimulated. Other approaches are limited in the
causes of blindness that can be treated. For example, diseases beyond the retina such as glaucoma
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Figure 1.3: Common approaches of visual electrical stimulation. Figure taken from [9]

can not be treated using a retinal implant [12]. Last, the implantation procedure of cortical electrodes
is more straightforward than for electrodes at the retina or LGN [9].

Cortical stimulation: intracortical vs surface stimulation
In the cortical approach, neurons located in the primary visual cortex are stimulated in order to create
small light dots, called phosphenes, in the visual field [13]. The evoked phosphenes can be mapped
onto a map of the visual field [12]. The combination of multiple phosphenes could create an artificial
pixelized vision [14]. Layer 4c of V1 is the target area for cortical visual prostheses, as it is the first
cortical stage of visual information in which abstraction of the signals is still low [2]. In order to electrically
stimulate neurons in layer 4c, generally two approaches are considered: cortical surface stimulation
and intracortical stimulation. In cortical surface stimulation, planar electrodes are placed along the
surface of the visual cortex, whereas for intracortical stimulation, electrodes are at the tip of penetrating
needles, such that they are located at the 4th cortical layer approximately 1.5mm into the cortex [15].
Both approaches are illustrated in Fig. 1.4.

Figure 1.4: Illustration of (left) cortical surface stimulation and (right) intracortical stimulation.

An advantage of surface electrodes is that their implantation will lead to less damage to brain tissue.
However, a major disadvantage is that stimulation amplitudes needed to reach neurons in layer 4
are three orders of magnitude higher than for penetrating electrodes [2], which might evoke multiple
phosphenes for one electrode, cause cross-talk between electrodes or lead to epileptic seizures [16].
Therefore, penetrating electrodes are preferred for this application [15].
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Intracortical Stimulation Challenges
Stimulation of the visual cortex using intracortical electrodes imposes a few big challenges to the design
of the implantable stimulator.

First of all, the resolution of the artificial vision depends on the number of stimulation channels. As
will be explained later, a stimulation channel can be created using one or more electrodes. Each active
channel should be able to elicit one phosphene; thus increasing the number of stimulation channels
increases the number of pixels in the artificial vision [17]. Although literature suggests that 625 pixels
are enough to provide functional vision to perform everyday tasks [18], it is expected that future visual
prostheses will have more than 1000 channels.

Furthermore, the power consumption of stimulating a high number of channels for multiple hours
per day omits the possibility of a battery-powered stimulator as the battery would be too big to be
implanted inside the skull. Therefore, some form of wireless power transfer to the implanted device
will be required. The transfer of sufficient power is a technological challenge behind the scope of this
project, but it could be a limitation to the number of channels that can be stimulated simultaneously.

Last, the level of excitation required to evoke a phosphene is, among other things, dependent on the
electrode impedance and placement of the electrode [19]. This does not only differ between channels,
but also over time [19]. Therefore, the intensity of each channel should be controllable separately.

1.1.2. Electrical Neuromodulation
In the previous section, the case for a visual prostheses has been introduced. There it was explained
that electrical signals applied to electrodes could evoke phosphenes. In order to evoke phosphenes,
neurons need to be activated. The electrochemical (a combination of both electrical and chemical
signals) nature of our nervous system makes the activation of cells by means of electrical signals
possible.

Nerve cells are enclosed by a membrane. This membrane contains ion-channel proteins that fa-
cilitate the flow of ions (a.o. potassium and sodium) in and out of the cell. The presence of different
concentrations of ions on both sides of the cell membrane causes a potential difference across the
membrane, called the membrane voltage 𝑉 . The ion-specific permeability of the cell membrane is
dependent on 𝑉 . At rest, 𝑉 is kept around −70mV [20]. If the membrane voltage is changed to
a certain threshold, an action-potential is initiated. The action-potential is an all-or-nothing reaction
during which the flow of ions through the membrane increases immensely for a short period. An action-
potential travels along the axis of the nerve cell, the axon. At the end of the axon, the arrival of an
action-potential can lead to the release of neurotransmitters into the synapse, which is a gap between
the axon terminals of the transmitting neuron and the dendrites of the receiving neuron. Neurotransmit-
ters are chemicals used to activate or inhibit the receiving (post-synaptic) nerve cell [4]. In case of cell
activation, an action-potential will be created in the post-synaptic nerve that leads to signalling to other
neurons. Thus, the cells use chemical recipients to cause electrical signals. The signalling between
neurons is illustrated in Fig. 1.5.

Figure 1.5: Signalling between neurons at the synaptic cleft using neurotransmitters [21].
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Since sodium and potassium ion-channel proteins are voltage-gated, themembrane voltage of a cell
can be modulated by applying external electrical stimuli. One way of doing so is by sending electrical
pulses to polarizable electrodes in the proximity of said cells. Polarization of the electrodes leads to an
electric field. The electric field exerts a force on ions, causing charge redistribution in the tissue. The
charge redistribution leads to a change in 𝑉 , which can activate or inhibit nerve cells. The mechanisms
of charge transfer during stimulation are highly non-linear; However, the linearized electrode-tissue
interface (ETI) model depicted in Fig. 1.6 can be used as a first-order approximation of the charge
transfer [22]. This model consists of three components: tissue resistance 𝑅 , a double layer capacitor
𝐶 , modeling the capacitive electrode/electrolyte interface and 𝑍 , modeling faradaic charge
transfer from the electrode to the tissue through redox reactions. Faradaic charge transfer through
𝑍 is non-reversible and could lead to tissue or electrode damage [22], thus should be kept
minimal for safe stimulation.

Figure 1.6: Electrical model of the electrode-tissue interface in a two-electrode configuration. The two contact points are the
electrode contacts to the circuit, represents the resisitve tissue impedance, the capacitive electrode/electrolyte interface
and models faradaic charge transfer from the electrodes to the tissue through redox reactions.

Whether a stimulation pulse leads to the activation of a cell depends on both the strength and dura-
tion of the pulse. This dependence is illustrated with the strength-duration and charge-duration curves
(Fig. 1.7) [20]. The rheobase current (𝐼 ) is the minimum stimulation intensity which theoretically, with
an infinite long pulse, could lead to an action potential. The chronaxie time (𝑡 ) is the pulse width
required for activation at an intensity of 2𝐼 . Both curves can be obtained experimentally and are
dependent on tissue properties such as the thickness of the cell membrane [20].

Figure 1.7: Example plots of (a) the strength-duration curve and (b) charge-duration curve. The rheobase current ( ) is the
minimal current needed to reach an action potential [22].

There are two conventional methods of electrical stimulation used to apply pulses to the tissue: Cur-
rent mode stimulation (CMS) and voltage mode stimulation (VMS). Other types of stimulation, such as
charge mode stimulation, do exist but will not be covered here. Stimulation pulses are typically bipha-
sic, consisting of two consecutive phases with opposite polarity. During the first phase, or activation
phase, an electric field is applied in order to initiate an action potential. The second phase, the reversal
phase, is used to reverse the accumulated charges at the ETI. A short delay between the two phases,
an interphase delay, can be introduced to enhance the efficacy of the stimulation [23]. Monophasic
pulses could also be used, but for repetitive stimulation pulses this would lead to a voltage built up over
the ETI that could harm the tissue and electrodes [22].
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In VMS and CMS, a square biphasic voltage or current pulse is applied to the electrodes. The
transient waveforms of both stimulation methods are depicted in Fig. 1.8. In CMS, the slope of voltage
increases as the current is kept constant. The slope of the voltage is caused by charge accumulation
at the double layer capacitance 𝐶 . Similarly, the voltage is constant in VMS, while the stimulation
current decreases. For cell activation it is important to control the amount of charge applied during the
pulse. In CMS, the total amount of charge injected during the first phase is equal to 𝐼 𝑡 and
thus independent of the tissue impedance. In VMS, the amount of injected charge is dependent on the
non-linear ETI impedance. The control over the injected charge makes CMS a favoured method for
most applications [24].
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Figure 1.8: Current and voltage transients during (a) CMS and (b) VMS.

Accurate control of charge in CMS comes at the cost of power efficiency. Here, efficiency of the
stimulator is considered to be 𝜂 = . In VMS power is transferred from the supply directly into the
tissue, while in CMS the current source dissipates power as well, degrading power efficiency [24]. The
power dissipated by the tissue and current source during a CMS pulse with a constant supply voltage is
depicted in Fig. 1.9. Especially in multi-channel systems where tissue impedance and required intensity
are different from channel to channel this leads to inefficient stimulation [25]. In that case the voltage
source has to accommodate the worst case channel and consequently the power efficiency of all other
channels is affected.

Figure 1.9: Power dissipation in the current source during current mode stimulation (grey area) causes inherent inefficiency of
this method [26].
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Although VMS does not suffer from power conversion losses, the lack of charge control can lead
to unsafe situations for both the tissue and electrodes. To ensure safe stimulation, too much charge
accumulation at the capacitive electrode/electrolyte interface should be avoided because the presence
of non-reversible reactions through 𝑍 increases with depolarization of the electrodes [22]. An
important limit for the voltage over 𝐶 is the water window. This threshold is the voltage at which
oxidation and reduction of water through electrolysis occurs. If the water window is exceeded, the
charge transfer will primarily consist of non-reversible oxidation reactions damaging both the electrodes
and the tissue [22]. It is important to notice that for much lower voltages, non-reversible reactions
already occur. Therefore, a voltage much lower than the water window is often considered as a safety
window for the electrode voltage. Furthermore, due to the presence of non-reversible faradaic reactions,
even a perfectly matched biphasic pulse will lead to a residual voltage at the tissue interface. This is
illustrated in Fig. 1.10, where a perfectly matched biphasic current pulse is applied to an ETI model with
and without considering the faradaic impedance. For repetitive stimulation pulses, residual charge can
build up to the point where the safety threshold is exceeded. Consequently, charge balancing methods
are required to prevent charge build up in order to keep the residual voltage in between safety limits.

In conclusion, charge control is very important for both stimulation efficacy and safety. VMS has
good power efficiency, but should be used with care because of the lack of charge control. CMS on the
other hand has good charge control but generally has lower power efficiency. Even with precise charge
control of CMS, charge balancing techniques are important to ensure long term safety of stimulation.
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Figure 1.10: Potential waveform on the capacitive double layer during a CMS pulse for different charge-transfer mechanisms; (a)
Transient during capacitive charge transfer. (b) Transient for reversible faradaic reactions. (c) Non-reversible faradaic reactions
cause charge imbalance after a perfectly charge-balanced current waveform. Figures reproduced and adapted from [22].

1.2. Problem Statement & Research Questions
Intracortical visual prostheses are under development in order to treat patients with severe loss of vi-
sion. For the development of such devices an implantable neurostimulator capable of stimulating 1000
or more channels is needed. When stimulating this many channels in a wireless powered system, it
is crucial to minimize power consumption of stimulation [27]. The duration and charge of a stimulation
pulse need to be controlled precisely with high power efficiency of the stimulation source for effective,
safe and efficient neurostimulation. Conventional stimulation methods have disadvantages for multi-
channel stimulators: Current mode stimulation has low power efficiency in multichannel configuration
and the charge injected in voltage mode stimulation is dependent of channel impedance. In the appli-
cation of intracortical visual stimulation, channel impedance varies both in location and over time. Even
with accurate charge control, repetitive stimulation can lead to unsafe situations. Therefore, a charge
balancing scheme should be used to ensure minimal residual voltage at the electrode tissue interface.
Considering all the above, the main research question of this thesis is defined as follows:

How can stimulation pulses be delivered to multiple intracortical microelectrodes in a safe
and efficient manner to effectively evoke phosphenes?
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1.3. Report Outline
The rest of this report is organized as follows; First, a literature review on intracortical visual stimulation
and state-of-the art multi-channel stimulation is presented in Chapter 2. Then, both system and circuit
level design of the proposed system along with a proof of concept printed circuit board (PCB) imple-
mentation are discussed in Chapter 3. Following that, the system is validated using simulations and
measurements on the PCB in Chapter 4. Last of all, Chapter 5 contains a discussion and conclusion
of the presented work with recommendations for future work.



2
Literature Review

In order to find an answer to the research question, existing literature is presented in this chapter. The
chapter is divided into three parts. First, the main components of implantable neurostimulators together
with important design considerations will be covered. Second, the physiological properties of intracor-
tical visual stimulation are described. This includes stimulation parameters necessary to effectively
evoke phosphenes and the effect of parameter scaling to the physiological response. Furthermore,
electrical properties of intracortical micro-electrodes are described. The third part of this review con-
sists of a state-of-the-art analysis on stimulator implementations that focus on power efficiency and
charge controllability. At the end of this chapter, the thesis objectives and approach are stated.

2.1. Implantable Neurostimulator Design
2.1.1. System Components
The goal of an implantable electrical neurostimulator is to deliver stimulation pulses to tissue. Although
different applications require different stimulation parameters and system requirements, some essential
circuit components found in all stimulators can be distinguished. These components include telemetry,
power management, control circuits and stimulator sources. A system level block diagram of a generic
implantable neurostimulator is depicted in Fig. 2.1.

First of all, the device needs a transceiver for communication with the device from outside the body.
This can be used to transfer stimulation parameters to the device and to get measured data or system
status from the device. Next to data transfer, implantable stimulators commonly require a power link to
transfer power to the device. If the device is powered from a non-rechargeable battery only, it should
be big for longevity of the device. For devices implanted in the torso, a non-rechargeable battery can
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Figure 2.1: System level block diagram incorporating the typical system components of an implantable neurostimulator.
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sometimes be used as there is available space to implement the device. However, when designing
stimulators for the brain, total dimensions of the implant are critical as there is little space between the
brain and the skull. The battery for these devices should be small and rechargeable and thus a power
link is needed to recharge the battery.

In the power management block, incoming power is regulated for correct operation of the system.
Circuits in this block regulate voltages for the rest of the system andmanage the system’s battery. Often
the incoming AC signal from the wireless power delivery is rectified and regulated to the appropriate
voltage levels for the rest of the system. Some recent stimulator designs try to omit power conversion
losses in this part of the system by stimulating tissue directly with the incoming power signal [28].

