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Abstract

Although the use of volumetric conduction to power wireless
implants has been experimentally validated in recent years, a
theoretical framework to determine the power and efficiency
obtained by minimally invasive implants has not been established
yet. This thesis aims to develop and validate these models. Firstly, an
analytical model is presented to determine the maximum power an
implant can locally obtain using volume conduction. It was expanded
to model the complete transmission link by using a multiport network
and was fitted using parameters obtained from human MRI images.
Finally, the provided model is rearranged to model communications
based on volume conduction. The results demonstrate that powers of
mW can be obtained using submillimetric electrodes if they are
spaced a few centimeters apart (> 2 cm). Therefore, this thesis
contributes to establishing the theoretical framework of volume
conduction and paved the development of new minimally invasive
implants.
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Resum

Tot i que en els darrers anys I's de la conduccié volumétrica per
alimentar implants sense fils s'ha validat experimentalment, encara
no s'ha establert un marc teoric que permeti determinar la poténcia i
I'eficiéncia obtinguda en implants minimament invasius. Per aquest
motiu, en aquesta tesi es desenvolupen i es validen un conjunt de
models teorics que estableixen les bases del métode descrit. En
primer lloc, es parteix d’un model analitic que permet determinar la
potencia maxima que un implant pot assolir mitjancant la conduccio
volumeétrica quan un camp eléectric uniforme hi és present.
Seguidament, aquest model s’amplia en modelar l'enllag de
transmissié comprés entre el sistema extern i els implants mitjancant
una xarxa multiports. En aquesta tesi, també se’n descriu el procés de
validacid, aixi com el procediment seguit per obtenir els parametres
de la xarxa multiports a partir d’imatges de ressonancia magnética i
simulacions d’elements finits. Finalment, es presenta un circuit de
comunicacions passiu 1 s’adapta el model introduit préviament per
descriure el comportament d’aquest nou circuit. Els resultats
obtinguts mostren que a partir de 1’as d’eléctrodes submil-limétrics
es poden obtenir poténcies de diversos mil-liwatts, sempre que
aquests electrodes estiguin separats diversos centimetres (> 2 cm).
Aquesta tesi contribueix a establir el marc teoric de I'us de
I’acoblament de la conducci6 volumétrica com a metode per
alimentar i comunicar-se amb implants minimament invasius.
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INTRODUCTION






1.1 INTRODUCTION

1.1 Introduction

From the appearance of the first fully implantable pacemaker in 1958
[1] until the last years, the evolution of active implantable medical
devices (AIMDs) has been closely related to the evolution of
electronics. Advances in recent decades have allowed the integration
of most of the implant electronics into tiny silicon chips [2]. This size
reduction has favored the development of a multitude of biomedical
implants such as deep brain stimulators [3], cochlear and retinal
implants [4], [5], drug infusion pumps [6], implantable pressure
sensors [7], and peripheral nerve stimulators [8]. Despite the
reduction in size over the last decades, most of the current AIMDs
remain bulky [9]. This implies, on the one hand, that their
implantation requires long and complex surgical operations. On the
other hand, the risk of suffering complications associated with having
an external device implanted inside the body is closely related to the
size of the AIMD. Bulky devices are more likely to trigger an adverse
immune response and are also more prone to infection [10], [11]. In
order to reduce the possible adverse side effects and risks associated
with implanting the current AIMDs, it has been suggested to continue
reducing their size to develop what has been referred to as active
injectable medical devices [12], [13]. Unlike most current AIMDs,
these devices would not require open surgery but would be deployed
employing percutaneous injections [9]. Nowadays, the main factor
hindering the miniaturization of AIMDs is the size of the powering
components of the AIMDs, since these parts are bulkier than the
electronics they feed [14].

The power consumption of biomedical implants can vary in many
orders of magnitude depending on their application and functionality.
For example, while state-of-the-art pacemakers have one of the
lowest consumptions, around 5-10 pyW [15], a retinal prosthesis
requires approximately 45mW [16], and to produce muscle
stimulation powers of 1-10 mW are required [17]. Submillimetric
implants cannot obtain these powers based on conventional powering
technologies, i.e., using batteries or wireless power transfer (WPT)
by inductive coupling [2]. This can be explained as, in the former,
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CHAPTER 1: INTRODUCTION

modern battery technologies offer too low energy densities [18], and
in the later, inductive coupling requires wide and rigid coils.
Theoretically, it is challenging to conceive scenarios, where a
submillimeter coil placed several millimeters inside the tissues may
obtain powers of milliwatts [19].

In recent years, novel WPT and energy scavenging or harvesting
methods have been proposed to overcome the limitations of current
powering technologies. One of these methods that can become more
suitable to feed networks of microimplants due to its inherent
characteristics is volume conduction. Although we have recently
shown in vivo that coupling based on volume conduction can be an
effective power transfer method for injectable AIMDs [20], the use
of volume conduction for powering deeply implanted devices has
remained almost inexistent until the last years, and the theoretical
basis that sustains its use has not yet been established.

1.2 Research goal

The main goal of this thesis is to establish and validate a theoretical
framework for coupling based on volume conduction as a WPT
method and communications method, particularly for threadlike
biomedical implants. To do so, this thesis aims to develop a set of
analytical and numerical models to describe this method.

This thesis also aims to describe in detail the procedure required to
obtain the model parameters.

Finally, the last objective is to analytically model communications
based on load modulation and coupling by volume conduction and
study the feasibility of using this method for both powering and
communicating with biomedical implants.

It is expected that the obtained models will precisely identify the
main parameters involved with volume conduction. This would
facilitate the design and sizing of new threadlike biomedical
implants.

4



1.3 DISSERTATION OUTLINE

1.3 Dissertation outline

Chapter 2 describes the main WPT methods for powering biomedical
implants and introduces and describes coupling by volume
conduction.

Chapter 3 presents a set of reception analytical models capable of
determining the maximum ac and dc power a thin and elongated
implant can receive by using volume conduction as a WPT method.
This chapter also includes the in vitro validation of the obtained
models.

Chapter 4 extends the previous model by introducing a multiport
model for the entire transmission link (i.e., the external electrodes,
the implant electrodes, and the tissues encompassed between them).
This model is numerically validated by using a parametric analysis.

Chapter 5 describes the procedure for determining the values of the
multiport model using MRI images obtained from human participants
and compares the numerical results with experimental data. It also
describes the validation of volume conduction as a WPT method to
power digital implants in humans.

Chapter 6 analytically studies the use of a passive communication
method, the load modulation, based on volume conduction for thin
and elongated implants. The proposed method is validated using a
demonstrative communication circuit.

Finally, Chapter 7 summarizes the main conclusions that can be
extracted from this thesis and discusses the future directions
concerning the research done.
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2.1 POWER METHODS

2.1 Power methods

Due to the heterogeny of biomedical implant applications, there are
several implant powering system methods. For instance, the primary
power method for critical applications (e.g., pacemakers) is still the
use of batteries. To minimize the size of the implants in non-critical
applications and avoid the use of bulky batteries, energy scavengers
or WPT methods are used. Therefore, the selection of a particular
powering method depends on different parameters related to the
application (e.g., maximum power requirements, implantation depth,
or power transmission efficiency). The following subsection
describes the most used methods for powering biomedical implants.
This section has been sorted into intrinsic methods (batteries and
energy scavengers) and WPT methods (inductive coupling,
ultrasonic coupling, and coupling based on volume conduction).

2.1.1 Intrinsic methods
2.1.1.1 Batteries

Batteries are a reliable and autonomous method to power AIMDs
with low power requirements. Due to these characteristics, batteries
are still the most used method to power life-critical applications (e.g.,
pacemakers).