A control block is used to manage correct operation of all other system components. Control signals
received by the wireless data link are decoded to system commands. This could include stimulation
commands or configuration of the stimulation channels. Stimulation parameters for each channel can
either be stored in a memory block or be included in the control signals over the wireless link [17].
An advantage of storing stimulation parameters on chip is that stimulation commands become shorter
and thus less data has to be sent over the wireless link. Specifically in systems with a high number
of stimulation channels or high stimulation rates, the data link can be a bottleneck to the stimulation
patterns. For such systems, on-chip memory would be beneficial. When the data link is not a limiting
factor for the system, sending stimulation parameters with each stimulation command adds flexibility
to the device. Flexibility of the stimulation parameters is often required for research purposes [17].

The last essential block of the implant is the stimulation source. The stimulation source is used to
drive electrodes and deliver stimulation pulses to the tissue. Important considerations in the design of
the stimulation source are the mode of stimulation, efficacy and safety of the stimulation signal, and
power efficiency. In Chapter 1 some design trade-offs between efficiency, safety and charge control
were already introduced. Options of dealing with the aforementioned trade-offs will be discussed in
Section 2.3.

2.1.2. Electrode Configuration
For electrical neurostimulation at least two electrodes are needed. Potential difference between the
electrodes creates an electric field that can lead to cell activation. One electrode, the working electrode,
is driven either positive (anode) or negative (cathode). The other electrode(s) is used as return path for
the current and is called the return electrode. Cell activation occurs due to tissue depolarization near the
cathode [22]. To create biphasic pulses, the stimulator should put current through the load in opposite
directions. This can be achieved with different electrode configurations as illustrated in Fig. 2.2. In
monopolar stimulation (Fig. 2.2a), one electrode is driven negative and positive with respect to a distant
reference electrode to create a biphasic pulse. This configuration requires two stimulator output drivers
coming from a positive and negative supply voltage. Monopolar stimulation has the advantage that the
same return electrode can be used for multiple stimulation channels. The area of the return electrode
is much bigger than the working electrode, resulting in negligible charge accumulation on the return
electrode. Monopolar stimulation causes a point-source electric field around the working electrode.
For bipolar stimulation, the stimulator drives two adjacent electrodes. The electric field of an electric
dipole is created between the two stimulation electrodes. As can be seen in Fig. 2.2b, a biphasic
pulse can be created from a single supply by interchanging the relative position of the electrodes in the
circuit. Single supply stimulator design is beneficial for power consumption [29]. When a dual supply
is used, bipolar stimulation doubles the voltage compliance with respect to a monopolar configuration.
Similar to bipolar stimulation, multiple electrodes can be used as cumulative return electrode. Multi-
polar electrode configuration allows for current steering techniques. Current steering minimizes cross-
talk during multichannel operation [30]. Also, the power supply of each channel can be isolated to
further reduce cross-talk [31]. For multichannel applications, a bipolar or multipolar configuration is
often preferred because of the current steering possibilities [32].
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(a) (b)

Figure 2.2: Two possible electrode configurations to create biphasic stimulation pulses. (a) Monopolar electrode configuration,
using two separate output drivers with opposite polarity to the same electrode. (b) Bipolar electrode configuration, using a single
output driver to opposite electrodes for biphasic pulses. Figures taken from [32].

2.1.3. System Level Architecture
The integration of all blocks into a complete system and the way they are connected can be done in
a few different ways. Depending on the application a choice for the best architecture can be made.
In [17], four possible system level architectures are distinguished; monolithic, remote, modular and
distributed. An illustration of each architecture is depicted in Fig. 2.3.

In the monolithic approach all system components are integrated into one chip. In this approach,
the site of stimulation determines the location of the stimulator chip. For efficient and reliable power
and data transfer, proximity and correct alignment of the chip and the outside transceivers is important.
Therefore, this architecture is not appropriate for applications where tissue deep into the body needs to
be stimulated. Furthermore, the size of the chip is determined by the area that needs to be covered by
the electrodes. This makes this architecture suitable only for applications with relatively small stimula-
tion areas. An advantage of this approach is that there is no need for interconnection between different
system parts. Interconnection between different parts is often a source for unreliability and packaging
issues [33].

Second, the remote approach separates the site of stimulation and the stimulator circuitry. The
stimulation electrodes are connected to the stimulator using leads. This approach is advantageous
because the stimulator can be placed on a location where there is enough space and proper alignment
of wireless transceivers is possible while electrodes can be placed close to target cells. This approach
is used for example in cardiac pacemakers or deep brain stimulators. When the number of stimulation
channels is high, this approach can lead to interconnection problems at the chip as each electrode is
connected separately to the chip [33].

The system is divided into multiple connected integrated circuits (ICs) in the modular approach. One
chip containing telemetry, power management and control circuits is placed at a convenient location for
power and data transfer. This chip is connected to multiple stimulation modules containing stimulation
sources and interconnection to the electrodes. This architecture is proposed in both intracortical visual
stimulator designs presented in [34] and [17]. Again, the central module can be placed close to the
outside transceiver for efficient power and data transfer. Power recovery is also done on the central
module together with general control. The required voltage levels and control signals are sent to each
stimulation module. Each stimulation module can contain multiple stimulation sources and some local
control logic. Using this architecture it is possible to cover a large area with electrodes while a single
central module is used for communication and power transfer.

The distributed architecture is similar to the modular approach, but the stimulation modules are no
longer connected to a central module. Each module has its own telemetry, power recovery and data
control circuits. This approach gets rid of wires used to connect the modules in the modular approach.
These wires can be a source for system failure and take up a lot of space when many stimulation
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Figure 2.3: Different system level architectures distinguished in [17].

modules are connected to a single central module [35]. A disadvantage of the distributed architecture is
that all modules need to be addressed separately from outside the body. Proper transceiver alignment
with each individual module can be impractical. Also, the telemetry and power recovery circuits will
increase the size of each module.

2.2. Intracortical Visual Stimulation
Although there is no commercially available intracortical visual stimulator yet, numerous studies have
investigated the possibility of such devices in clinical trials. As such, these studies have developed a
large body of knowledge about important stimulation parameters for effectively evoking phosphenes.
Also, microelectrodes for intracortical stimulation have been developed and accepted for clinical studies.
Electrical properties of these electrodes indicate output requirements for the implantable stimulator.

2.2.1. Phosphene Generation
Repetitive biphasic current pulses are commonly used to stimulate the visual cortex. The amount
of current necessary to evoke a phosphene is called the phosphene threshold [12]. The effect of
varying waveform parameters on phosphene thresholds have been researched extensively [12, 13, 36].
Not only waveform parameters, but also electrode placement, size and material influence phosphene
thresholds. The waveform parameters of a biphasic square pulse are illustrated in Fig. 2.4. First of all,
the polarity of the pulse is indicated by the polarity of the first phase. This can either be anodic first (AF)
or cathodic first (CF). In an anodic phase, the potential at the electrode is driven positive with respect
to a reference electrode, while during a cathodic phase the electrode-potential is driven negative. In a
biphasic pulse, the second phase will have the opposite polarity with respect to the first phase. Second,
the phase duration of both phases is indicated with 𝑡 and 𝑡 respectively. The phase duration of
both phases does not have to be equal. As mentioned earlier, an interphase delay is often applied
to improve the efficacy of the stimulation. The interphase delay is indicated with 𝑡 . For effective
stimulation, a burst of pulses or pulse train is being applied to each channel. The pulses in the burst
are applied at a frequency of 𝑓 (= ). As can be observed in Fig. 2.4, the interpulse delay 𝑡
can be derived as 𝑡 -𝑡 -𝑡 -𝑡 . Last, the amplitude of the pulse is indicated with 𝐼 or 𝑉 .
In CMS, the amplitude and phase duration are commonly selected in a way that the applied charge in
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both phases is equal, e.g. (2.1) holds.

𝐼 , 𝑡 , = 𝐼 , 𝑡 , (2.1)

Figure 2.4: Illustration of the variable stimulation parameters of a biphasic waveform.

Inconsistency in stimulation parameters and electrodes as well as differences between patients
makes comparison of reported phosphene thresholds difficult. Nevertheless, some conclusions can
be drawn from studies relating phosphene thresholds to variations in stimulation parameters. First
of all, phosphene thresholds are systematically lower for CF stimulation than for AF stimulation [13].
Stimulation frequencies between 100Hz to 200Hz are most effective for visual stimulation [12]. For
frequencies below 150Hz, a decrease in frequency results in a higher phosphene threshold, while for
frequencies above 150Hz the threshold is not affected by frequency change [13]. Second, a phase
duration ranging from 10µs to 1000µs has been shown to be effective [12], with a decreasing threshold
for increasing pulse duration. However, usually a phase duration around 200µs is being used for visual
stimulation [13, 37–39]. Last, an increase in train length causes a decrease in phosphene thresholds
[12, 13]. Typically, a train duration of 125ms to 300ms is used [13, 37–39]. As can be seen, a wide
spread of waveform parameters are being used for visual stimulation. Although thresholds as low as
5 nC (25µA for 200µs) have been reported in [13], currents up to 100µA are being used in physiological
studies [34, 37]. This diversity of waveform parameters requires flexibility in the stimulator in order to
facilitate clinical trials [17]. A list of typical waveform parameters can be found in Table 2.1. These
parameters will be used to establish the system requirements of the stimulator later on.

Table 2.1: List of typical waveform parameters used in cortical visual stimulation studies.

Parameter Typical value

Polarity CF
𝑓 200Hz
𝑡 200µs
𝐼 1µA–100µA
Train duration 125ms–300ms

2.2.2. Intracortical Microelectrodes
Next to the waveform parameters, the system requirements depend on the type of electrodes that need
to be driven with the device. Complications with surface electrodes motivated the development of an
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array of penetrating electrodes for intracortical stimulation, the Utah Electrode Array (UEA) [40]. The
geometry of the UEA allows the electrodes to be penetrated into the cortex, close to the target neu-
rons. By doing so, the current threshold for evoking phosphenes is decreased enormously [40]. This
decrease in amplitude also allows the electrodes to be placed closer to each other, thereby increas-
ing the stimulation resolution [41]. A consequence of miniaturizing electrodes is the increase in their
impedance. For intracortical micro-electrodes, impedances ranging from 50 kΩ up to a few hundred
kΩ can be expected [19, 42–44], while the impedance of surface electrodes is typically around 10 kΩ.
Although the injected charge should be independent of the electrode impedance, the required supply
voltage is dependent on the impedance. The linearized model of the ETI depicted in Fig. 1.6 will be
used during the design phase of the system and initial testing. Based on impedance measurements
presented in [19, 43] and electrode characterization presented in [45], the values listed in Table 2.2 will
be used to model the electrode tissue interface.

Table 2.2: List of model parameters that will be used to model the electrode tissue interface of intracortical microelectrodes.

Parameter Value

𝑅 50 kΩ–150 kΩ
𝐶 10nF–100nF
𝑍 >1MΩ

The listed model values will be used as a guideline for the system requirements. The impedance
characteristics of each channel will depend onmany conditions such as electrode placement, variances
in the manufacturing process or scar tissue encapsulating the electrode. Also the impedance of im-
planted electrodes will change over time [37]. Moreover, development of stimulation micro-electrodes
could decrease the impedance and increase the capacitance of future electrodes. Therefore, the
system will be designed such that the operation is largely independent of the electrode impedance
and could simply be modified when the development of new electrodes facilitates lower electrode
impedances.

2.3. State-of-the-Art
Several research groups around the world have been developing multi-channel intracortical stimulators
[15, 17, 46]. In each of these full system implementations, the stimulator output is implemented with
a current mode stimulator. As explained in Chapter 1, this leads to inefficient multichannel stimulation.
The power efficiency of current mode stimulation could be improved by minimizing the voltage drop
over the current source. On the other hand, the addition of charge control to voltage mode stimulators
would make the method both safe and efficient. An overview of state-of-the-art stimulator designs that
tackle the disadvantages of both techniques will be presented below. Furthermore, an overview of
state-of-the-art charge balancing techniques is given.

2.3.1. Efficiency in Current Mode Stimulation
When current mode stimulation is being used, the stimulators efficiency can be improved by minimizing
the power consumption of the current source. The following stimulators are designed for efficient current
mode stimulation.

First of all, [25] presents a current mode stimulator that is based on a high frequency unfiltered
DC-DC buck-boost converter. An inductor is charged using the supply voltage and discharged over the
tissue in a rapid sequence. The output voltage of the DC-DC converter follows the voltage needed for
the stimulation signal. In [47], this design is implemented into an 8-channel stimulator by interleaved
stimulation which is possible due to the high-frequency property of the waveform. The presented design
has a high efficiency compared to current mode stimulators; however, the stimulator requires an off-
chip inductor, which compromises area and implantability. Even if the system could be improved in
order to stimulate up to one hundred channels with one inductor, a visual prosthesis would still require
multiple off-chip inductors. Off-chip components are bulky and will increase the size of the stimulator.
Moreover, bond pads connecting the components to the chip are fragile and thus affect the reliability of
the system.

Second, [48] uses a technique called dynamic voltage scaling (DVS). A DC-DC converter with
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switched capacitor output is used to create four different voltage levels, which can be switched ac-
cording to the needed voltage at the output. Similarly, the design of [49] uses charge pumps to create
a dynamic supply voltage with steps of 0.5mV. The circuit automatically increases the voltage head-
room when the current source is not in saturation.

Last, [50] and [51] present adiabatic stimulator designs. Adiabatic stimulator design is the optimal
form of dynamic voltage scaling. The voltage steps are minimized and the output voltage is followed
accurately in order to minimize the power consumption of the current source.

The efficiency of current stimulation using dynamic voltage supplies is illustrated in Fig. 2.5. Al-
though the power efficiency of the output stage might improve significantly using DVS, there are some
drawbacks in this approach. First, there is a trade-off between power and area. As illustrated in Fig. 2.5,
the power efficiency is inversely proportional to the number of steps in the voltage supply. The capac-
itors used to create voltage steps make the implementation generally bulky. Moreover, the dynamic
voltage supply does not solve inefficiency of multichannel current stimulation. Still, the supply voltage
has to accommodate the worst case channel impedance, making all other channels inefficient. This
could be solved by creating a dynamic supply for each channel separately, although this will cost a
lot of area. Last, the implementation of an adiabatic design is only beneficial when the voltage slope
at the ETI is significant during the stimulation pulse [26]. Properly designed stimulation electrodes
should have a high charge-injection capacity which decreases the voltage slope during stimulation [52].
Therefore, it is to be expected that technological advances in micro-electrode design diminishes the
advantages of dynamic voltage supplies.
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Figure 2.5: Power consumption of the current source in current mode stimulation (grey area) for (a) a constant supply voltage
and (b) a stepped supply voltage.

2.3.2. Charge Control in Voltage Mode Stimulation
Voltage mode stimulation is fundamentally more efficient but the stimulation intensity is dependent on
the channel impedance. The stimulator designs presented below have implemented ways to control
the stimulation intensity for voltage mode stimulation.

A voltage mode stimulator based on the principle of a switching regulator was introduced in [53].
The design aims to limit the voltage built up over the double layer capacitance. Short voltage pulses are
applied to the electrode and after each pulse, the voltage at the interface is compared to a reference
voltage. In between the pulses, the voltage over 𝐶 can be measured directly across two electrodes
since there is no voltage drop across the resistive part of the tissue. When the measured voltage is
below the limit, a consecutive pulse is applied. When the limit is exceeded, the stimulation will pause
for one time period after which the voltage is measured again. This method results in a stimulation
signal depicted in Fig. 2.6. Even though this method ensures that the electrode voltage stays within
safe limits, the charge injected during stimulation is not monitored and thus still unknown.

Moreover, voltage mode variants on adiabatic stimulators have been developed. In the CMS adia-
batic designs, a current source was used which was kept at the edge of saturation by scaling the driving
voltage. In [26], the current source is omitted and the stepped voltage signal is applied directly to the
tissue. The resulting stimulation current looks like a rippled constant current waveform as depicted in
Fig. 2.7; however, the actual waveform depends heavily on the channel impedance. As a consequence,
the resulting injected charge is still unknown. [54] presents an adiabatic design in which the current
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Figure 2.6: Output voltage waveform of the switched-voltage regulator stimulator presented in [53], where is the stimulation
voltage and is the voltage on the capacitive double layer.

source is replaced with a current monitor. Based on the measured current, the voltage to the electrode
is adapted. This design has an increased power efficiency compared to the CMS variant because there
is no voltage drop over the current source anymore. However, disadvantages for multichannel imple-
mentation still apply as the system is only efficient for the worst case channel. In order to efficiently
stimulate in a multi-channel system, multiple adiabatic sources will be needed which increases chip
area.

Figure 2.7: Theoretical rippled output current of the stimulator design presented in [26].

Last, an Ultra High Frequency (UHF) Switched Voltage stimulator was introduced in [55]. In switched-
mode stimulation, the tissue is being stimulated using high-frequency pulse width modulated voltage
waveforms. The pulse width modulation (PWM) allows control over the average output voltage: 𝑉 =
𝛿𝑉 , where 𝛿 is the duty cycle of the signal. A pulse width modulated biphasic pulse is illustrated in
Fig. 2.8. PWM is an efficient power conversion method. When the pulse is high, power is transferred
from the supply directly into the load. When the pulse is low, there is no current flow and thus the
power consumption is zero. Theoretically, this could lead to a power conversion efficiency of 100%.
However, modulation of the voltage introduces switching losses which decrease practical conversion
efficiencies of this method. In power converters, the output of a PWM DC-DC converter is low-pass
filtered to create a constant output voltage. In [56], it has been shown that tissue properties can be
used as the output filter for this application. To show this, the axon cable model depicted in Fig. 2.9 was
considered. A voltage 𝑉 applied to the electrode placed at distance 𝑑 , results in an attenuated
voltage V(𝑑 ) at the cell membrane described by (2.2) [20], where 𝑅 is the tissue resistance and 𝜎
the extracellular conductivity. Here, a linear and homogeneous tissue is assumed for simplicity.

𝑉(𝑟) = 𝑉
4𝜋𝜎𝑅 𝑟 (2.2)

In Fig. 2.10, the resulting membrane voltage for a UHF voltage pulse and a constant current pulse
(𝑉 = 𝐼 𝑅 ) with a comparable amplitude are compared [56]. As can be seen, the membrane acts
as a low-pass filter and the UHF stimulation is able to depolarize themembrane in a comparable manner
as the constant current pulse. Using tissue properties as output filter introduces the advantage that no
filtering components are required in the stimulator circuit, resulting in a simple and small design.

The efficacy of switched stimulation has been proven in [56]. However, the long term effects of a
pulsed waveform have not yet been investigated and should be considered before implementation in
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Figure 2.8: PWM modulated voltage mode stimulation waveform.

Figure 2.9: Axon cable model with the electrode modeled as a point source [55].

a commercial device.

2.3.3. Charge Metering
Although the switched mode voltage stimulators presented in the previous section add control to the
stimulation intensity during voltage mode stimulation, the injected charge during stimulation is still un-
known in both implementations. The injected charge can be measured by integration of the stimulation
current. A capacitor is used as integrating component in most integrators [57]. The injected charge is
represented by the voltage over the capacitor as described by (2.3).

𝑉 = 1
𝐶 ∫ 𝑖 𝑑𝑡 =

𝑄
𝐶 (2.3)

A simple implementation of a current integration uses a sensing capacitor in series with the tissue [58,
59]. A disadvantage of this implementation is the voltage drop over the capacitor, limiting the headroom
of the stimulator. In order to keep the voltage drop low, the capacitor value could be increased; however,
the capacitor values required for stimulator parameters are often too big for integration on a chip [60].
Off-chip capacitors increase the total volume of the system dramatically, making this method unpractical
in most stimulation applications. The design presented in [60] uses a small capacitor and a digital
counter to measure the injected charge. The capacitor is used to sense a small packet of charge,
𝑄 . A digital counter is used to record the total amount of charge packets delivered to the tissue.
This allows the design to have a low voltage drop while using a small capacitor. Also, the digital output
of this method is beneficial for integration of the measured charge in the digital control.

Another possible implementation of a low voltage drop current monitor is a shunt resistor in series
with the tissue [61]. The voltage across the resistor represents the real-time stimulation current. The
voltage is integrated using an active voltage integration circuit, resulting in the injected charge. The
disadvantage of this implementation is the active circuit that requires area and power. Moreover, the
implementation suffers from sampling and gain errors.

Last, instead of directly integrating the stimulation current, a copy of the stimulation current can
be used [57]. Copying the stimulation current using a current mirror allows for current scaling before
integration. This can be beneficial in applications requiring a high dynamic range in the injected charge.
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Figure 2.10: Simulation of the membrane depolarization caused by a UHF voltage pulse compared to a constant current pulse
[56].

Furthermore, the direction of the integration current can be reversed while the stimulation current is
constant. This is used in the design of [57] to create a periodical signal for integration.

In conclusion, although direct current integration using a capacitor offers the most accurate charge
measurement, the required size of the capacitor makes it impractical for neurostimulators. To decrease
the size of the capacitor, sampling of multiple charge packets can be used. However, sampling errors
decrease the accuracy of measured charge. Thus, this implementation is a trade-off between area and
accuracy. The other proposed implementations require active circuitry or a copy of the current, which
increases the power consumption of the measurement. Also, sampling errors are present in both
methods. Therefore, sampling charge packets on a small capacitor is the preferred implementation for
small area, low power charge metering.

2.3.4. Stimulation Safety: Charge Balancing
The first and most common approach of charge balancing is the addition of a passive charge balance
phase to the stimulation waveform. During passive charge balancing, both electrodes are connected
to the same potential after a stimulation pulse [22]. This leads to the removal of any residual charge
at the electrode interface. However, the rate of discharge depends on the time constant 𝜏 , which is
mostly determined by 𝑅 𝐶 . Particularly in applications using micro-electrodes (high impedance), the
time constant will limit the discharging capabilities of this method [62]. Therefore, the passive charge
balancing method should only be used for applications with small charge mismatch and low electrode
impedances or in combination with other charge balancing techniques.

For applications where passive discharge is insufficient, active approaches should be implemented.
Active charge balancing techniques presented in literature can be divided into three categories. In the
first category, an active charge injection phase is added after the stimulation waveform. This idea was
first introduced in the pulse insertion method of [63]. In the pulse insertion method, a measurement of
the tissue voltage after stimulation is done. Based on the voltage, a short current pulse with opposite
polarity is inserted. The insertion of pulses is repeated until the measured tissue voltage is inside
predefined safety margins. The operation of the pulse insertion method is illustrated in Fig. 2.11a.

The second category of active charge balancing adapts the stimulation waveform based on the
imbalance measured in preceding waveforms. For example, the circuit presented in [64] samples the
electrode voltage after one stimulation pulse. Based on the sample, either the amplitude or phase
duration of the second phase of following pulses is adjusted. The closed loop design converges to
a stimulation pulse after which no residual charge is left over. The resulting waveform is depicted in
Fig. 2.11b. Similarly, the closed loop system presented in [65] adjusts the stimulation parameters to
minimize the charge error. Moreover, in the offset-regulation method presented in [62], an offset current
is added to the stimulation current to minimize the charge imbalance. The design in [66] combines
pulse insertion with waveform adaptation. After the first stimulation pulse, multiple insertion pulses are
needed to reach charge balance. Adaptation of the stimulation parameters minimizes the number of
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insertion pulses required for following stimulation pulses.
In the last category of active charge balancing, the second stimulation phase is combined with

the charge balancing phase. The stimulation waveform in both [67] and [68] has a pulsed anodic
phase. In between the pulses, the tissue voltage is sampled until the desired safe region has been
reached. The resulting waveform is illustrated in Fig. 2.11c. An advantage of this method is that it
prevents overcompensation of the injected charge during the second phase. In voltage stimulation, this
is especially important to prevent the electrode potential from exceeding the safe limits [68]. Moreover,
this makes the stimulation waveform more efficient because both overcompensation in the second
phase and restoration thereof is a waste of energy in the first two categories.

In conclusion, charge balancing can be implemented with both passive and active schemes. The
passive method is often not fast enough for systems using micro-electrodes and high repetition frequen-
cies. Therefore, active charge balancing techniques are required to rapidly bring the residual voltage to
a safe limit. The safety window for residual voltage is often considered to be ±50mV [69] or ±100mV
[70]. A small amount of leftover charge after active charge balancing can be removed using a passive
charge balancing period.

(a) (b) (c)

Figure 2.11: Illustration of the three categories of active charge balancing presented in literature. (a) Pulse-insertion: applying
short stimulation pulses after the second stimulation phase, based on the sampled residual voltage. (b) Waveform adaptation:
Based on the sampled residual voltage, waveform parameters (phase length or amplitude) of successive pulses are adapted.
(c) A priori charge balancing: Active charge balancing is combined with the reversal phase of stimulation to prevent overcom-
pensation of injected charge.

2.3.5. Multi-Channel Stimulation
The application of this project requires a multi-channel stimulator, meaning that multiple electrodes
need to be stimulated at the same time. In that way, a pixelized vision could be created. There are
several ways to achieve multi-channel stimulation, as will be shortly discussed below.

First of all, each channel could have its own stimulation source. The full system implementations
presented in [15] and [46] contain a separate current source for each output channel. As a current
signal is not easily distributed to parallel channels, this implementation will often be required for current
mode stimulators. Also, for safe voltage mode stimulation, each channel will need to have its own
charge monitor.

Another possibility is to group multiple electrodes to one stimulation source. In this implementation,
it is not possible to stimulate all output electrodes at the same time; however, it might not be necessary
for the application to do so. The intracortical stimulator presented in [17] consist of stimulation modules,
each module is connected to 16 electrodes and can stimulate a maximum of four channels at the
same time. The stimulator presented in [71] connects five current sources to twenty electrodes. The
system is able to deliver spatio-temporal patterns to the electrodes: each stimulation source delivers
stimulation pulses to multiple electrodes in an interleaved fashion. As can be seen from the typical
stimulation parameters presented in Table 2.1, interleaved stimulation is possible for intracortical visual
stimulation. When stimulation pulses of 500 µs (biphasic pulse with interphase delay) at a frequency of
200Hz (𝑡 = 5ms) need to be stimulated at each channel, up to ten electrodes can be connected to
each stimulation source.

Last, a single stimulation source could be used to stimulate multiple channels in parallel. The current
mode UHF switched stimulator presented in [25] is capable of interleaving UHF pulses to multiple
channels. However, this way of interleaving comes at the cost of reducing the pulse frequency which
might affect the efficacy of the system.

To conclude the state-of-the-art analysis, a qualitative comparison of the discussed stimulationmeth-
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ods is presented in Table 2.3. In this table, the charge balancing column is an assessment of the
possibility to combine each stimulation method with active charge balancing methods discussed in
Section 2.3.4.

Table 2.3: Comparison of the improved stimulation methods regarding efficiency, safety (charge control and prospect for charge balancing)
and size.

Stimulation Method* Multi-channel Efficiency Charge Control Size Charge Balancing Implemented in

UHF CMS + + - ++ [25, 47]
DVS CMS - + - + [48–51]
DVS VMS - - - + [26, 54]
UHF VMS + - + ++ [55]

*UHF = ultra high frequency, CMS = current mode stimulation, DVS = dynamic voltage scaling, VMS = voltage mode stimu-
lation.

2.4. Thesis Objectives & Approach
Based on the literature presented in this chapter, it is hypothesized that the combination of the UHF
switched voltage stimulation method and an appropriate charge sensing method could lead to an effi-
cient, safe and implantable multi-channel stimulator. The UHF stimulation technique is promising for
the visual cortex stimulator for the following reasons:

• Pulse width modulation allows for stimulation intensity control on each channel without affecting
stimulation efficiency of other channels.

• The pulse width modulated waveform benefits from efficiency of voltage mode stimulation.

• The stimulation pulse is divided into small pulses injecting small amounts of charge for each pulse.
An on-chip capacitor could be used to sense the injected charge during each pulse.

• Adjustment of the duty-cycle could be used to control injected charge.

• As the stimulation waveform is already pulsed, charge balancing can be integrated into the second
stimulation phase as was done in [67].

The objective of this thesis is to come to a system design to validate this hypothesis. A multi-
channel UHF voltage stimulator using a novel charge monitoring circuit will be designed. Furthermore,
the system will make use of an active charge balancing scheme to ensure stimulation safety.