The first electrochemical batteries introduced in the 1960s to power
supply pacemakers were mercury-zinc batteries. Unfortunately, they
had a limited duration of approximately two years [1] and an energy
density close to 0.2 Wh/cm?® [21]. Therefore, patients had to undergo
surgical interventions regularly to replace the batteries.

Nuclear batteries were introduced to expand the lifetime of the
batteries in the 1970s [22]. However, in the early 1980s, these
radioactive batteries were discontinued due to the potential risks [23].

In 1972, the first lithium/iodine battery was patented [24]. This
technology is used today as it has a higher energy density than other
commercial technologies [25]. The volumetric energy density of the
lithium/iodine batteries is one of the highest, near 1 Wh/cm?® [26].
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CHAPTER 2: BACKGROUND

Considering a 1 cm?® battery, its stored energy can be enough to feed
a state-of-the-art pacemaker for several years. Nevertheless, for
applications that require at least 1 mWh, the battery will run out in
less than six weeks, so the patient should undergo another
intervention. Therefore, with current battery technologies,
developing submillimetric AIMDs is not feasible.

For applications with a high energy use rate, rechargeable lithium-ion
batteries can become a reliable and appropriate solution since the
possibility of recharging the battery allows it to obtain high power
without compromising its lifetime [27]. Using batteries as an energy
storage buffer implies that it is necessary to transfer energy to the
implant externally. Nowadays, the most common method to recharge
the AIMDs batteries is through inductive coupling (this method is
detailed in 2.1.2.1).

Examples of commercial AIMDs powered by batteries are given
below (Fig. 2.1). The Medtronic Micra™ is a pacemaker that can be
deployed percutaneously. It has a mass of 1.75 g and a volume of
0.8 cm?. Its battery is non-rechargeable and has expected longevity
of 8-13 years. The Medtronic ActicaTM RC is a deep brain
stimulation system that in includes a rechargeable battery. It has a
weight of 40 g, a height of 54 mm, and a length of also 54 mm.

e W et e e
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Fig. 2.1. Examples of AIMDs powered by batteries. Left: Medtronic Micra™.
Right: Medtronic Activa™ RC.
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2.1 POWER METHODS

2.1.1.2 Energy scavengers

In recent years, several energy-scavenging methods have been
proposed to avoid using batteries and external energy sources and
thus obtain more autonomous and robust systems. These methods get
electrical energy by converting the inherent energy present in the
medium where implants are located [14]. However, nowadays, the
power densities obtained by these approaches are well below
10 pW/mm?. For this reason, it is difficult to conceive a scenario
where the powers of mW are obtained using energy scavengers. To
the best of our knowledge, no energy scavenger is in use in actual
clinical implant. Nevertheless, these methods can become an
appropriate way to power supply devices with low power
requirements, e.g., nerve stimulators. Below, some of the most
representative energy scavengers’ methods are briefly described.

The operating principle of thermoelectric harvesters is the Seebeck
effect (i.e., a voltage is produced over a conductive or
semiconductive bar whenever both ends are at different
temperatures). Since the generated voltages due to the Seebeck effect
are too low to feed an electronic implant, thermoelectric scavengers
connect several thermocouples in series to increase the harvested
voltage (i.e., to form a thermopile).

In [28], Strasser and his colleagues could obtain a power of 1 uW
considering a thermopile with an area of 1 cm?, having a temperature
difference between both terminals of 5°C. Since the voltage
harvested depends on the temperature gradient, and the inner body
temperatures vary just a few degrees, this method can only obtain
powers of a few uW [29]. Thus, thermoelectric scavenging only is
recommended for ultra-low power applications.

Piezoelectric scavengers get electric energy from the kinetic energy
produced by body movements. Its use for wearable devices has been
broadly studied. For example, Zhao et al. obtained powers of mW
placing piezoelectric transducers in the sole of shoes [30]. In the case
of natural contractions of the body, powers obtained are still too low
to feed most of current AIMDs. As an example, Rogers et al.
investigated the use of the natural contractions and relaxations of the
heart, lungs, and diaphragm to power supply biomedical implants
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[31]. Although they proposed the use of a flexible and technically
impressive circuit, their results show that power densities of just
hundreds of nW can be scavenged using these natural movements.
Along the same line, Dong et al. [32] designed an implantable
cantilever to be attached in a pacemaker lead, and in this way produce
electrical energy from the natural movements of the heart. The
authors of this study concluded that using their method, tens of nW
can be scavenged.

A fuel cell generates powers by catalyzing complementary
electrochemical reactions at a pair of corresponding electrodes.
Recently, the use of glucose as a biofuel has been proposed to allow
the development of autonomous AIMDs [33]. In a glucose-based
biofuel cell, the electrochemical reactions consist, on one hand, in
oxidizing glucose at the anode, and on the other hand, in reducing
oxygen to water at the cathode. The in silico results presented in [33]
show that a glucose-based fuel cell surrounded by cerebrospinal fluid
can obtain power densities of 3.4 pW/cm?. In a more recent study,
Zebda et al. presented a glucose-based fuel cell based on carbon
nanotube/enzyme electrodes [34]. The developed cell was implanted
in the abdominal cavity of a rat, and it obtained a power density of
193.5 uW/cm?,

2.1.2 WPT methods
2.1.2.1 Inductive coupling

Schuder et al. [35] first proposed using inductive coupling to power
biomedical implants in 1961 to power supply an artificial heart.
Nowadays, near-field inductive coupling (NFIC) is the most used
wireless power method [36], especially in the case of cochlear
implants [37].

NFIC works on the principle of electromagnetic (EM) induction [38].
A time-varying magnetic field is produced by a transmitting coil
(TX) which usually is placed close to the skin. Part of this field
produces an electromotive force in the receiving coil (RX), which is
implanted inside the body (Fig. 2.2). In most cases, the NFIC links
are conceived to get high power transmission efficiencies.
Consequently, these systems are designed to operate under resonance
conditions to minimize transmission losses. Because of the biological
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properties of the tissues, part of the coupled energy is dissipated by
the tissues due to Joule effect. Therefore, the maximum applied
power must be limited to avoid tissue overheating [39].

Fig. 2.2. Schematic representation of inductive coupling

The maximum power received in the implant is closely related to the
RX coil diameter and the separation distance between TX and RX
coils. Therefore, the reported results vary depending on these
parameters. As an example, powers of 100 mW were reported by
RamRakhyani et al. [40], considering an RX coil with a diameter of
20 mm, and a separation distance between coils of 20 mm. In [41],
Feng et al. obtained a power of 160 uW considering a 4 mm in-CMOS
coil, while Ahn et al. reported powers of just 224 W using an RX
coil with a diameter of 1 mm, and a separation distance of 12 mm
[42].

Inductive coupling can achieve efficiencies above 90%. However, its
performance can be severely reduced due to multiple factors, e.g.,
coil misalignment because of tissue movements (since the implants
are placed in a moving frame) or detuning because of coil-flexion.
Furthermore, NFIC links suffer from performance degration if RX is
much smaller than TX or if the distance between both coils is greater
than the RX coil size [43]. Because of these dependencies and the
obtained results [44], it is difficult to conceive scenarios where
powers of mW could be transmitted to sub-millimetric, deep-seated
implants using inductive coupling [19].

To overcome this limitation and power deeply seated implants, the
use of intermediate coils [45] and Helmholtz coils [46] have been
proposed. However, in the former, although the use of intermediate
coils favors the reduction in the size of the AIMD, the system still
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requires the implantation of a bulky intermediate coil between the
external one and the AIMDs. In the later, by using a Helmholtz coil
is possible to couple a broadly uniform magnetic field several
centimeters inside the tissues. Nevertheless, the implant must include
a cylindrical coil that can hardly be submillimetric shaped [46].