3
System Design: Charge Controlled UHF

Voltage Multi-Channel Stimulator
This chapter describes the design process of the proposed stimulator circuit. First, system level design
considerations for the implantable neurostimulator are covered. Based on these considerations, a
stimulation source capable of multi-channel intracortical stimulation is designed. Finally, the circuit is
implemented on a printed circuit board (PCB) for validation.

3.1. Intracortical Visual Stimulator Design
3.1.1. System Level Architecture
The application of intracortical visual stimulation requires a system that stimulates many electrodes
covering a large area. As has been discussed in Chapter 2, either a modular or distributed system
level architecture is most suitable in this situation. For both architectures, electrodes will be distributed
over the visual cortex by means of stimulation modules. A disadvantage of the modular approach is
the necessity for interconnections between the stimulation modules and a central module. Movement
between the modules will cause stress on the leads, possibly causing system failure. On the other
hand, the use of a central module is advantageous because it can be aligned to the external system
components for optimal energy and data transfer. A distributed approach does not have interconnec-
tions between system modules, taking away an important failure mechanism. On the other hand, the
stimulation modules becomemore complex as eachmodule requires its own communication and power
regulation circuits. Furthermore, it is more difficult to position eachmodule for optimal alignment with ex-
ternal system components, which decreases power transfer efficiency and data transfer integrity. Apart
from communication, data control and power regulation, the stimulation modules are similar for both
architectures. Depending on the number of electrodes and the technique used for multi-stimulation,
each module requires a number of stimulation sources.

For this specific application, spatio-temporal multi-channel stimulation is suitable. In spatio-temporal
stimulation, multi-channel stimulation is achieved by time interleaving of channels with a single stimu-
lation source. Considering typical stimulation pulses with a duration of 500 µs at a frequency of 200Hz
(𝑡 = 5ms), a source stimulating only one single channel would not be used most of the time. The
period between stimulation pulses can be used to share the source between multiple channels. Doing
so has a number of advantages in terms of area, safety and power. First of all, only stimulation
sources capable of stimulating N channels are needed in a system with M output channels. This is
both beneficial for the total area of the circuit and for safety. Sharing resources creates design space
for the stimulator to implement monitoring and charge balance circuits which can improve safety of
stimulation. Moreover, spatio-temporal stimulation relaxes power requirements of the system. If all
channels would be stimulated synchronously using separate stimulation sources, this would demand
high peaks of power followed by an idle period of low power demand. Using spatio-temporal stimu-
lation, the total power is spread out over the period, lowering the instantaneous power requirements.
Considering the advantages described above, a stimulation source as part of the stimulation module
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used in distributed and modular architectures will be designed. For this design, it is assumed that a
constant supply voltage is available from either a central module or local power circuitry.

In Chapters 1 and 2, the importance of an active charge-balancing circuit has been illustrated. Sim-
ilar to the stimulation source, this circuit will be shared among multiple output channels. The imple-
mented active charge-balance method cooperates with the stimulation source to ensure safety, as will
be explained in Section 3.4. Again, this implementation saves chip area and power consumption of the
total system.

3.1.2. Stimulator Proposal: Charge Controlled UHF Voltage Stimulation
Based on the literature review presented in Chapter 2, it was decided to design a stimulation source
based on the UHF voltage stimulation method in [55]. However, this method lacks charge control as will
be explained below. Therefore, a novel addition to this method is proposed. The principle of operation
will be explained in this section and the design of the circuit is described in Section 3.3.

In visual stimulation, the phosphene threshold of each stimulation channel is determined during a
threshold procedure. One possible procedure to determine the threshold of a stimulation channel is to
a use fixed set of stimulation parameters (𝑡 , 𝑡 and 𝑡 ) while gradually increasing the stimulation
intensity (charge per phase) until a phosphene is perceived. The goal of this procedure is to find the
minimal stimulation intensity that leads to the perception of a phosphene for each stimulation channel.
For UHF voltage stimulation, the intensity can be scaled by changing the duty cycle of the signal. One
problem of using a fixed duty cycle is that the stimulation intensity depends on the tissue impedance.
When the threshold is determined at a certain time instance, variance of the tissue impedance over
time will change stimulation intensity causing either under- or overstimulation of the tissue. With un-
derstimulation the cell is not activated, while overstimulation causes wasted power as the same result
could be reached with less power. More importantly, overstimulation could lead to harmful situations
for both tissue and electrodes. Thus, controlling stimulation intensity using a fixed duty cycle is not
effective and possibly dangerous. Instead, a novel stimulation method with a dynamic duty cycle is
presented in this thesis: Charge controlled UHF voltage stimulation.

A block level circuit diagram of the proposed stimulator is depicted in Fig. 3.1. In the proposed
design, stimulation intensity is controlled based on injected charge instead of the duty cycle. The duty
cycle will be controlled dynamically such that the stimulation intensity does not change when the tissue
impedance changes. For this stimulation principle it is assumed that a channel with varying tissue
impedance requires the same amount of charge for successful cell activation. This assumption can be
justified by the fact that conventional current mode stimulation works in the same way: For a varying
load, the current stays constant and thus the amount of charge injected during one phase is also
constant. Furthermore, impedance changes are mostly caused by changes in the tissue surrounding
the electrode rather than changes in the target cell. Therefore, it is assumed that the strength-duration
curve of the target cell will not change with changes in channel impedance and thus a constant strength
(charge/phase) and duration will lead to cell activation.

The UHF voltage technique modulates stimulation pulses at a known switching frequency 𝑓 . For
a given phase duration 𝑡 , the stimulation source will apply 𝑁 = 𝑡 𝑓 pulses to the channel. If the
threshold charge for a given phase duration is determined to be 𝑄 , the charge injected during each
UHF pulse has to be 𝑄 = 𝑄 /𝑁 for cell activation. The proposed stimulator monitors the charge
during each UHF pulse and dynamically controls the duty cycle in order to satisfy 𝑄 = 𝑄 /𝑁 for
each UHF pulse.

3.1.3. Stimulation Source Requirements
Based on information presented up until now, the following set of requirements have been conducted
for the stimulation source:

• The source should produce biphasic waveforms with configurable parameters 𝑡 , 𝑡 , 𝑡 and
intensity. The parameters should at least be configurable to the typical values listed in Table 2.1.

• Multiple-channels should be stimulated in a spatio-temporal pattern.

• During a stimulation phase of 200µs, the system should be able to deliver 1 nC to 20 nC to the
tissue, corresponding to a stimulation current of 5 µA to 100µA.
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Figure 3.1: Block level diagram of the proposed design consisting of a modulation switch , a charge monitor Q-monitor
and a dynamic duty-cycle controller.

• The source should be able to deliver pulses to loads equivalent to the linear ETI model with 𝑅 =
50 kΩ to 150 kΩ, 𝑍 = 1MΩ and 𝐶 = 40nF.

• The duty cycle of the stimulation waveform should be dynamically controlled in order to keep the
stimulation intensity constant for a varying load impedance.

• An active charge balancing scheme should ensure safety of repetitive stimulation by ensuring a
residual voltage over 𝐶 of less than ±50mV [69].

3.2. Circuit Diagram of Proposed Design
A circuit diagram of the proposed proposed stimulation source is depicted in Fig. 3.2. The circuit con-
sists of the following components:

• Constant voltage source - Supplied by the central module or local power regulators on the
stimulation module.

• Modulation switch SWmod - Used for pulse width modulation of the UHF stimulation signal.

• Multi-channel H-bridge - By connecting one electrode to 𝑉 and one electrode to 𝑉 ,
a bipolar electrode configuration can be created. In Fig. 3.2, a stimulation channel is created
between electrodes one and two for illustration. A biphasic pulse is created by connecting the
electrodes to the opposite node for the reversal phase of the waveform.

• Dynamic duty cycle controller, Q-control - Controls the modulation switch based on the prin-
ciple introduced in Section 3.1.2.

• Charge balancing circuit -Measures the residual voltage at the ETI. Logic output goes to digital
control unit.

• Digital control - Controls the H-bridge and the duty cycle controller to create biphasic stimulation
waveforms.

Operation and design of the duty cycle controller and charge balancing circuit are described in the
following sections.

3.3. Dynamic Duty Cycle Controller
The charge control principle introduced in Section 3.1.2 requires a controller that is able to monitor the
charge during each UHF pulse and control the modulation switch 𝑆𝑊 in order to create a dynamic
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Figure 3.2: Circuit diagram for dynamic duty cycle control with active charge balancing. The charge controller controls modulation
switch . The multi-channel H-bridge control signals, and are generated by digital control.

duty cycle. This is implemented using a monostable multivibrator, which is an oscillator circuit with
one stable state [72]. Monostable multivibrators are commonly used to produce a single pulse with an
accurate duration when triggered externally. In this case, the control loop will produce a single pulse
inserting a predefined amount of charge.

3.3.1. Monostable Multivibrator Design
The operation of a monostable multivibrator can be described using the state-model representation
depicted in Fig. 3.3. Each circle represents a state of the system and an arrow between two state

0 ⊕ ⊖
(a) (b) (c)

Figure 3.3: State-model representation of a mono-stable multivibrator consisting of three states: a, b and c. The sign of the
integration signal is indicated inside the states. A circle around the integration sign indicates an auto-excitatory state. State (a)
is a stable state. The external trigger signal is required for the transition from state (a) to (b). Figure reproduced from [72].

represents a state transition. In each state, the input signal of the system is integrated with an integra-
tion constant 𝛼. The sign inside a state represents the sign of the integration constant. The output of
the integrator is described with 𝐸 (𝑡). Auto-excitatory states have a threshold value for 𝐸 (𝑡) at which
a state-transition automatically occurs. In Fig. 3.3, state (b) and (c) are auto-excitatory states. State
(a) has an integration constant of 0, which is also called a degenerated or stable state. An external
trigger is required to initiate a state-transition between states (a) and (b). The state-duration of an
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auto-excitatory state can be calculated using (3.1), where 𝐸 is the threshold value of state X.

𝑇 = 𝐸 − 𝐸 (0)
𝛼 (3.1)

If the previous state was also auto-excitatory, 𝐸 (0) will be the threshold value of the previous state.
Also, because 𝛼 is 0 in a stable state, the output value of the integrator will not change in that state.
Therefore, the state-duration in a monostable multivibrator can be accurately known with careful design
of 𝛼, 𝐸 and 𝐸 .

There are four essential functions that need to be performed in a practical oscillator[72]:

1. Integration

2. Comparison

3. Switching the sign of 𝛼
4. Memorization

In practical oscillators, the input signal is often an accurately defined constant current and integration
of the current is done using a capacitor [72]. The voltage over the capacitor is then 𝐸 (𝑡). Switching
the sign of 𝛼 is necessary in practical oscillators to be able to create periodical signals. In case of an
integrating capacitor, the output voltage would approach infinity if 𝛼 does not change sign. In practice,
this would lead to distortion of the output signal. Memorization is needed for the system to know to
which threshold value 𝐸 (𝑡) should be compared. As the system described in Fig. 3.3 has only two
threshold values (𝐸 and 𝐸 ), a single bit memory is sufficient.

3.3.2. Ideal Circuit Operation
In the proposed circuit the integration current is not constant and thus, the pulse duration will also not
be constant. Instead, a monostable circuit is used to deliver a defined amount of charge for each UHF
pulse. The timing diagram for the proposed circuit is illustrated in Fig. 3.4. In Fig. 3.5 the signals
of the control loop during a single UHF pulse are depicted. An UHF pulse is initiated by an external
trigger signal 𝑉 , triggering the SR-latch. Output 𝑄 of the latch controls 𝑆𝑊 and current starts to
flow through the tissue. A capacitor 𝐶 in series with the tissue integrates the current through the
tissue. A comparator compares the voltage on 𝐶 to a reference voltage, 𝑉 . When the reference
voltage has been reached, the comparator resets the latch. Consequently 𝑆𝑊 will open, stopping
the current going into the tissue. Also, 𝑆𝑊 is closed, causing 𝐶 to discharge. The amount of
charge applied to the tissue during a single pulse is equal to 𝑄 = 𝐶 𝑉 . During a phase of
length 𝑡 , 𝑁 UHF pulses will be applied to the tissue, where 𝑁 = 𝑡 𝑓 . Combining all above, the
total amount of charge applied to the tissue during one stimulation phase is described by (3.2).

𝑄 = 𝑄 𝑁 = 𝐶 𝑉 𝑡 𝑓 (3.2)

The trigger signal as well as the H-bridge switches are controlled by a digital control circuit in order to
create biphasic stimulation pulses with defined phase durations.

The circuit incorporates all essential oscillator functions using separate components: Current inte-
gration with capacitor 𝐶 , a comparator to compare the output of the integrator to 𝑉 , reversal of
the integration signal using switches 𝑆𝑊 and 𝑆𝑊 , and a SR-latch as a one-bit memory. Separa-
tion of the essential functions by individual components is advantageous as each component can be
optimized for its specific function [72].

The system has three states: 𝑆 , 𝑆 and 𝑆 , as indicated in Fig. 3.5. It can be represented using
the state-model of Fig. 3.3. 𝑆 is the degenerated state of the system. Switch 𝑆𝑊 prevents current
from flowing into the tissue while 𝑆𝑊 ensures 𝑉 to be 0V. The stable state is not auto-excitatory
and a state transition can only occur using an external trigger signal on the input of the SR-latch. After
an external trigger is applied (𝑉 = HIGH), the system transits to state 𝑆 . During 𝑆 , 𝑆𝑊 is open
and 𝑆𝑊 is closed, allowing current to flow trough the load and to charge up the integrating capacitor
𝐶 . Using the linearized ETI model as load, the current through the load during 𝑆 is described by
(3.3). Where 𝑉 , is the voltage built up over 𝐶 at the beginning of the pulse and 𝜏 = 𝑅 ( ).

𝐼 (𝑡) = (𝑉 − 𝑉 , )𝑒 /

𝑅 (3.3)
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Figure 3.4: Timing diagram for the proposed circuit for one biphasic stimulation pulse.

Figure 3.5: Timing diagram for the proposed control loop for a single UHF pulse. System states are indicated at the bottom.

When the integrator is chosen such that 𝐶 ≪ 𝐶 , the time constant can be approximated to 𝜏 ≈
𝑅 𝐶 . Furthermore, the integrator output during 𝑆 is given by (3.4).

𝐸 , (𝑡) =
1

𝐶 ∫ 𝐼 (𝑡)𝑑𝑡 = 𝑄(𝑡)
𝐶 (3.4)

When 𝐸 (𝑡) = 𝑉 = 𝑄 /𝐶 , the system becomes excited and a transition to the last state, 𝑆 ,
occurs. The state duration of 𝑆 , found by solving (3.4) for 𝑡, is given by (3.5).

𝑇 = −𝜏 ln(1 − 𝑄 𝑅
(𝑉 − 𝑉 , )𝜏

) (3.5)

During 𝑆 , 𝑆𝑊 is opened and thus no current will flow into the tissue. 𝑆𝑊 closes and discharges
𝐶 at a rate of 𝜏 = 𝑅 𝐶 , where 𝑅 is the on-resistance of 𝑆𝑊 . Discharging 𝐶 means
that the integration signal has switched sign and the integrator output is expressed using (3.6).

𝐸 , (𝑡) = 𝑉 𝑒 / . (3.6)

After 5𝜏 , 𝐶 is considered to be fully discharged and the system automatically transitions to 𝑆
waiting for a next trigger signal. The state duration of 𝑆 is given by (3.7).

𝑇 = 5𝑅 𝐶 (3.7)
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For correct operation of the circuit, it is important that the system has returned to the stable state before
a new trigger signal is given. Therefore, the system should be designed such that 𝑇 +𝑇 < 𝑇 = .
Also, stimulation of the tissue only happens during 𝑆 and thus for maximal stimulation capability, 𝑇
should be much smaller than 𝑇 .

3.3.3. Position of Integration Capacitor
The control loop requires an integration capacitor in series with the tissue. There are three possible
locations along the signal path for said capacitor, as illustrated in Fig. 3.6. For a monopolar electrode
configuration, all channels share a common return electrode. Location 3 makes a monopolar configu-
ration with multiple stimulation sources impossible as the integrator will sense current from all active
channels in the system. For both locations 1 and 2, a differential amplifier is required to measure the
voltage across the sensing capacitor. This adds area, power and inaccuracy to the system. Moreover,
the monopolar configuration would require a separate control loop for anodic and cathodic stimulation
phases, increasing power consumption and size of the stimulator even more. Lastly, locations 1 and 2
will suffer more from switching artifacts as one terminal of the capacitor is connected to 𝑆𝑊 . During
stimulation this switch switches the voltage between 0 and 𝑉 . Switching artifacts, including charge
injection and clock feed-through, will put charge on the integrating capacitor causing a measurement
error. On the other hand, at location 3 the capacitor is connected to ground and the side of the tis-
sue that is not switching during stimulation. In conclusion, unless a monopolar electrode configuration
is absolutely necessary for the application, location 3 is favorable for the integrating capacitor. For
multichannel stimulation, a bipolar electrode configuration has several benefits over monopolar as ex-
plained in Section 2.1.2. Therefore, the proposed circuit has a bipolar configuration with the integrating
capacitor placed at location 3. It should be noted that additional H-bridge switches around the tissue
are required for bipolar stimulation.

Vstim Vstim Vstim

1 2 3

Figure 3.6: Three possible locations for the integration capacitor in series with the tissue.

3.3.4. Circuit Implementation Non-Idealities
Up until now, ideal components have been considered to describe the system. However, real compo-
nents are non-ideal and will lead to inaccuracy of the measured stimulation charge. It is important to
identify sources of inaccuracy to consider trade-offs in the circuit design.

First of all, a delay introduced by the control loop leads to inaccuracy. This is illustrated by Fig. 3.7.
The charge error that is introduced by the delay can be calculated with (3.8).

𝑄 = ∫ 𝐼 (𝑡)𝑑𝑡 = 𝑉
𝐶 (3.8)

The severity of this error depends on the tissue impedance and 𝑇 . For decreasing tissue resistance,
𝐼 (𝑡) and thus 𝑄 increase. Furthermore, the error is a fraction of the ideal charge proportional to

. Thus, the same time delay introduces a bigger error for short UHF pulses. Additionally, the time
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delay is not constant as the propagation delay of the comparator depends on the overdrive voltage
at its input. Since the error is not constant, the system can not be calibrated to compensate for this
inaccuracy.

Figure 3.7: Output signal of the integrator for a single UHF pulse with delay caused by the control loop. The pulse should
stop when has been reached. The time delay results in a charge inaccuracy.

Second, parasitic capacitance at both sides of the tissue lead to measurement errors. Parasitics
originate from the switches and comparator inputs connected to either node. At node 𝑉 , parasitic
capacitance to ground leads to a gain error as 𝐸 , (𝑡) = 𝑄(𝑡)/(𝐶 + 𝐶 ) instead of (3.4). This error
can be compensated for by calibration of the circuit. During 𝑆 , parasitic capacitance at node 𝑉
will be charged to 𝑉 . When the system transitions to 𝑆 and 𝑆𝑊 opens, the capacitance will
discharge over the tissue. If the capacitance discharges completely, this will introduce a charge error
equal to 𝐶 𝑉 for each pulse. As the error is not tissue dependent, the system could be calibrated for
this error. Instead, if the capacitance can not discharge completely in between UHF pulses, the error
becomes unpredictable and thus can not be compensated for.

Last, switching artifacts of switch 𝑆𝑊 will cause sensing errors. When the switch opens at the
beginning of 𝑆 , clock feedthrough and charge injection cause some charge on the integration capacitor.
It is important to notice that scaling 𝐶 does not change the measurement error. In integrated circuit
technology, several compensation techniques exist to minimize switching artifacts such as the use of
dummy switches.

3.3.5. Stimulation Intensity Control
As described above, the proposed circuit is able to produce UHF pulses with a defined amount of
charge, 𝑄 . In order to control the intensity of stimulation, 𝑄 should be adjustable. Looking at
(3.2), it can be seen that three parameters can be used to scale 𝑄 independently of 𝑡 : 𝑓 , 𝐶
& 𝑉 .

Important considerations on which parameter should be scaled are: effect of scaling on charge error,
power efficiency and ease of implementation. First of all, scaling 𝑓 effectively scales the number of
UHF pulses in one phase. The errors identified in the previous section apply to a single UHF pulse and
thus scale with the number of pulses in each phase. Moreover, switching losses increase for higher 𝑓
and consequently the power efficiency of the circuit will decrease. Also, the trigger signal can not be
used among multiple stimulation sources. When a fixed 𝑓 is used, the trigger signal can be shared
which saves area and power. Second, scaling 𝐶 adds complexity to the charge integrator. Switches
required to change the capacitor value introduce more parasitic capacitance to the node and, as 𝐶
changes, the effect of the parasitic capacitance is not constant. This implementation requires accurate
capacitors which can not be calibrated after production. Last, scaling 𝑉 has some advantages over
the other parameters. The charge error caused by parasitics around 𝐶 and switching artifacts is
constant for all intensities and can be compensated for. Therefore, the accuracy of 𝐶 is also not
critical for linearity in this case. Moreover, energy loss of charging 𝐶 scales proportional to the
stimulation intensity. Also, multiple stimulation sources can share the voltage converter to save area
and power.

Considering all of the above, the circuit has been implemented with a fixed 𝑓 and 𝐶 while
stimulation intensity is controlled using 𝑉 .
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3.4. Active Charge Balancing
Active charge balancing is important in order to prevent potential harmful conditions at the ETI, as has
been explained in Chapter 2. The purpose of active charge balancing is to leave no residual charge on
the capacitive double layer after stimulation. In other words, the voltage drop across 𝐶 should be 0V
at the end of a stimulation pulse. In current mode stimulation, the voltage across the interface capac-
itance can not be measured during stimulation due to the voltage drop across the resistive part of the
tissue. Therefore, most existing charge balancing methods restore charge balance after a completed
stimulation pulse. In this method, the second phase ’overcompensates’ the injected charge and charge
balancing has to restore the overcompensated amount of charge. Fortunately, the pulsed characteristic
of UHF stimulation allows for charge monitoring during stimulation. This prevents overcompensation
of the second phase and leads to a safer and more power efficient charge balancing method.

The proposed design requires one comparator connected to 𝑉 (see Fig. 3.2) for charge bal-
ancing. The implemented method works as follows. In Fig. 3.4, it can be observed that the voltage at
𝑉 returns to 𝑉 in between UHF pulses. Because there is no current flow through the tissue,
this voltage represents the voltage drop over 𝐶 . During the interphase delay, the load is reversed and
thus 𝑉 is charged towards −𝑉 in the second phase. During the second stimulation phase, this
voltage slowly rises towards 0V. In order to detect charge balance, a zero-crossing of this inter-pulse
voltage has to be measured. The charge balancing comparator 𝐶𝑂𝑀𝑃 compares 𝑉 to ground in
the proposed circuit. During an UHF pulse, 𝑉 = 𝑉 resulting in a 𝐻𝐼𝐺𝐻 output of the compara-
tor. In between the pulses, when 𝑉 is negative, the comparator output is 𝐿𝑂𝑊. This information
is used in the digital control circuit to determine when to stop the second stimulation phase. After a
trigger signal is given, the control circuit waits for the comparator output to change to 𝐿𝑂𝑊. When
this happens, a new trigger is given to the circuit. If the comparator output does not change to 𝐿𝑂𝑊,
it means that charge balance has been reached and the stimulation will stop. The active charge bal-
ancing process can be followed by a passive discharge phase by connecting both electrodes to 𝑉 ,
while 𝑆𝑊 is closed.

3.5. Prototype PCB
A prototype PCB was developed for validation of the proposed design. The circuit diagram of the im-
plemented PCB, which includes the proposed design of Fig. 3.2 with additional components for correct
operation of the circuit, is depicted in Fig. 3.8. The additions to the circuit will be discussed in the next
section. As seen in Fig. 3.8, the PCB has 8 output pins, labeled with 𝐸𝑙 −𝐸𝑙 . In this way, multi-channel
operation of the circuit can be verified for up to 4 stimulation channels. The digital control of the circuit
is implemented using a Digilent Cmod S7 field programmable gate array (FPGA) module.

3.5.1. PCB circuit implementation
The switches in the circuit have been implemented using analog switch integrated circuits (IC) from
Analog Devices. Analog switch ICs are optimized for minimal switching artifacts. Moreover, controlling
the switches can be done using digital signals whereas using MOSFETs as switches would require
additional drivers for high-side switching. In Fig. 3.8, a white box represents an IC with input/output
signals, supply voltages and possibly control signals.

An important step in the design was selecting values for the circuit parameters 𝐶 ,𝑉 ,𝑓 and
𝑉 . A switching frequency of 200 kHz was chosen based on the frequency used in [55]. This leads
to a period of = 5 µs. Increasing the switching frequency increases switching losses and charge
inaccuracy from control loop delays. From the system requirement of charge injection (1 nC–20nC),
using (3.2), it follows that the charge of each UHF pulse has to be 𝑄 = 𝑉 𝐶 = 25pC–500pC.
When 𝑉 is chosen too big, it will limit the current and thus increase the duration of UHF pulses. On the
other hand, a low value of 𝑉 suffers from inaccuracy due to switching artifacts and comparator offset.
Also, a large value for 𝐶 is desired to minimize influence of parasitic capacitance and noise on the
capacitor. For the prototype a value of 𝐶 = 400pF has been chosen, resulting in a range of 𝑉 =
62.5mV–1.25V. In the 0.18µm CMOS technology node, the typical area for integrated capacitors is in
the order of 12 fF/µm2 [73]. Thus, an area of approximately 0.03mm2 would be required to implement
𝐶 on an integrated circuit. To reduce the value of 𝐶 , either 𝑓 or 𝑉 could be increased. The
PCB design allows for changing the value of 𝐶 as the capacitor is not soldered to the board. Since
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Figure 3.8: Circuit diagram of the implemented PCB. Each white box represents an integrated circuit (IC). Except for and ,
all control signals are connected to the Cmod S7 FPGA module.

𝑓 is created by the FPGA, an interchangeable sensing capacitor allows the PCB to be configured for
a wide range of 𝑄 . Finally, the required stimulation voltage can be calculated by solving (3.5) using
the values mentioned above. Doing this with 𝑄 , , 𝑅 , and assuming 𝑉 = 1V at the end of
the waveform, a required stimulation voltage of 𝑉 ≈16.6V is found. Due to the compliance voltage
of the chosen switches, 𝑉 is limited to 15V for the PCB implementation. As a result, the circuit will
not be able to deliver 20 nC when 𝑅 = 150 kΩ. This limitation only applies to combinations of high 𝑅
and high 𝑄 .

A pull-down network has been added to the circuit, which is placed at the modulation switch 𝑆𝑊 .
This modification has to do with the parasitic capacitance at node 𝑉 . In the previous section it was
identified that this capacitance would cause a charge inaccuracy as the capacitance discharges over
the load after 𝑆𝑊 is opened. For the PCB, the parasitic capacitance 𝐶 at that node is estimated
in the order of 10 pF. On a tissue resistance of 50 kΩ to 150 kΩ, the time constant of discharging
becomes 0.5µs to 1 µs. Given the chosen switching frequency of 200 kHz, the discharging of 𝐶 is
not fast enough. If the capacitance is not completely discharged between UHF pulses, it creates an
unpredictable charge error. Moreover, this also slows down the proposed charge balancing method.
For this reason, the pull-down network (𝑅 − 𝑅 ∥ 𝐷 ) was added. Instead of leaving 𝑉 floating,
𝑆𝑊 will switch 𝑉 between 𝑉 during a pulse and the pull-down network in between UHF
pulses. For this purpose, 𝑆𝑊 is implemented using the ADG1219 SPDT switch. Requirements
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for the impedance of the pull-down network, 𝑍 , are contradicting. At the end of an UHF pulse, 𝐶
should be discharged as fast as possible to minimize the charge error introduced, e.g. a low 𝑍 is
wanted. On the other hand, low 𝑍 inhibits the proposed charge balancing method because 𝑉 is
discharged towards ground. Consequently, 𝑉 can not be measured. Therefore, high 𝑍 is desired
for the charge balancing method. The solution to this is a combination of two resistors and a diode as
can be seen in Fig. 3.8. As long as the forward voltage across the diode is larger than its threshold
voltage 𝑉 , the diode will conduct current. For that case, the impedance of the pull-down network is
approximately 𝑅 . When 𝑉 <𝑉 , 𝐷1 is in reverse bias. This ensures that the pull-down network has
a high impedance when 𝑉 is negative. To prevent break down of the diode, it is important that
|𝑉 | < |𝑉 |. The value of 𝑅 is chosen to limit peak currents and 𝑅 should be bigger than
𝑅 to monitor 𝑉 during the second phase.