To maximize the efficiency and the obtained power when the implant
is spaced several millimeters from the source, Poon et al. proposed
the use of the so-called midfield WPT as an alternative to near field
inductive coupling [44]. In their analysis, Poon et al. concluded that
for a separation distance above one centimeter between the TX and
RX coils, the power received on the implant is maximized if the
wavelength of the applied field matches this separation distance.
Therefore, they propose using frequencies in the sub-GHz or GHz
region for these cases. Furthermore, instead of using coils, they
suggest the use of metasurfaces. These surfaces, through phase
changes, allow the focusing of the applied field to the desired area
[47].

Using the midfield WPT method, Poon et al. obtained powers of
2.2 mW in a microimplant (2 x 3.5 mm) placed in the lower cortex
region of a porcine brain [2]. In the same way, Agrawal et al. use the
midfield to feed a self-custom pacemaker (1.5 x 3 mm) [48]. This
pacemaker was placed 4 cm inside the thoracic cavity of a pig. Under
these conditions, the device obtained power of 600 W, which was
enough to pace the pig’s heart.

2.1.2.2 Ultrasonic acoustic coupling

Using ultrasonic waves as a WPT method was suggested by Rosen et
al. in [49]. In this method, the energy is transferred between the
external source and the implant through mechanical waves. First,
mechanical waves (which have a frequency above > 20 kHz) are
produced and coupled into tissues by an ultrasonic TX. Then, these
waves propagate through the tissues, and part of them are collected
by an implanted piezoelectric RX, which converts the acoustic
energy into electrical energy to feed an AIMD (Fig. 2.3).

14



2.1 POWER METHODS

Ultrasounds transducer

/ Coupling gel

Fig. 2.3. Schematic representation of coupling based on ultrasonic coupling.

Like in the NFIC case, the received power using ultrasounds is
closely related to both the RX size and the separation distance
between the source and the receptor element. For example, in [50],
Ozeri and Shmilovitz describe the optimization process they
performed to maximize the power transferred through 3 cm of swine
tissue and using a 15 mm diameter piezoelectric transducer, the
implant received 28 mW. On the other hand, the work done by
Mazzilli et al. in [51] was focused on transferring powers of tens of
mW considering distances greater than 10 cm. The results show that
using ultrasounds as a WPT method, it is possible to transfer 20 mw
over 10.5 cm, using an RX with dimensions of 10 x 5 mm?2. Ibrahim
et al. studied the possibility of optimizing the TX transducer to focus
the acoustic beam at the desired point when this point is located
several centimeters from the source [43]. Their results show the
feasibility of the proposed method since they obtained powers of 2.1
mW, considering a separation distance of 3cm, and having a
millimetric RX (1.1 mm®). Following, Kashani et al. [52] obtained a
power of 6 mW considering a separation distance of 30 mm and a
millimetric RX (~1 mm?).

Several publications have suggested that this method requires long-
term tests to confirm that the acoustic intensities applied do not cause
tissue damage [36]. As there is a lack of regulations for using
ultrasounds as WPT, nowadays, ultrasonic WPT applications are
applying the safety limit that is used in ultrasonic diagnostic
applications, i.e., 720 mW/cm? [53]. Apart from the damage that
acoustic waves can cause, it is also important to study potential
adverse effects derived from long-time exposure to the gel used to
couple the acoustic waves into the tissues.
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2.1.2.3 Coupling by volume conduction

Volume conduction is a term used in bioelectromagnetism to define
the transmission of electric fields through biological tissues. Volume
conduction is physical phenomenon found in several biomedical
technologies. For instance, in bioimpedance applications [54], in
transcutaneous electrical nerve stimulation [55], in short-wave
diathermy [56], and more recently in the use of the tissues as a
transmission channel for intra-body communications. This method
usually is referred in the literature as capacitive coupling [57].

Although, volume conduction coupling for intrabody
communications has been studied lately by different research groups
[57]-[59]. Its use to power implants has remained almost inexistent
until the last years. We conjecture that such neglect is due to a failure
to recognize that, first, large magnitude HF currents can be safely
coupled to the tissues if they are applied as short bursts. Second, to
get a sufficient voltage in the implant, its electrodes must be
separated by a few centimeters. However, the implant can be shaped
as an elongated body, whereby the implant may be minimally
invasive. During the last years, the use of volume conduction has
been proposed by different groups independently. Although these
groups use the same operating principle to transfer energy to
implants, considerable differences between the proposed approaches
can be observed.

Zhide et al. in 2006 [60] and Sodagar and Amiri in 2009 [61]
proposed the use of coupling based on volume conduction to supply
tens or hundreds of milliwatts through the skin to power implants in
an efficient way.

In 2011, Ivorra proposed the coupling based in volume conduction to
produce neuromuscular stimulation [62]. In 2013, the use of this
method for powering these stimulators was proposed [63]. During the
last years, this technology has been developed until obtaining
addressable microstimulators with a diameter below 1 mm [64].

In 2018 Chen et al. also proposed the use of coupling based in volume
conduction for transmitting power to AIMDs [65].
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Coarsely the described approaches can be sorted into two different
configurations that can be labeled as 1) planar configuration and 2)
threadlike configuration.

2.1.2.4 Planar configuration

The planar configuration was initially proposed in [60] and [61]. This
configuration consists of placing four planar electrodes (two external
and two internal) in pairs sandwiching the tissue, as illustrated in Fig.
2.4. This method applies an AC voltage between the two external
electrodes. Due to the mutual impedance between the external and
internal electrodes, the implant draws current from the source.

Although this method usually is referred to in the literature as
Near-Field Capacitive Coupling (NFCC) [66], in our opinion, the use
of this name is not accurate, since the flowing currents between the
electrodes are mostly ohmic. For this reason, NFCC has been
considered as a particular case of volume conduction.

AC source

External electrode

electrode

Implant
circuitry

Fig. 2.4. Schematic representation of volume conduction in its planar approach.

In volume conduction, the biological tissue dissipates energy in the
form of heat due to the Joule effect. To minimize these losses, the so-
called planar approach tries to form two planar capacitors between
the external and the implanted electrodes. This configuration aims to
increase the displacement currents. And consequently reduce the
losses due to the Joule effect [66]. However, like in the inductive
coupling method, the transmission efficiency of this link is very
sensitive to the separation distance between the superficial and the
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implanted electrodes. For this reason, this approach is used only for
shallow applications, i.e., with separations between external and
internal electrodes below 10 mm.

The first detailed study of volume conduction in its planar approach
was realized by Jegadessan et al. in 2017 [66]. In this original
analysis, it was demonstrated that powers above 100 mW can be
transferred using volume conduction. These results were obtained in
ex vivo studies in non-human primates.

This method can become an appropriate alternative to the use of
NFIC for two main reasons. First, the NFCC links are not resonance
based. Hence, its performance is less sensitive to occasional
alternations that the system can suffer, unlike the NFIC. Second, the
electrodes can be manufactured using flexible materials allowing the
tissue bending.

2.1.2.5 Threadlike configuration

In [63], Ivorra et al. described that coupling based on volume
conduction could flavor the development of thin and elongated
implants (i.e., threadlike implants). This configuration is highly
beneficial in terms of minimal invasiveness as it allows percutaneous
deployment.

The principle of operation of this approach consists in applying ac
voltage between two external electrodes to produce an electric field
inside the tissues, like in the planar configuration. This electric field
produces a voltage gradient within the tissues, and these potentials
can be picked-up by thin, elongated implants with one electrode at
each end. This scenario is illustrated in Fig. 2.5.

Remarkably, the inherent property of the volume conduction that
causes the electric field to be distributed through the tissues,
combined with the fact that the implants are minimally invasive,
allows these implants to be placed into deep tissues. Moreover, the
same electric field that is applied to power a single implant can be
used to power a swarm of implants (as long as they are located in the
area where the electric field is applied), without having to increase
the applied power of the external system or its complexity.
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AC source

External electrode External electrode

Implant electrode

Fig. 2.5. Schematic representation of volume conduction in its threadlike approach.

To obtain a considerable electric potential, the separation distance
between the implant electrodes must be a few centimeters. Therefore,
the implants can be shaped as thin and flexible elongated bodies.

Previous work done in our group has highlighted that neuromuscular
stimulation can be obtained by means of local rectification of the
applied external currents [20], [62], [64], [67]-[69]. Moreover, in
their study Becerra-Fajardo et al. demonstrated that volume
conduction can also be used for powering active injectable medical
devices [20]. In this work, a 2 mm thick, semi-flexible, injectable
stimulator was developed. This stimulator had a complex electronic
circuitry based only on off-the-shelf components, that was controlled
by a commercial microcontroller (Attiny20, 1.555%1.403 mm). Since
the energy obtained to feed this electronic circuit was obtained using
volume conductions as a WPT method, this work provided clear
evidence to support this method to power supply active biomedical
devices. Moreover, a more advanced circuity that includes
electromyography acquisition and bidirectional communications, and
which is aimed for acute studies in humans, has been recently
demonstrated in animal models [70].

2.1.3 Wireless power transfer method comparison

Table 2.1 summarizes the WPT methods for powering AIMDs
described in the previous sections. In this table, depth refers to the
distance between the implant location and the medium surface. The
volume parameter includes only the element used to obtain energy.
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The parameter max. dimension is the maximum length of the element
used to obtain energy in one dimension. Other parameters included
in the comparison table are: PDL, power delivered to the load; Protal,
the applied power, and PTE the power transmission efficiency (i.e.,
PDL divided by Potal). To compare the capability to obtain powers
with minimally invasive implants, the Figure of Merit 1 (FoM3) (2.1)
has been determined as the ratio of the PDL by the maximum
dimension.

PDL

_ (2.1)
max.dimension

FOMl =

Figure of Merit 2 (FOMy) (2.2) highlights the potential of the method
to transfer powers when implants are deeply placed. It is calculated
as the PDL multiplied by the square of the depth.

FoM, = PDL - depth?. (2.2)

Finally, the Figure of Merit 3 (FOM3) (2.3) is the power density of
the harvester component. It is calculated as the ratio of the PDL by
the harvester volume.

PDL
FOM3 =

= . (2.3)
volume

Table 2.1 highlights that powers of mW cannot be obtained by
inductive coupling using coils with diameters of less than one
millimeter. These experimental results are in concordance with a
theoretical analysis done by Heetderks [19]. Regarding the volume
conduction on its threadlike approach [71], this method stands out in
terms of the power density (FOM3). Furthermore, using the threadlike
approach, powers of mW can be transferred to implants several
centimeters away from the transmitter (FOM2). Nevertheless, [71]
obtained the lowest FoMs. This result can be explained as, although
the pick-up electrodes can be sub-millimetric, to obtain powers of
mW the inter-electrode distance must be of a few centimeters.
However, this fact is not problematic since these implants can be
shaped as a thin and flexible elongated body, which is a configuration
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TABLE2.1
COMPARISON OF THE WPT METHODS

Parameter [71] [66] [72] [43] [73] [48] [74] [75] [42] [40] [76] [46]
WPT method VvC VvC VvC us us MF MF MF NFIC NFIC NFIC NFIC
Medium ;\:)Tﬁ:tl Tissue s’\é?lil C%sitlo " Tissue Tissue Tissue Tissue  Tissue Air Tissue ;\:)Tlil
Depth (cm) 3 0.25 2.75 3 2.15 4 4 5 12 2 2.5 5
Volume (mm?) 1* 1600 314 11 0.42 5.3 ~6.3 38 0.79 ~950 ~0.13 1150
'(\r"na;‘]')dimemio” 30.5%% 283 20 1.2 11 3.4 2 75 14 22 1 30
SAR (W/kg) 10 2 2 T T 8.9 10 - 1.6 - 1.6 2
PDL (mW) 3.3 137.8 10 2.1 0.35 0.6 2.2 6.7 0.22 80 0.036 10
Potar (W) 31 0.25 2.2 0.08 - 0.8 0.5 1 0.04 0.4 - 2.5
PTE (%) 0.1 55.1 0.5 2.6 - 0.1 0.4 0.7 0.6 20 - 0.4
FoM1 (mW/mm) 0.11 4.87 0.5 1.75 0.32 0.18 11 0.9 0.16 4.55 0.22 0.33
FoM2 (mWcm?) 29.7 8.6 75.6 18.9 1.6 9.6 35.2 167.5 0.3 320 0.036 250

FoMs (mW/mmd) 3.1 0.086 0.032 1.91 0.83 0.11 0.35 0.18 0.28 0.084 0.28 0.01

VC: Volume conduction; US: Ultrasounds; MF: Midfield; NFIC: Near field inductive coupling.
PDL: power delivered at the load. PTE: Power transmission efficiency. FoM1: PDL/Max. dimension; FoM2: PDL-Depth?; FoMs: PDL/Volume.

+: The used acoustic intensity was 720 mW/cm?, *Volume of two spheres (diameter = 0.5 mm). **Inter-electrode spacing of 30 mm.
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highly suitable for minimally invasive deployment through injection
or catheterization.

An additional parameter that has a crucial role in the development of
AIMD:s is the feasibility of hermetically packaging the devices [77].
From one side, to avoid a premature failure of the AIMD circuity, its
package has to avoid the moisture entrance. And on the other side,
the implant encapsulation has to be biocompatible. The current
materials used nowadays that ensure both properties are metals,
ceramics, and glasses [77].

Regarding encapsulation, coupling based on volume conduction has
an advantage over radiated WPT methods because it allows the use
of metallic materials. And since using metals allows for thinner
encapsulations than those obtained with ceramic materials [78], the
final implant size cam be reduced by using this material.

2.2 Safety considerations

The exposure of the human body to non-ionizing electric fields has
associated risks that must be adequately addressed to use volume
conduction as a WPT method. The Institute of Electrical and
Electronics Engineers (IEEE) and the International Commission on
Non-lonizing Radiation Protection (ICNIRP) safety standards for
human exposure to electromagnetic fields identify two general
sources of risk regarding the passage of radiofrequency currents
through the body [39], [79]. In terms of the WPT methods described
above, the limitations affect both the inductive coupling method and
the method based on volume conduction. The standards indicate the
risk of thermal damage due to the Joule’s effect, and recognize risks
caused by unsought electrical stimulation of excitatory tissues with
harmful effects ranging from mild perception to death by ventricular
fibrillation.

While the risk due to thermal damage can be considered almost a
frequency-independent risk, the risk of experimenting unwanted
stimulation becomes especially relevant for electric fields with
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frequencies below 100 kHz. Therefore, the IEEE safety standard [39]
defines the maximum allowed induced in situ electric field (MPE;)
to avoid the stimulation risk.