For charge balancing, 𝐶𝑂𝑀𝑃 is implemented using a LT1011 Voltage Comparator from Linear
Technology. This voltage comparator has low input bias current (max. 25 nA), a response time of
250 ns and an open collector output. The output is connected to a pull-up resistor to 3.3V. In this way,
the output of the comparator can be used as input to the FPGA module.

The multi-channel H-bridge is implemented using a 1:8 channel multiplexer (ADG1208) for the an-
odic switches and 8 separate switches (ADG1201) for the cathodic switches. For the anodic switches,
a multiplexer can be used since there is always only a single electrode connected to 𝑉 . Multi-
plexing the anodic switches has the advantage of lowering the parasitic capacitance at 𝑉 , which
is important to minimize the charge error. For the cathodic switches, a multiplexer is not sufficient
because during the passive discharge phase multiple electrodes have to be connected to 𝑉 .

For the control loop, components were mainly selected to minimize propagation delay as it is the
dominant source of error. Furthermore, all components operate at 3.3V. As for the comparator, the
LT1719 from Linear Technology with a propagation delay of 4.5ns is used. An additional OR-gate has
been added to the loop. The OR-gate can be used to reset the circuit from the FPGA. Last, the SR-latch
is implemented using two NOR-gates. Logic gates from the SN74LVC-series from Texas Instruments
were chosen, having a propagation delay of only 4 ns. Combined, the delay adds up to approximately
12 ns. The total delay of the control loop is dominated by the turn-on time of 𝑆𝑊 , which is around
150ns. As an example, this introduces a charge error of approximately 25 pC to each UHF pulse for
a resistive load of 100 kΩ. The reference voltage for intensity control is generated using a Pmod R2R
Module, which is an 8-bit R2R-ladder add-on for the Cmod Module with 𝑉 = 3.3V. The output voltage
is buffered using a AD8541 opamp from Analog Devices.

In total, four voltage levels are used on the PCB. The control loop operates on 3.3V, which is
generated from a 5V output of the FPGA module using the ZLDO1117G33TA low dropout regulator
from Diodes Incorporated. Furthermore, all switches have a rail-to-rail input compliance operating
from an external ±15V power supply. 𝑉 can be configured to be connected to 𝑉 or supplied from
a separate supply, where the condition 𝑉 ≤ 𝑉 should hold. A lower stimulation voltage might be
wanted when stimulating a low-impedance load.

The PCB prototype is shown in Fig. 3.9 and a summary of the selected components is listed in
Table 3.1.

Figure 3.9: The prototype PCB with the CMOD S7 FPGA Module and Pmod R2R DAC module connected to it.
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Table 3.1: List of selected components for PCB implementation.

Function Selected Component

SWmod ADG1219 SPDT Switch
COMPCB LT1011 Comparator
SWa,0 7 ADG1208 1:8 Multiplexer
SWc,0 7 8x ADG1201 SPST Switch
SWdis ADG1201 SPST Switch
COMP1 LT1719 Comparator
Reset OR SN74LVC1G02 OR Gate
SR-Latch 2x SN74LVC1G32 NOR Gate
Vref DAC PMOD R2R DAC Module
Vref Buffer AD8541 Gen. Purpose Amplifier
Digital Control CMOD S7 FPGA Module
3.3V LDO ZLDO1117QG33TA

3.5.2. Digital control
Digital control of the prototype is implemented using a Digilent Cmod S7 FPGA Module, a small de-
velopment board built around a Xilinx Spartan 7 FPGA. An FPGA platform was chosen to facilitate
generation of the trigger signal while controlling the H-bridge switches and the reference voltage. The
module has 32 digital in/output pins; 14 pins are used as output for control signals of the circuit, 1
output is used for the trigger signal and 1 input is used for the charge balance comparator. The re-
maining pins are used for configuration of the stimulation signals. The FPGA can be programmed in
single or multi-channel mode. In single channel mode, the configuration pins can be used to select the
stimulation channel and stimulation intensity. For multi-channel mode, the stimulation parameters are
preprogrammed because there are not enough configuration pins. In both modes, charge balancing
and passive discharge can be turned on or off with a configuration pin for testing purposes.

The FPGA was programmed in VHDL. The implemented VHDL design consists of a finite state
machine (FSM) and a trigger module. The system clock of 12MHz is scaled down to 10MHz to ease
timing of the control signals. When enabled, the trigger module generates 100 ns (1 clock period) pulses
at a frequency of 200 kHz. This module is enabled by the FSM. The state diagram of the implemented
FSM is depicted in Fig. 3.10. In the Idle state 𝑟𝑒𝑠𝑒𝑡 is high, maintaining the system in its stable state.
Moreover, all cathodic switches are closed such that all electrodes are connected to 𝑉 . Using a
push button on the FPGA module, stimulation is initiated. The Init state sets the circuit up for the first
stimulation pulse. States Ph1 (first phase), Iph (inter phase delay) and Ph2 (second phase) create
a biphasic stimulation pulse by switching the right H-bridge switches and enabling the trigger signal.
If charge balancing is disabled, the duration of Ph2 is set equal to Ph1. On the other hand, when
charge balancing is enabled, the second phase is only half as long as the first phase. Next, the charge
balancing method is performed using two states. In CB_wait, the system waits for a change in the
output signal of the comparator. If the output is LOW, the trigger module is enabled for a short time
in state CB_pulse. When the comparator output is HIGH, the system returns to CB_wait to wait for a
change in the comparators output. If 30 µs pass without a change in 𝐶𝑂𝑀𝑃 , the system continues to
the inter pulse (IP) state. If passive discharge is enabled, the electrodes are connected to 𝑉 in this
state. Otherwise, all cathodic switches are open. Depending on the number of pulses and the number
of channels, the system will go to Ph1 for a new pulse or return to the Idle state if stimulation is done.
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Figure 3.10: Finite State Machine (FSM) implemented on FPGA. Here, trig_en is the internal signal used to enable the trigger
signal .





4
System Validation

Several steps have been taken to validate the designed system. First, the circuit was simulated using
LTspice® circuit simulation software. Later, the designed PCB has been tested using both the linear
tissue model as well as a micro-electrode probe submerged in phosphate-buffered saline (PBS) as
load. As a last step of validation, power efficiency of the designed circuit was analysed.

4.1. Circuit Simulations
The final circuit design presented in Fig. 3.8 was simulated using LTspice software. The components
in the circuit were implemented using spice models provided by their respective manufacturers. In all
simulations, the linear ETI model was used to create a stimulation channel between 𝐸𝑙 and 𝐸𝑙 . For
this model, 𝐶 of 20 nF was used while 𝑅 ranged from 50 kΩ to 150 kΩ.

To verify correct operation of the circuit, a single stimulation pulse with a phase width of 𝑡 = 200µs,
an interphase delay of 𝑡 = 50µs and stimulation intensity of 𝑄 = 10nC was simulated using a load
of 𝑅 = 100 kΩ. The results are shown in Fig. 4.1, where 𝑉 = 𝑉 , -𝑉 , . It can be seen that 𝑉
charges towards a negative voltage between UHF pulses during the second stimulation phase, which
is needed for the charge balancing method. Moreover, the residual voltage of −40mV at the end of the
stimulation pulse indicates charge imbalance. For a perfect current mode stimulator, charge balancing
is not required for linear loads because 𝑄 = 𝑄 . However, the residual voltage on 𝐶 indicates
that 𝑄 ≠ 𝑄 for the proposed circuit. One cause for this imbalance is the charge error of the circuit
due to non-idealities, as identified in Section 3.3.4. Voltage built up over 𝐶 slightly changes 𝐼 (𝑡) and
thus the charge error of an UHF pulse changes as well. Due to this, the cumulative charge error made
in the second phase is not equal to the error of the first phase, resulting in a charge imbalance. Another
contribution to the imbalance is the discharge of 𝐶 in between stimulation pulses through 𝑍 . Last,
the simulation results show an expected overshoot of 𝑉 after crossing 𝑉 . For the first UHF pulse,
the time delay is approximately 118 ns, resulting in a charge error of 15 pC. As explained above, this
error is not constant as the voltage over 𝐶 changes.

Next, the charge injection accuracy of the circuit was assessed. The injected charge was measured
for stimulation pulses programmed with intensity, 𝑄 , ranging from 1nC to 20 nC applied to tissue
loads, 𝑅 , ranging from 50 kΩ to 150 kΩ. Measuring the injected charge is done by measuring the
voltage across 𝐶 during the interphase delay, as 𝑄 = 𝑉 𝐶 . Figure 4.2 shows the absolute
accuracy of the injected charge.

To characterize the absolute accuracy, 𝑄 is compared to 𝑄 , where 𝑄 = 𝑉 𝐶 𝑁. As
described in Chapter 3, the stimulation intensity is scaled using 𝑉 , while 𝐶 = 400pF and 𝑁 =
𝑡 𝑓 = 40 for all measurements. The results in Fig. 4.2, show an offset and gain error. In Section 3.3.4,
the main sources for this error were identified. A bigger 𝐼 for low tissue impedance results in a bigger
error made by the circuit. Moreover, for a combination of high tissue impedance and 𝑄 , it can be
seen that 𝑄 approaches 𝑄 /2. The cause for this is shown in Fig. 4.3, depicting 𝑉 during the
first UHF pulse for 𝑄 = 20nC and different values for 𝑅 . It can be seen that 𝑆 takes more than 5µs
for 𝑅 = 150 kΩ. Because of this, the control loop is not triggered for every trigger input, effectively
reducing the number of UHF pulses to 𝑁/2. This effect determines an upper limit for the allowable
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Figure 4.1: LTSpice® simulation using real components. Figure shows stimulation of a single stimulation pulse with = 200µs
and = 10nC to a linear tissue load with = 100 kΩ and = 20nF.

tissue impedance for correct operation of the circuit. To allow higher impedance electrodes, 𝑉 has
to be increased.

In Fig. 4.4, the relative charge injection accuracy is shown. Here, the relative accuracy is measured
as the change in 𝑄 for changing 𝑅 , normalized to the value of 𝑄 at 𝑅 = 100 kΩ (referred to
as 𝑄 and 𝑅 in Fig. 4.4). The circuit was designed to have constant charge injection for changing
load impedance, thus an ideal circuit implementation would result in a horizontal line. Additionally, the
relative accuracy for UHF voltage stimulation with static duty cycle is depicted. The simulations show a
clear improvement with respect to the static duty cycle implementation. Also, the simulation shows an
improved accuracy when the stimulation intensity is increased, as it approaches the ideal line. However,
when 𝑄 = 20nC and 𝑅 >120 kΩ the same error (effective𝑁 = 𝑁/2) as seen in the absolute accuracy
plot becomes apparent.
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Figure 4.2: Simulated absolute accuracy of the injected charge for different tissue resistance values, is the programmed
charge and is the measured injected charge. A step size of 1 nC was used for the simulations.
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number of UHF pulses.
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Figure 4.4: Simulated relative accuracy of the injected charge for different stimulation intensities. = 100 kΩ and at
.

4.2. PCB Measurements Linear Tissue Model
The performance of the implemented PCB was assessed in a similar manner as the circuit simulations.
For the measurements, a GW Instek GPP-4323 power supply was used to generate supply voltages of
±15V. The signals were measured on a Tektronix 2014C Oscilloscope and averaging of the signal to
reduce noise was used when possible. In order to measure the voltage across 𝐶 , a pico Technology
ta045 differential probe was used. Moreover, a breadboard was used to connect the configuration pins
to either 3.3V or ground. A diagram of the setup for the linear model measurements is depicted in
Fig. 4.5. For electrode measurements, the linear model is replaced with the electrode connections and
the differential probe is not longer used.

Using the FPGA in single-channel mode, a stimulation channel between node 𝐸𝑙 and 𝐸𝑙 was
created. The tissue load was modelled using a 20 nF capacitor in series with a variable resistor. A
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Figure 4.5: Block diagram of the test setup for measurements on the linear tissue model incorporating the PCB, power supply,
differential probe and oscilloscope. A laptop is used to power the CMOD S7 module via USB and the configuration pins are set
using a breadboard.

single stimulation pulse with 𝑡 = 200µs, 𝑡 = 50µs and 𝑄 = 10nC was applied to a load of 𝑅 =
100 kΩ. The resulting waveforms are depicted in Fig. 4.6. For this measurement, charge balancing
was disabled. The measured waveforms are similar to the simulations, with a few differences worth
noticing. First of all, a residual voltage of −132mV is measured. This is more than simulations showed
and emphasizes the need for active charge balancing in the implemented circuit. Moreover, a small
voltage step (∼50mV) on 𝑉 can be noticed at the beginning of each UHF pulse, which is caused
by channel cross-talk. To minimize this effect, 𝐸𝑙 and 𝐸𝑙 where chosen as output nodes as the traces
on the PCB are far apart. Furthermore, the connections to the load are made as short as possible.
Last, spikes can be observed in the voltage waveform of 𝑉 . To measure the voltage across 𝐶 , a
differential probe with a built-in differential amplifier was used. In the second phase, 𝐶 is connected to
𝑉 by the H-bridge. Thus, the voltage at both terminals of the capacitor switches rapidly between
0 and 𝑉 . Even though the amplifier has a high common mode rejection ration (CMRR) of −80dB,
the switching can be observed in the measured waveform. During the first phase, the capacitor is
connected to 𝑉 and thus the probed nodes do not switch as much.
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Figure 4.6: Stimulation pulse generated by the prototype PCB. Stimulation parameters: = 200µs, = 50µs, = 10 nC
and disabled. Load: = 100 kΩ between and .