For pure-sinusoidal fields with a frequency fn, considering that the
field is being applied in the extremities, the peak value of MPE is
calculated as

2.132
—5, fn < 3350
MPE, ={ 3330 . (2.4)

2.132

i >
3350 /v /o =3350

MPE, is determined by averaging the electric field received over a
straight-line segment of 5 mm length and considering a time interval
of 0.2 s. However, for non-pure sinusoidal fields, the IEEE standard
[39] indicates that the low-frequency harmonics must be checked,
and it specifies

5 MHz

E
Z n_q (2.5)
i MPE,

where En is the magnitude of the nth Fourier component of the
exposure electric field, and MPE, is the maximum permissible
exposure for n frequency calculated as (2.4).

When electric fields with frequencies above 5 MHz are applied,
stimulation can hardly be produced [39], as the limit is above 4.4 kV
(2.4). In this case, Ex must be limited to avoid tissue overheating. For
frequencies between 100 kHz and 5 MHz both limitations must be
considered.

Regarding the overheating, both IEEE and ICNIRP standards use the
so-called Specific Absorption Rate (SAR) to limit the maximum
power that can be dissipated by the tissues [39], [79]. The SAR is
defined by time derivate of the incremental energy (dW) dissipated
in an incremental mass (dm) corresponding to a tissue volume (a 1)
of a given mass density (p) as
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a (oW
SAR=—<—)
_ a <6W)
~at\pav/)

And can be calculated at any point of the tissue with the following
expression

(2.6)

SAR = UlErmslz

@.7)

where ¢ is the electric conductivity of the tissue (S/m), p is the mass
density of the tissue (kg/m®) and Erms is the root mean square value
of the electric field in the tissue (V/m).

Both the IEEE standard and the ICNIRP guidelines indicate the same
SAR limitations averaged over 6 minutes for localized exposure in
the frequency range from 100 kHz to 3 GHz. The tissue averaging
mass for the peak spatial-average SAR is 10 g in the shape of a cube
(approximately 10 cm?®). The standard [79] has increased the
averaging mass from 1g to 10 g since the results of extensive
theoretical biophysical research quantifying RF energy penetration in
biological tissue have shown that RF energy is incapable of causing
significant local temperature increases in small tissue volumes.

For the general public, the SAR limit is set to 4 W/kg for extremities
and pinnae, and it is set to 2 W/kg for the rest of the body locations.
For occupational exposure or persons in controlled environments this
limit is 10 W/kg, and it is further increased up to 20 W/kg if the
localized exposure is at extremities [39], [79]. Since the final design
will incorporate several sensors to monitor and ensure that the system
operates in safe condition and that the protocols applied using the HF
currents will be reviewed by physicians, this thesis considers the
restrictions for persons in controlled environments.

The limitation of 10 W/kg pretends to avoid temperature increases
above 1°C. This limitation is consistent with the results obtained by
the WHO in [80], where they observed that a 1°C rise in temperature
IS not adverse, even in sensitive tissues.

The SAR limit entails the following limitation for continuous
sinusoidal electric fields
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2pSAR
o_ )

(2.8)

Epeak <

If the field is applied using bursts,

,ZpSAR
Epeak < |2 (2.9)

where F is the repetition frequency (Hz), and B is the burst duration
(s). For the same SAR restriction, the value of Epeak Can be
considerably incremented if the field is applied using short burst.

Finally, the whole-body SAR should not exceed 0.4 W/kg to avoid
core-body temperature increase. The energy dissipated by the body
considering this whole-body SAR restriction is equivalent to about a
third of the heat production over an average adult, and it is completely
benign [39].

2.3 Volume conduction models

During the last years, several models have been proposed to describe
the transmission of electric fields through the tissues for different
applications, such as volume conduction in its planar approach,
galvanic coupling for wireless body area networks, or to determine
the superficial EMG produced by inner muscular fibers.

The following section describes the most representative models
proposed throughout the years. These methods have been classified
into three different categories: lumped models, analytical models,
and finite element methods. Nevertheless, as the use of volume
conduction in its threadlike approach has remained almost
non-existent, in the literature, there is not yet a model capable of
determining the power an implant can receive using this method.
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2.3.1 Lumped models

The lumped models concentrate the spatial-distributed behavior of
the real system into a discrete set of idealized components. These
discrete elements are interconnected between them using idealized
electric wires.

In [66], [81], [82] a lumped series equivalent circuit is proposed to
model volume conduction in its planar approach. In these works, just
a single layer of tissue was considered. The electrodes were planarly
aligned with a separation distance between the external and internal
electrodes of a few millimeters. They neglected the fringing fields,
ignoring cross-interactions between electrodes. Additionally, the
dielectric layer of tissue was modeled as the parallel of an ideal
capacitor and a resistor (dielectric loss).

In [66], Jegadeesan et al. introduced a lumped model to describe the
link for volume conduction in its planar approach. The results
highlight a substantial discrepancy between the analytical results and
the experimental measurements. From the point of view of the
authors, these differences were attributed to the fact that the real
electrodes were coated with a PDMS layer to be biocompatible, and
this parameter was not modeled [81]. This was not the case for the
work of Narayanamoorthi et al. They obtained an appropriate match
between the analytical and the experimental results using a similar
analytical model topology.

The initial lumped model has been extended by Erfani et al. to
consider cross-interactions between electrodes [83]. The proposed
lumped circuit models the tissue through six resistors and two
capacitors (Fig. 2.6). Although it was not clearly reported how the
impedance values were obtained, the analytical results matched the
experimental measurements. In [72], the same topology was recently
adapted to model the power transmission to implants deeply placed
in the torso. Remarkably, this circuit topology was proposed several
years ago to model galvanic coupling for intrabody communications
in [84], [85].

Lumped models have also been proposed to model multi-layered
tissues [85], [86]. However, these works suffer from conceptual and
methodological weaknesses. For instance, in [85], the authors found

26



2.3 VOLUME CONDUCTION MODELS

a discrepancy between the analytical and the experimental results of
one order of magnitude. Similarly, in [86], the authors apply a
correction factor of one order of magnitude to match the analytical
and experimental results properly. Moreover, it is not clearly
explained how this correction factor was determined. For these
reasons, these models cannot be considered validated models.

Fig. 2.6. Lumped model proposed by Erfani in [83]. Adapted from [83].

2.3.2  Analytical models

The analytical models pretend to reflect the physical behavior of the
transmission system using mathematical expressions.

For the volume conduction case, this model has to mathematically
describe the relationship between the applied current and its
consequent electric field distribution inside the tissues. In most cases,
obtaining this analytical expression implies the solution of a mixed
boundary problem for a multi-layered tissue.

The electric field distribution that will be produced by the current
generated by a muscle fiber has been widely investigated. Among
these studies, one of the most relevant to the volume conduction case
is the work done by Farina et al. in [87]. In this study, the authors
present an analytical model to determine the electric field distribution
produced by a muscular fiber (modeled as a tripole) placed inside a
concentric multi-layered tissue. Furthermore, their analytical model
can numerically simulate surface electromyography signals for
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different electric sources placed inside the tissues. However, the
application of this model is limited to ideal scenarios (concentric
cylindrical tissues), and to scenarios where the external electrodes are
punctual.

In recent years, the use of analytical models to model galvanic
coupling communications has also been proposed. For example, in
[88], the authors simplified the body geometry using multi-layered
ellipsoids. Using this simplification and considering dimensionless
electrodes, the authors developed an analytical model that describes
the voltage distribution within the tissue for a determined applied
current. However, the validation of the model was done using a
homogeneous saline solution. Thus, the validity of this model for
multi-layered scenarios is unclear.

Pun et al. proposed an analytical model for galvanic coupling
communications, where all the electrodes were attached over the skin
[89]. Their study simplified the arm geometry into a multi-layered
concentric cylinder. They compared the analytical results with a
multi-layered agar phantom and with in vivo studies in humans.
Although the error between the analytical and the in vitro results was
lower than 10%, for the in vivo case, the experimental results differ
significantly from the analytical results.

The analytical models have the advantage of describing the physical
reality in a concise and mathematical way. For this reason, in many
cases the analytical models are useful to identify the relevant factors
of the system and its iterations. Also, the computational cost of
solving these models is usually low. However, the obtention of a
closed analytical solution is wusually constrained to simple
geometries. Therefore, it is difficult to conceive analytical models
capable of modeling realistic systems accurately.

2.3.3 FEM models

To describe the distribution of the electric field within an
anatomically and geometrically complex body such as the human
body, several groups have proposed the use of finite element methods
(FEM) [55].
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Ruiz et al. initially proposed the use of FEM analysis to model a
capacitive coupling channel for wireless body area networks [90]. In
this work, the authors simplified the body’s geometry, considering
the extremities and the torso as concentric cylinders. Their simulated
results were validated using in vivo measurements, and the
comparison between both results highlights the validity of the FEM
model. Finally, they presented an original method to model the FEM
results using a lumped model.

This study was extended by Callejon et al. in [91] to consider
galvanic coupling for intrabody communications. The study models
the galvanic coupling system as a four ports network and uses the
Cole-Cole model to consider the frequency-dependent behavior of
the biological tissues. The same procedure was done in [92], but
considering the brain instead of the arm.

FEM models are the counterpart of the analytical models. These
models allow the solution of realistic problems with complex
geometries. Nevertheless, the physical interpretation of the numerical
results becomes challenging. In addition, as the complexity of the
model increases, the computational cost also increases and may
become a problematic factor.
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Abstract —Galvanic coupling, or more precisely volume conduction,
has been recently studied by different research groups as a method
for intrabody communications. However, only in a very few
occasions its use for powering implants has been proposed and proper
analyses of such capability are still lacking. We present the
development and the in vitro validation of a set of analytical
expressions able to estimate the maximum ac and dc powers
attainable in elongated implants when surrounded by a uniform
electric field coupled with volume conduction. In particular, the
expressions do not describe the complete power transfer channel but
the behavior of the implants when the presence of an electric field is
assumed. The expressions and the in vitro models indicate that time-
averaged powers above 1 mW can be readily obtained in very thin
(diameter < 1 mm) and short (length < 15 mm) implants when ac
fields that comply with safety standards are present in the tissues
where the implants are located. The expressions and the in vitro
models also indicate that the obtained dc power is maximized by
delivering the ac field in the form of short bursts rather than
continuously. The study results support the use of volume conduction
as a safe option to power implants.

Part of the contents of this chapter are adapted from the following publication:

M. Tudela-Pi, L. Becerra-Fajardo, A. Garcia-Moreno, J. Minguillon and A. Ivorra,
"Power Transfer by Volume Conduction: In Vitro Validated Analytical Models
Predict DC Powers Above 1 mW in Injectable Implants,” in IEEE Access, vol. 8,
pp. 37808-37820, 2020, doi: 10.1109/ACCESS.2020.2975597.
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3.1 Introduction

The use of volume conduction as a WPT method to power threadlike
AIMDs was validated in [20], [68], [69]. Furthermore, although
relevant properties of this method were already identified in [62]
(e.g., the power of the implant increases with the distance between
the implant electrodes), these works were mainly experimental and
thus, do not describe the proposed method analytically. Moreover, as
described in Chapter 2, the analytical models used for other volume
conduction applications cannot be directly rearranged to describe the
method described here. As stated in Chapter 1, to consolidate the
described method, it is necessary to have an analytical model, which
allows to identify the main parameters involved in the method and to
determine the power an implant can obtain.

This chapter presents the development and validation of a set of
analytical expressions able to estimate the maximum ac and dc
powers attainable in elongated AIMDs, where a uniform electric field
is applied. In particular, the expressions estimate the maximum ac
and dc powers implants can obtain when ac fields that comply with
safety standards are present in the tissues where the implants are
located.

3.2 Methods: Models
3.2.1 General features of the models

The expressions developed in this chapter model the presence of an
elongated implant within a tissue where an electric field exists due to
delivery of current through two external electrodes. The modeled
implant consists of two pick-up electrodes and an electric load (i.e.,
the electronics to be powered). This setup would represent
hypothetical scenarios of use for the proposed WPT method such as
the scenario depicted Fig. 3.1.
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External
generator

External
electrode

Fig. 3.1. Hypothetical scenario of use for the proposed WPT method. An ac electric
field is generated in the forearm tissues across a pair of external electrodes. The
implants draw electrical power using two electrodes located at their opposite ends.
The devices could be used, for instance, as electrical stimulators or sensors.

The electric field is modeled as homogeneous at the location of the
implant, and it consists in a sinusoidal waveform of frequency f and
amplitude Epeak that can be applied continuously or in the form of
bursts with duration B and repetition frequency F (Fig. 3.2).

Unless otherwise stated, f =5 MHz. The angle formed by the field
and the implant (i.e., direction defined by the two electrodes of the
implant) is a. Unless otherwise stated, « =0. To develop concise
analytical expressions, the following assumptions and simplifications
were made (most of them illustrated in Fig. 3.3):

peak

Fig. 3.2. The delivered electric field consists in a sinusoidal waveform of frequency
f and amplitude Epeax that can be applied continuously or in the form of bursts with
duration B and repetition frequency F.
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The implant is modeled as two conductive spheres, representing
its pick-up electrodes (diameter D and inter-center separation L)
and a resistance Rioad across these two electrodes that accounts
for the electronics of the device (Fig. 3.3a).

The volume of homogeneous medium surrounding the implant is
infinite relative to the dimensions of the implant.

The medium surrounding the implant (i.e., body tissue) is
resistive. That is, rather than modeling the tissue surrounding the
implant with, for instance, a Cole impedance model as it would
be appropriate in a multi-frequency study, the tissue is modeled
with a single resistance. This assumption is supported by the fact
that at a single sinusoidal frequency the passive electrical
properties of any material are appropriately modeled by a RC
circuit (see Fig. 3.3b) and, at the frequencies considered here (1
MHz < f < 20 MHz), soft tissues are predominately resistive, and
the capacitive component can be neglected [93]. In particular, the
phase of the admittivity of muscle tissue is only 11.5° at 1 MHz,
8.7° at 10 MHz and 10.8° at 20 MHz [94].

The passive electrical properties of the medium (i.e., body tissue)
surrounding the implant are isotropic. This assumption is
supported by the fact that when HF current is applied through the
tissues, the capacitive membranes of the cells are virtually short-
circuited, thus making the tissue isotropic [95]. Even in the case
of muscle tissue, which is highly anisotropic at low frequencies,
it can be considered isotropic for frequencies above 1 MHz [96].
The skin effect is considered negligible. The skin effect causes ac
current density to concentrate near the surface of the conductors
and hinders electric field penetration. However, in human tissues,
because their relatively poor conductivity, the skin effect only
becomes significant at frequencies well above 10 MHz [97]. As
latter discussed, for WPT by volume conduction, we recommend
the use of field frequencies below 20 MHz because of the skin
effect.

The electrode-electrolyte interface impedance is considered
negligible. This assumption is supported by the fact that the
interface impedance of metal electrodes is roughly equivalent to
a capacitance above 0.1 F/m? [98] that, for the electrode
dimensions and the frequencies considered here, translates into
an impedance magnitude in the order of tenths of ohm or a few
ohms (e.g., 0.4 Q for a spherical electrode with a diameter D of

35



CHAPTER 3: RECEPTION ANALYTICAL MODELS

0.5 mm and at a frequency f of 5 MHz). Therefore, the electrode-
electrolyte impedance is negligible to the equivalent resistance
across the implant electrodes (see subsection 3.2.3).