The measured absolute and relative accuracy of the implemented circuit are depicted in Figs. 4.7a
and 4.7b respectively. For the absolute accuracy, it can be observed that the limitation for high-
impedance loads start at a lower value of 𝑄 compared to the simulation results. Parasitic capacitance
added by the PCB trace at node 𝑉 increase the effective value of 𝐶 . This increases the charge
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error made by the circuit and effectively increases the width of UHF pulses. This effect limits the charge
injection capability of the implemented circuit. The relative accuracy plot shows a noticeable increase
in charge error for low values of 𝑄 . To stimulate with an intensity of 𝑄 = 1nC, 𝑉 is set to 62.5mV.
The voltage step on 𝑉 , as noticed in Fig. 4.6, is in the same order of magnitude. Therefore, the UHF
pulse width for this intensity is dominated by delay time of the control loop and the width of the trigger
pulse. Due to this, the dynamic duty cycle control has no effect and the relative accuracy approaches
the static duty cycle line.
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Figure 4.7: Measured charge injection accuracy of the implemented PCB. (a) Absolute accuracy, measured injected charge
versus programmed stimulation intensity for different values of , (b) Relative accuracy of for change in ,

measured for different values of . The relative accuracy is normalized to the measured value at = 100 kΩ.

To verify the implementation of active charge balancing, a single stimulation pulse with charge
balancing enabled and disabled are compared in Fig. 4.8. Up until 𝑡= 350µs, the waveforms are
identical. After 350µs, the output of 𝐶𝑂𝑀𝑃 is used to regulate the UHF pulses. As stated before,
different definitions for the required accuracy of charge balancing are used in literature [74]. In terms of
residual voltage, a safety limit of ±50mV [69] or ±100mV [70] is often considered. The figure shows
that the implemented charge balancing method successfully reduces the residual voltage on 𝐶 well
within that safety limit.

To show the importance of an active charge balancing circuit, the voltage over 𝐶 is measured
over multiple stimulation pulses in Fig. 4.9. The measurement shows a rapid build up of voltage offset
when neither active nor passive charge balancing is used. Moreover, it can be seen that the passive
discharge time is long relative to the stimulation pulse. The time in between stimulation pulses is used
to stimulate parallel channels in multi-channel mode and thus there is no time to passively discharge
the interface. Last, with active charge balancing turned on, the residual voltage is quickly returned
within the safety limit after each stimulation pulse.

The stimulation source is designed to stimulate multiple channels in an interleaved manner. With
the implemented PCB, up to four channels can be stimulated. Figure 4.10 illustrates the multi channel
operation with a measurement of two stimulation pulses applied to four different stimulation channels.
For this measurement, the multi-channel FSM was used with charge balancing enabled. The channels
have different stimulation parameters as can be seen by comparing the phase widths. The measure-
ment shows that the circuit is capable of interleaved stimulation. Up to ten stimulation channels with
comparable stimulation parameters could be stimulated using a single stimulation source.
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Figure 4.10: 4-channel stimulation measurement for two consecutive stimulation pulses, showing the interleaved stimulation
pattern. and can be configured independently for each stimulation channel.

4.3. PCB Measurements in Vitro
To verify the circuit operation for non-linear ETI impedance, some in vitromeasurements are conducted.
For these measurements, a NeuroNexus a1x32-5mm-25-177 Electrode Array, shown in Fig. 4.11, is
used. The array consists of 32 circular Iridium electrodes with a diameter of 15 µm [75]. A stimula-
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tion channel is created by connecting two electrodes to 𝐸𝑙 and 𝐸𝑙 of the PCB. The electrode array
is submerged in a 1x Phosphate Buffered Saline (PBS) solution to model a tissue environment. The
impedance characteristics of the used electrodes is unknown. However, an approximation of the elec-
trode parameters can be deducted from the measured waveforms. Based on the measurement results
it is expected that the impedance of the electrodes is much higher than 150 kΩ. This results in a limited
performance of the PCB on the used electrodes, which is supported by the limitations found for the
linear model.

Figure 4.11: NeuroNexus a1x32-5mm-25-177 Electrode Array used for in vitro measurements of the prototype PCB.

In Fig. 4.12, the measured waveforms for a stimulation pulse of 𝑡 = 200µs and 𝑄 = 5nC are
shown. From the measurement, it can be seen that the PCB successfully applies an UHF pulsed
stimulation pulse to the electrodes. Using the slope on 𝑉 , 𝑅 is approximated to be 600 kΩ. This
is much higher than the anticipated impedance, therefore the charge injection capability of the stimulator
is limited for these electrodes. This can be observed on 𝑉 as well: A stimulation pulse of 𝑄 =
5nC on the electrodes requires an UHF pulse of ∼3µs, as opposed to ∼2µs for 𝑄 = 10nC when 𝑅
is 100 kΩ (Fig. 4.6). Furthermore, the voltage measured at 𝑉 during the interphase delay can be
used as approximation for 𝑉 . In the electrode measurement, 𝑉 ≈893mV after a pulse of 5 nC,
while 𝑉 ≈518mV for a stimulation pulse of 10 nC on the linear tissue model. This indicates that the
voltage build up on 𝐶 is bigger than expected, which also limits the performance of the circuit. Another
noticeable result in the measured waveform is the initial step in 𝑉 . As explained before, this step is
caused by cross-talk between the stimulation electrodes. For the measurements on the linear model,
connections were kept as short as possible to minimize this effect. In Fig. 4.11, it can be seen that
the traces between the connector and the electrode are routed close to each other. Because of this,
cross-talk has increased for the electrode measurements.
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Figure 4.12: Measured waveforms for a stimulation pulse of = 200µs and = 5nC applied to two electrodes of the Neu-
roNexus electrode array.

To illustrate the consequences of the high electrode impedance and cross-talk, 𝑉 for the first
UHF pulse for different values of 𝑄 is depicted in Fig. 4.13. This measurement shows that the duration
of the pulses is affected by the initial voltage step on 𝐶 . It should be noted that the step is equal for
different stimulation intensities and tissue impedance, therefore the system can be calibrated to cancel
out the error. Also, it can be seen that the duration of the UHF pulse for 𝑄 = 10nC takes more than
5µs, which will cause a charge injection error as has been shown in previous measurements and
simulations. Apart from this, the pulses and scaling of the stimulation intensity behaves as expected.

Because there is no physical node between 𝐶 and 𝑅 , it is impossible to directly measure 𝑉 on
the electrodes. As a result, the accuracy of the charge balancing method can not be measured in vitro.
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Figure 4.13: measured on the electrodes for the first UHF pulse in a stimulation pulse of = 200µs and different values
of .

Nevertheless, the operation of the charge balancing method is demonstrated with a measurement of
𝑉 for a single stimulation pulse with charge balancing enabled in Figure 4.14. For this measurement,
the waiting time of 𝐶𝐵 was increased, as the original delay was not enough for the high impedance
electrodes. As can be seen, the second phase starts with 100µs of normal stimulation pulses. The
first charge balancing pulse follows after approximately 130µs, which is much longer than for the linear
model measurements. The cause of the longer inter pulse time is twofold. First of all, from previous
measurements it has been established that the impedance of the electrodes is high. In the FSM-state
𝐶𝐵 , the voltage at 𝑉 discharges towards 𝑉 with a time constant proportional to 𝑅 , 𝐶 and
𝐶 . Thus, high impedance electrodes cause an increase in the waiting time of the charge balancing
method. Second, due to tissue non-linearity, it is expected that the residual voltage at 𝑡= 350µs is
already small. The waiting time of the charge balancing method becomes longer if the residual voltage
is small. To demonstrate this, charge balancing is started immediately after the interphase delay in the
measurement shown in Fig. 4.15. It can be seen that for the first pulses, when 𝑉 is still high, the
delay between CB pulses is relatively short. As the residual voltage decreases with each UHF pulse,
the delay between CB pulses increases.
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Figure 4.14: measured for a stimulation pulse on electrode array with charge balancing enabled. Bottom plot shows a
zoom of the signal around V=0. When 0, a new UHF pulse is applied.
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Figure 4.15: and for stimulation pulse on electrodes with charge balancing enabled directly after the interphase
delay.

4.4. Power Efficiency Analysis
Power efficiency was one of the reasons to implement the UHF voltage stimulation method. An ideal
implementation of the method could reach a theoretical power efficiency of 100% as was explained in
Chapter 2. However, the real implementation of the circuit suffers from energy losses mainly caused
by switching effects. To analyse the power efficiency of the implemented circuit, power losses are
divided in resistive losses and capacitive losses. Generally, it is assumed that losses in the electrode
capacitance are negligible compared to the resisitive losses [26]. Therefore, tissue is modeled by a
resistor, 𝑅 , for the efficiency calculations. Furthermore, losses of the switches are assumed mainly
to be caused by the on-resistance 𝑅 and charging of the gate capacitance 𝐶 . Considering the
switches in the signal path, the resistive efficiency is calculated using (4.1).

𝜂 = 𝑅
𝑅 + 𝑅 , + 𝑅 , + 𝑅 ,

(4.1)

The capacitive losses in the circuit are mainly caused by switching 𝐶 of 𝑆𝑊 and 𝑆𝑊 , the
parasitic capacitance 𝐶 at 𝑉 and the sensing capacitor 𝐶 . The power consumption of charg-
ing and discharging a capacitor C to a voltage V at a frequency 𝑓 is calculated using (4.3). In the
circuit, 𝐶 and 𝐶 are charged to 𝑉 for each UHF pulse, while 𝐶 is charged to 𝑉 . Fur-
thermore, the average power delivered to the tissue can be calculated using (4.2), where 𝐼 is the
stimulation current described by (3.3), 𝑇 is state duration described by (3.5) and 𝑇 is the UHF period
( ). The capacitive efficiency of the circuit is calculated using (4.4). Finally, by combining (4.1) and
(4.4), the total efficiency of the circuit is calculated with (4.5).

𝑃 , = 𝑅
𝑇 ∫ 𝐼 (𝑡)𝑑𝑡 = 𝑄 𝑓 (𝑉 −

𝑉
2 ) (4.2)

𝑃 = 𝐶𝑉 𝑓 (4.3)

𝜂 =
𝑃 ,

𝑃 , + 𝑃 + 𝑃 + 𝑃 =
𝑄 (𝑉 − )

𝑄 (𝑉 − ) + 𝑉 (𝐶 + 𝐶 )
(4.4)

𝜂 = 𝜂 𝜂 (4.5)

In IC technology, switch transistors can be scaled with factor M to change the parasitic parameters.
For a High Voltage (20V) transistor in AMS 0.18µm technology, typical values are: 𝑅 = 1.416 kΩ/M
and 𝐶 =M111 fF [55]. Scaling of the switches is a trade-off between 𝜂 and 𝜂 . Because of the high
load impedance in this application, the power efficiency does not suffer a lot from high 𝑅 (see (4.1)).
On the other hand, 𝑀 should be as small as possible to minimize switching losses of 𝐶 . Thus, a
scaling factor of𝑀=1 was chosen for the calculations. The power efficiency is calculated for 𝑄 in the
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Figure 4.16: Calculated total power efficiency of the designed circuit for different values of and = 100 kΩ.

range of 25 pC to 500 pC, which corresponds to 𝑄 = 1nC–20nC for a stimulation pulse of 𝑡 = 200µs
and 𝑓 = 200 kHz. Figure 4.16 shows the calculated total efficiency for two different values of 𝐶 . The
figure shows a decline in power efficiency for low values of 𝑄 . The reason for this is that 𝑃 ,
scales with 𝑄 , while the switching losses of 𝐶 do not change at all. Moreover, the difference
in the two lines shows that the efficiency suffers a lot from switching node Vanodic. Clearly, this node
requires careful layout design to minimize the parasitic capacitance. Additionally, from (4.3) and (4.4)
it can be seen that the power efficiency could be improved by scaling down 𝑉 .

As a comparison, the power efficiency for a conventional current mode stimulator (CMS) can be cal-
culated using (4.6), where 𝑉 =𝐼 𝑅 . In Fig. 4.17, CMS and the implemented circuit are compared
with the following assumptions: 𝑉 =𝑉 , 𝑄=𝑄 , 𝑇= and 𝐶 = 10pF. This comparison shows
that power efficiency of the proposed method is less susceptible to changes in 𝑅 than power effi-
ciency of CMS. Moreover, the power efficiency of CMS exceeds the efficiency of the proposed method
only when both 𝑅 and 𝑄 are high. In practice, both values will vary between channels and over time.

𝜂 = 𝐼 𝑅
𝐼 𝑉 = 𝑄

𝑡
𝑅
𝑉 = 𝑉

𝑉 (4.6)
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Figure 4.17: Power efficiency of (red) the proposed circuit compared to (blue) conventional CMS for different load impedance
and charge .
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Up until now, power efficiency 𝜂 = is considered, where 𝑃 is the power delivered to the tissue
and 𝑃 is the total power delivered by the supply. From Fig. 4.17, it can be seen that the proposed
method outperforms CMS in this respect. However, the generated stimulation waveform, and thus
𝑃 , is different for both methods. For fair comparison, this effect should be taken into account. This
is done by calculating the average input power required to apply the same amount of charge for both
methods. The average output power for the proposed method is already calculated in (4.2). For CMS,
the required power for delivering 𝑄 in a time period 𝑇 is calculated with (4.7).

𝑃 , = (𝑄𝑇 ) 𝑅 = 𝐼 𝑅 𝑄
𝑇 = 𝑉 𝑄 𝑓 (4.7)

Combining (4.2), (4.6) and (4.7) with the fact that 𝑉 ≪ 𝑉 , gives (4.8). Finally, the average
input power of both methods is compared using (4.9), (4.10) and (4.11). Given that 𝜂 <1, this result
shows that UHF stimulation appears to be fundamentally more power consuming than CMS under the
stated assumptions.

𝑃 , = 𝑃 ,
𝑉 −
𝑉 ≈ 𝑃 ,

𝜂 (4.8)

𝑃 , = 𝑃 ,
𝜂 ≈ 𝑃 ,

𝜂 𝜂 (4.9)

𝑃 , = 𝑃 ,
𝜂 (4.10)

𝑃 , ≈ 𝑃 ,
𝜂 (4.11)
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Discussion & Conclusion

5.1. Discussion
Throughout this thesis, the main research question was ”How can stimulation pulses be delivered to
multiple intracortical microelectrodes in a safe and efficient manner to effectively evoke phosphenes?”
From existing literature, stimulation parameters to effectively evoke phosphenes and typical character-
istics of intracortical microelectrodes were extracted. One thing that was found to be primarily important
for stimulation efficacy and safety was charge control. During stimulation, enough charge should be
injected to initiate cell activation, while too much charge should be avoided as it could cause damage
to electrodes and tissue. After a stimulation pulse, the residual voltage at the electrode tissue interface
should be minimal to prevent charge building up over repeated stimulation as that can lead to tissue
and electrode damage. Furthermore, it was found that current mode stimulation, using rectangular
current pulses, is widely used because of the precise charge control it offers. However, especially in
multi-channel stimulation, this conventional method is inefficient because of power dissipated in the cur-
rent source. On the other hand, voltage mode stimulation has better power efficiency performance but
lacks control over the injected charge. Therefore, the goal of the thesis was to design a multi-channel
stimulation source that is effective, safe and efficient. It was hypothesized that UHF voltage stimulation
combined with charge control and active charge balancing could provide effective, safe and efficient
multi-channel stimulation.