Tissue

Cole tissue model +
(1) implant electrodes

RC tissue model +
implant electrodes
Promessas (2) frequency= const.

Resistive model
|Zr| = Ry
(3) Ry >» 2|Zg|

Ry =R . =
a) b) T
i t +
Pick-up electrode ! toad (£)
\ [T’ﬂplﬂﬂt electronics \ ”Th(t) = ﬁ(:‘.) ? i RLU;ul vLUH(l(t) i
> 1 ! !
\1\ L T ;
\ Rl.oad - -
N T
L Equivalent circuit Implant electronics

Fig. 3.3. a) The implant is modeled as two conductive spheres, representing its
pick-up electrodes, and a resistance across these two electrodes that accounts for
the electronics of the device. b) The tissue surrounding the implant, the implant
electrodes and the presence of an electric field are modeled with a Thévenin
equivalent circuit. To obtain closed analytical expressions, the combined
impedance of the tissue and the electrodes is simply modeled with a resistance (see
subsection 3.2.1). This approximation can be understood as a three-step process:
first, the accepted Cole impedance model for living tissues is simplified to an RC
circuit considering that the frequency of the field is constant. Second, as stated in
the text, because of the high operating frequencies, the tissue is considered
predominantly resistive, and Cry is neglected. Third, since the impedance of the
electrodes is much smaller than the impedance across them, the impedance of the
electrodes is neglected.

3.2.2 Limitations imposed by safety standards

As explained in section 2.2, the safety standards developed by IEEE
[39] and ICNIRP [79] implicitly limit the maximum value of Epeak.
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These safety standards for human exposure to electromagnetic fields
identify two general sources of risk regarding passage of
radiofrequency (RF) currents through the body: 1) risk of thermal
damage due to the Joule heating and 2) risks caused by unsought
electrical stimulation of excitatory tissues with harmful effects
ranging from mild perception to death by ventricular fibrillation. The
limitations specified by the standards regarding heating are indicated
as a limitation to the SAR. The SAR limit (2.7) entails the following
limitation for continuous sinusoidal fields as in (2.8) and (2.9).

Unless otherwise stated, here the SAR limit of 10 W/kg averaged
over 10 g of tissue has been considered. At 5 MHz and in muscle
tissue (o = 0.59 S/m [94], p ~ 1000 kg/m?® [99]), this field amplitude
limit is roughly 180 V/m for FB = 1 and 580 VV/m for FB = 0.1. The
standards indicate that above a specified frequency the risks caused
by unsought electrical stimulation are negligible and only the SAR
limitation applies. The IEEE standard rightfully indicates that the low
frequency harmonics must be checked by using (2.5).

For persons in controlled environments and exposed tissues that are
neither the brain nor the heart, the standard determines a MPE of

2.1v/2 VIm for frequencies below 3350 Hz. For frequencies above,
the MPE is calculated as (2.4). This condition establishes another
limit to Epeax that can be lower than the threshold specified by the
SAR limitation for low duty cycles (see appendix 3.7). For muscle
tissue at 5 MHz (¢ = 0.59 S/m [94]), if FB > 0.1 then this second
threshold is higher than that imposed by the SAR limitation and
hence it can be neglected.

3.2.3 Absolute maximum attainable power

The implant is seen as a load by the tissues surrounding it. Therefore,
since the passive electrical properties of tissues are linear, a Thévenin
equivalent circuit can be implemented (Fig. 3.3b). This Thévenin
model (circuit outside dashed square/box in Fig. 3.3b composed of
vrn(t) and Rth) locally models the tissues surrounding the implant, the
implant electrodes and the presence of the electric field.
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The Thévenin voltage is the open-circuit voltage. That is, the voltage
across the implant electrodes when Rioag = 0. If the electric field
present at the location of the implant is sinusoidal, the Thévenin
voltage (vrn(t)) is also sinusoidal with amplitude [100]

Vrh peak — EpeakL cos(a) (3.1)
or, in general, for any field waveform
VTh rms — ErmsL COS((Z). (32)

The power drawn by the load is

P — VLzoad
Load RLoad
(V RLoad )2 (33)
_ Thrms RLoad + RTh
RLoad

For the circuit described in Fig. 3.3a, PLoad IS maximized when Rioad
matches Rth. Hence the maximum power that the implant can draw
is

max(Proad) = PLoad|
RLoad=RTh
_ (max(Vrp rms))?
B 4Ry,
 (max(Epms)L)?
B 4Ry,
max(SAR) pL?
B 4’RThO-

(3.4)

The Thévenin resistance, Ry, is the equivalent resistance across the
implant electrodes as seen from the implant (Ryg.q = ). In an
infinite volume, the resistance across two conductive spheres with a
separation distance much larger than their diameter (L > D) can be
approximated by [101]

Rh = —- (3.5)
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Hence the absolute maximum power that the implant can draw is

max(Ppyag) = %max(SAR)pDLZ. (3.6)

3.2.4 Maximum unregulated dc power

Most AIMDs will require dc power for functioning. In Fig. 3.4 it is
represented the most likely circuit topology to be employed in
AIMDs for extracting a dc power: a diode bridge full-wave rectifier
combined with a smoothing capacitor.

RTI' 3 ':Ilnptam (5) iLuad (t)

+ + 3 +

C_ Rl.uad

vrp(t) Vimplant (t)i Vigad(t) 3

Equivalent circuit Implant electronics

Fig. 3.4. Basic circuit topology for extracting dc power, consisting of a
diode bridge full-wave rectifier combined with a smoothing capacitor, connected
to the Thévenin equivalent. The Thévenin equivalent models the tissue surrounding
the implant and the presence of the electric field.

For analyzing the behavior of this system, a procedure similar to that
described in [102] is followed. Two assumptions are made. First, it is
assumed that the ripple factor of the rectifier is almost zero. That is,
the load voltage, Vioad(t), is assumed to be constant (i.e., Vioad(t) =
VLoad) ONce the circuit has reached steady-state. Second, the diodes of
the full-wave rectifier are modeled by the series combination of an
ideal diode, an ideal voltage source (Vpiode) Which accounts for the
forward voltage and a resistance (Rpiode). Initially, it is also assumed
that the electric field at the location of the implant is a continuous
sinusoidal field. Fig. 3.5 illustrates the main waveforms of the circuit
under the previous assumptions. The constant load voltage, Vioad, Can
be expressed as being equal to the value of the Thévenin voltage at
specific time points
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Fig. 3.5. Schematic representation of the main waveforms of the circuit represented
in Fig. 3.4.