5.1.1. Charge Control of the Implemented Design
A novel charge control circuit was implemented to dynamically scale the duty cycle of UHF pulses.
Measurements on a linear tissue model have shown successful control of the injected charge during
stimulation. However, some limitations were found. First of all, charge monitoring errors limit the
accuracy of the injected charge. Four sources of error have been identified that affect the accuracy of
charge monitoring: a time delay introduced in the multivibrator control loop, parasitic capacitance at
𝑉 & 𝑉 , switching artifacts of switch 𝑆𝑊 and cross-talk between traces. The time delay of the
control loop is not constant making it impossible to calibrate the system for this error. Hence, 𝑓 should
be chosen such that the delay is small compared to the duration of a single UHF pulse to minimize this
error. Contrarily, to reduce size of 𝐶 for area reduction of the circuit, 𝑓 could be increased. Thus,
the time delay of the control loop inhibits scalability of the design because of the limitation on 𝑓 . The
parasitic capacitance parallel to 𝐶 adds a gain error to the monitored charge. Absolute accuracy
of the injected charge is not very important as the stimulation intensity will be set using a threshold
procedure. Therefore, the accuracy of 𝐶 is not critical in the presented design and the effect of the
parasitic capacitance is calibrated out of the system during the threshold procedure. The other error
sources introduce an offset error of the injected charge. The measurements in Fig. 4.7b suggest that
this error affects the relative accuracy of pulses with low stimulation intensity. However, the charge error
is constant over impedance and intensity changes and could thus be compensated for. Compensation
could be implemented by increasing 𝑉 or with techniques counteracting charge injection. Second,
a clear limitation has been found for high impedance tissue loads. The system is designed to inject
1 nC–20nC during a stimulation phase of 𝑡 = 200µs on tissue loads of 𝑅 = 50 kΩ–150 kΩ. Due
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to the implemented control loop, the duty cycle of UHF pulses will increase for increasing stimulation
intensity and/or tissue impedance. A combination of both can lead to the situation that 𝑇 > .
When that happens, the circuit is not triggered at 𝑓 anymore and the injected charge is limited. The
measurement in Fig. 4.7a clearly shows this limitation for a tissue resistance of 130 kΩ and 150 kΩ.
Since the tissue resistance is not adjustable, this limitation can only be omitted by increasing 𝑉 . It
is important to notice that this limitation will always cause less charge to be injected and thus will never
lead to harmful stimulation. In practice, tissue impedance is unknown and it would be valuable to detect
this limitation in the circuit. A possible implementation for this could be the detection of a trigger pulse
while signal 𝑄 is still high. Last, errors in charge monitoring inherently lead to charge imbalance. The
error in the monitored charge is dependent on the current of the UHF pulses (𝐼 )). Due to the charge
accumulation at 𝐶 , the voltage on 𝑅 decreases during the first phase, while in the second phase the
polarity is reversed and thus 𝑉 increases the voltage on 𝑅 . Because of this, 𝐼 changes and the
charge error in the first phase is not equal to the error of the second phase. Therefore, a stimulation
pulse will lead to charge imbalance even when a linear tissue model is used. This effect was found in
simulations as well as in the testing of the implemented PCB. This error emphasizes the need of the
active charge balancing method implemented in the system design.

5.1.2. Implemented Active Charge Balancing Method
The implemented active charge balancing method is simple, requiring only a single comparator. With
measurements on the linear tissue model, effectiveness of this method has been validated as the
residual voltage on 𝐶 was brought back to 3.1mV. Furthermore, the importance of charge balancing
has been shown in Fig. 4.9 by comparing 𝑉 over multiple stimulation pulses with and without charge
balancing. It can be observed that the voltage at the interface gradually builds up when no charge
balancing is used. When only passive charge balancing is used, it takes a long time to bring the residual
voltage back to zero. Finally, with the active charge balancing method enabled, the residual voltage is
brought back within the safety window immediately and stays constant in between stimulation pulses.
For the in vitro measurements, the voltage on 𝐶 could not be measured to validate the accuracy
of active charge balancing. Nevertheless, the measurement presented in Fig. 4.15 shows that the
circuit is able to detect residual voltage on the non-linear electrode. Moreover, the charge balance
measurement on the electrode shows how the wait time of this method is affected by the impedance
of the electrode. If the impedance becomes too high, this might lead to limited performance of the
charge balancing method. To fully verify this method, more measurements using electrodes with lower
impedance should be conducted.

5.1.3. Power Efficiency of the Implemented Design
In order to stimulate as many channels as possible with the limited power available for the implanted
neurostimulator, multiple measures have been taken into account in the proposed design.

The first way to minimize instantaneous power consumption of the circuit is the implementation
of spatio-temporal stimulation. The waveforms typically used in the application of intracortical visual
stimulation allow for interleaving of the channels. By interleaving, the stimulator circuit can be shared
among multiple channels. Not only does this save valuable chip area but it also relaxes the power
requirements of the system. The interleaved stimulation method has been validated on four channels
using the prototype PCB in Fig. 4.10. Second, the UHF voltage stimulation method was chosen to
improve power efficiency. In the power efficiency analysis it has been shown that the proposed circuit
has improved power efficiency for most of the stimulation parameters when compared to conventional
CMS. However, it was also shown that the required input power has not decreased with the efficiency
improvement under the current assumptions. Instead, power dissipation in the load has increased
due to the new waveform shape. This analysis shows that comparison of the proposed stimulation
method and CMS with respect to power efficiency is not straightforward. One of the assumptions in this
analysis and throughout this thesis is that the required charge to initiate cell activation 𝑄 , is equal for
both stimulation methods. However, there is evidence that the strength duration curve parameters are
dependent on the used stimulation waveform [76]. Analytical studies with neuronmodels have indicated
that a rectangular stimulus waveform is not energy-optimal in some cases [76] and that other waveforms
might require less energy to activate neurons. To truly compare the proposed UHF stimulation method
with conventional CMS, an analysis comparable to [76] should be done for the UHF waveform with
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stimulation parameters of intracortical stimulation. With this analysis, the effect of scaling 𝑓 to cell
activation and energy efficiency could also be researched.

5.1.4. Stimulation Parameters & Electrode Characteristics
Measurements have shown that performance of the designed circuit is limited for the extreme cases
of the set requirements for the system. The requirements for stimulation intensity and load impedance
were determined based on existing literature. However, reported values of both parameters are very
inconsistent. Some literature suggest phosphene thresholds at 25 µA (5 nC)[13], while currents up to
100µA (20 nC) are used in other studies [37]. Also, for intracortical micro-electrodes a wide range of
electrical properties is reported. The impedance of an electrode depends, among other things, on its
geometry and material type. The wide range for both parameters has led to the design of a system with
high dynamic range. If the electrodes that will be used with the stimulator are characterized properly and
more physiological research leads to a better understanding of phosphene thresholds, the performance
of the circuit could be improved. If the range of values can be narrowed down, a lower stimulation
voltage could be used. It has already been shown that this will also lead to better power efficiency. On
the other hand, if more research confirms that a wide range of parameters should be used, the circuit
could be improved for better performance at extreme values.

5.1.5. Electrode Configuration
The implemented circuit is only capable of bipolar stimulation, while monopolar stimulation is commonly
used to research the potential of intracortical visual stimulation. While deciding the location of the
sensing capacitor for this design, it has been established that the proposed charge control loop suffers
a lot from switching artifacts when the sensing capacitor is placed at the same side of the tissue as
the modulation switch. For this reason, the sensing capacitor was placed between the return electrode
and ground. In order to be able to access the return electrode, bipolar stimulation has to be used.
With monopolar stimulation, the return electrode is located far from the stimulation site and is shared
among channels. In that case, this electrode can not be accessed to sense the charge of a single
stimulation channel. The implementation of a bipolar stimulator has multiple advantages for circuit
design. Moreover, it is expected that bipolar will have to be used in a system incorporating 1000
channels, as monopolar stimulation leads to cross-talk in multi-channel stimulation. However, it is
unknown what effect the change from mono- to bipolar has on the required stimulation parameters.
The electric field in bipolar stimulation is more localized, which might lead to a decrease in phosphene
threshold. Physiological research is needed to compare the electrode configurations and to establish
stimulation parameters for bipolar intracortical stimulation.

5.2. Conclusion and Contributions
The development of a intracortical visual prosthesis requires an implantable neurostimulator that is
able to stimulate more than 1000 micro-electrodes. It is important that the device can stimulate neu-
rons in an effective, safe and efficient manner. For stimulation efficacy and safety, control over the
injected charge during stimulation is particularly important. Moreover, at the end of a stimulation pulse
the residual charge should be small to prevent harmful conditions for both the electrodes and tissue.
Conventional stimulation methods have disadvantages for this application because current mode stim-
ulation is inefficient in multi-channel configuration and voltage mode stimulation lacks control over the
injected charge.

In this thesis, a novel stimulation method has been introduced: charge controlled UHF voltage
stimulation. Ultra high frequency voltage stimulation was chosen based on the multi-channel efficiency
of this method. However, the method lacks control over the injected charge when a static duty cycle
is used. Therefore, a charge controller was added to the method to improve efficacy and safety. The
novel charge control scheme uses a mono-stable multivibrator implementation to dynamically control
the duty cycle of the UHF pulses. Moreover, the chosen stimulation method allows for preventive active
charge balancing in the second stimulation phase. This was implemented using a single comparator,
that detects a zero-crossing of the double layer voltage in between UHF pulses. The proposed design
was implemented on a printed circuit board (PCB) for validation.

Measurements of the PCB using a linear tissue model as well as micro-electrodes have shown
correct operation of the proposed design. It has been shown that the novel implementation successfully
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controls the injected charge of a stimulation pulse for varying tissue impedance. Using a switching
frequency of 200 kHz, a sensing capacitor of 400 pF and a reference voltage between 62.5mV and
1.25V, the prototype was able to stimulate with an intensity of 1 nC to 20 nC over a period of 200µs.
The PCB implementation has high flexibility in stimulation parameters which is beneficial for future
experiments.

Importance of an active charge balancing scheme was shown by measuring the residual charge on
the double layer capacitor in the linear tissue model. Without any form of charge balancing, repetitive
stimulation led to a rapid build up of an offset voltage on the capacitor. Furthermore, passive discharging
was not sufficient as the discharge time was long compared to the stimulation pulse. With the use of
the proposed active charge balancing scheme, the residual voltage was brought back well within the
safety window of ±50mV at the end of a stimulation pulse. This result is promising because it improves
safety of the stimulation signal.

To facilitate multi-channel stimulation, the stimulator circuit is shared between channels in a inter-
leaved manner. The operation of this method was demonstrated on the prototype as well. Between
eight output pins, multiple output channels can be created. For validation purposes, four channels
were created using linear tissue models. The prototype was able to stimulate each channel with chan-
nel specific stimulation parameters.

Last, power efficiency of the implemented design was evaluated. It has been shown that the im-
plemented design has better power efficiency than conventional current mode stimulation over a large
range of stimulation parameters and tissue impedance. However, the analysis also revealed the impor-
tance of energy efficient stimulation waveforms. Future research should make the comparison of the
stimulation methods complete.

In conclusion, the presented design is able to create safe and effective multi-channel stimulation
pulses in an efficient manner. The work in this thesis contribute to the development of implantable
multi-channel neurostimulators for intracortical stimulation.

5.3. Recommendations for Future Work
• Electrode and stimulation parameters - With further knowledge on electrode characteristics
and stimulation parameters, performance of the circuit can be improved. Moreover, the difference
between monopolar and bipolar intracortical stimulation should be researched. With a better
understanding of the expected stimulation intensity and electrode parameters, a power budget
for the complete system could be established.

• Energy efficiency UHF waveform - An analytical study with a neuron model should be done to
get insight in the energy efficiency of UHF stimulation. This analysis could help to determine an
optimal switching frequency for this stimulation method and to compare the technique to conven-
tional current mode stimulation.

• In vitro measurements with characterized electrodes - The measurements presented in this
thesis have shown that the circuit is compatible with a non-linear load impedance. However, the
electrodes used for these measurements were not optimal for the system. Using well character-
ized electrodes, the complete performance of the circuit can be tested.

• High voltage stimulator driver -With the presented work, it has become clear that high supply
voltage is required for the stimulator in this application. A high voltage driver should be designed
to generate the voltage from incoming wireless power.

• System improvements:

– The system should be able to detect when 𝑄 is limited because the tissue impedance is
too high. Detecting this error could be implemented with monitoring the control signal 𝑄.

– The measurements have shown that it is important to minimize the parasitic capacitance
at 𝑉 to improve system performance. Also, cross-talk between the channels should be
minimized with careful design of the H-bridge traces as well as the leads connecting the
electrodes.



5.3. Recommendations for Future Work 51

– For low stimulation intensity, power efficiency as well as charge accuracy is affected because
of the high stimulation voltage. A scalable stimulation voltage could improve the system
performance for low stimulation intensity.

– Last, FPGA control of the circuit could be improved. In the current design, two separate
VHDL codes are used to switch between single- andmulti-channel mode. Moreover, external
pins are used for configuration of the stimulation signal. The FPGA module has an on-board
usb-UART interface which could be used to communicate with the stimulator. Improvement
of the VHDL code is beneficial for future in vitro and in vivo measurements with the PCB.

• Integrated Circuit implementation - Eventually, the circuit should be integrated to create an
implantable device. On the IC, multiple of the proposed stimulation sources should be combined
with integrated control logic and power management circuitry. The size of 𝐶 will be limited
with the available area on the IC. To scale the circuit, 𝐶 should be chosen as large as possible.
Consequently, 𝑓 and 𝑉 can be scaled according to the stimulation requirements.
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