Vioad = |vTh(kTr t tl)l

3.7
= |VTh peak cos(kT,w + ‘P)| 37)

where k is an integer, T, is the period of the rectified signal, w is the
angular frequency of the field and ¢ is a phase angle that relates both
voltages. In particular, for k = 0

Vioad = Vrh peak cos(¢). (3.8)
On the other hand, i;,.q(t) can be expressed as
iL0ad ® = |ilmp1ant(t)| —ic ®. (3.9)

Since vy 4,4 (t) is constant, iy ,,4(t) is also constant

1 (™
L0ad = FJ iLoad () dt
Lo (3.10)
= Ff |iImplant(t)| - iC(t) dt.
rJo
And since the average of i (t) must be zero
1 (™
I10ad = T_f |ilmp1ant(t)| dt. (3-11)

rJo
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The diode bridge only conduces when |vr,(t)] > vi0aq(t) +
2Vbiode- Therefore

VTh peak(coS wt — cos </7) - 2VDiocle
. B t)| > t) + 2Vp;
|llmplant(t)| = { R + 2Rpiode |17Th( )l VLoad( ) Diode (312)
0' |17Th(t)| < vLoad(t) + 2VDicde

As indicated in Fig. 3.5, ijmpiant flows between kT, — t, and kT, +

t,. These time points can be related to the phase of vy, (t) defining a
new phase angle

(3.13)

0 = w.t, = cos™t <VLoad + 2VDL‘ode)
- rt2 — - 5 |-

VTh peak

Then I} 4,4 Can be calculated using (3.11) and (3.12) as follows

Iioaa = l [ftz Vrn peak(COS(A)t — cos @) = 2Vpiode dt + fTr Vrn peak(COS wt — cos ¢) — 2Vpjoqe ¢
Tr 0 2RDicbde + RTh
= EVTh peak sinf — H(VLoad + 2VDiode)
- Ll 2RDiode + RTh ’

d
Ty—ta 2RDiucle + RTh ] (3 14)

From (3.8) and (3.14), the power obtained at the load is

Proad dc = VLoad/Load
2VTh peak

__ ZVmpeak (3.15)
7(2Rpjode + Rth)

cos @ [VTh peak sinf — Q(VLoad + 2VDiocle)]-

It can be numerically verified that for a given Vry, peax and a given

Vbiode there is an optimum value of V;,.,q that maximizes the
obtained dc power.

The absolute maximum possible dc power will be obtained in the case
of no loses, that is, in the case of ideal diodes (i.e., Vpioqe = 0 and
Rpiode = 0). In this case (3.13) can be rearranged as

Vioad = Vrh peak €0S(6). (3.16)

Comparing (3.8) with (3.16), we can assert that, for this case, 6 is
equal to ¢. Thus (3.15) becomes

2Vrh peak” ,
Pl oad dcideal = Tp:: cos @ (sin @ — ¢ cos @). (3.17)
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And it can be numerically determined that Py .4 dcidear 1S Maximum
when @ = 1.166 = @opr  (Vioad = 0.394 Vippeak aNd  Rygaq =
1.35 Ryy,). Substituting (3.1) into (3.17), and noticing that Epeax has
to fulfill (2.8), the maximum dc power that the implant can draw is

4 max(SAR) pL? i
maX(PLoad dc ideal) =——H — __Cos (popt (Sll’l goopt - (popt cos (popt)- (318)

TRthO
For conductive spherical electrodes Rh is calculated as (3.5), and in
this case (3.18) becomes

max(Ppoad dcideal) = 4 max(SAR) pDLZ COS Popt (Sin Popt

3.19
— Popt COS (popt)- ( )

The ratio between the maximum dc power that the implants can draw
(3.19) and the absolute maximum attainable power (3.6) is

n= maX(PLoad dc ideal)
max (PLoad)

. (3.20)
= ? COS Popt (Sln Popt — Popt COS (popt)

~ 0.9226.

The above expressions were found under the assumption of a
continuous sinusoidal field. For fields in the form of sinusoidal bursts
with duration B and repetition frequency F,

2FB VTh peak sinf — G(VLoad + 2VDiode)

(3.21)
2Rpiode + Rrn

ILoad FB =

where the product FB is the duty cycle of the bursts and it is
comprised between FB,,;, and 1, where FB;, IS the minimum duty
cycle to prevent unsought stimulation. Hence the obtained power is

Proad dc FB = Vioad/Load FB (3 22)
2FBVTh peak .
=—————cos¢ |} sinf — 6(V + 2Vbiode) |-
T[(ZRDiode + RTh) (P[ Th peak Load Diode ]
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If Vih peak > 2Vpioge the phase angle 6 defined in (3.13) will be

equal to ¢, see (3.8). Therefore, replacing 8 by ¢, and substituting
(3.8) into (3.22) lead to

2FB VTh peak

_ -~ 'Thpeak ing — 3.23
TRz + Rop) cos ¢ [sing — ¢ cos @]. ( )

Pioad dcFB (VTh peak > 2VDiode) =

3.2.5 Maximum voltage-regulated dc current

In most practical cases the dc voltage will have to be regulated at a
specific magnitude (e.g., +3.3 V) for powering the circuitry of the
AIMD. Although switching regulators may be an option, because of
size limitations, low-dropout (LDO) linear regulators will probably
be preferred. The circuit in Fig. 3.6 represents such scenario. Linear
regulators provide a regulated dc voltage at their output (Vioad) if the
dc voltage at their input satisfies Vreg > Vioad + Vbrop, Where Vprop IS
the so-called dropout voltage, and they waste a small portion (lg) of
the input current (Ireg) SO that I oad = Ireg — lg. In this case, since Vioad
is fixed, the objective is not to determine which is the maximum dc
power at the load (VioadlLoad) but the maximum current that can be
obtained. The load seen by the diode-bridge and the smoothing
capacitor (Cy) is the combination of the actual load (Rioad) and the
load of the LDO regulator. Hence, the power expressions obtained
above must be equaled to

Proad+Reg = VReglReg (3.24)
= VReg([LOad + IQ)

'Rﬂ'—l EEIm:plant (t) iR(Lg (t) DC/DC il..uad (t)
L ' |
+ + + [ Ree +
! c Rioad |
vrn(t) vlmplanr(t): VReg (t) VLodd(t)i
| |
- - :
I ic(t - Yio(t -
| «® o)
Equivalent circuit Implant electronics

Fig. 3.6. Basic circuit topology for obtaining a regulated dc voltage to power a load
(Ruoad)- Here it is assumed that the DC/DC regulator consists in a linear regulator.
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The maximum regulated dc current that can be obtained (lLoad) is that
one that ensures that the regulator works properly, that is, that for
VReg = Vioad + VDrop-

3.3 Methods: Setup for in vitro validation of the models

An in vitro experimental setup that replicates the assumptions made
to develop the previous expressions was implemented (Fig. 3.7). The
ac electric field was delivered by two 86.5%x30 mm parallel aluminum
plates acting as the external electrode These two electrodes were
attached to opposite internal sides of a polycarbonate container (inner
dimensions: 84 x86.5x30 mm) filled with a NaCl solution whose
conductivity was measured with a conductivity tester (HI 98312 by
Hanna). Sinusoidal voltages, either continuous or in the form of
bursts, were generated across the electrodes by the combination of a
function generator (4064 by BK Precision) and a custom-made high-
HF, high-voltage amplifier. In all instances, the applied voltage was
measured using a digital oscilloscope (TPS2014 by Tektronix).

Voltage generator + HV amplifier Validation circuits

Saline solution

< > electrodes
84 mm

Fig. 3.7. Schematic representation of the in vitro setup developed to validate the
analytical models (see text for details).
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Unless otherwise stated, the amplitude of the applied voltage (A) was
adjusted to obtain a SAR of 10 W/kg (in particular, for the described
experimental setup, this corresponds to 2.2 W). That is

/ZpSAR
A= d, (3.25)
ocFB

where d is the distance between the plate electrodes (84 mm). The
dimensions of this setup were chosen to be large for maximizing the
uniformity of the electric field at the location of the pick-up
electrodes while allowing the use of the custom-made HF high-
voltage amplifier (limited to 180 V, 1 A and 5 MHz). The pick-up
electrodes of the implants were represented by stainless steel (SAE
317) spherical electrodes with three different diameters: 0.5 mm,
1 mm, and 1.5 mm. Each electrode was laser welded to a 5 cm piece
of 32 AWG enameled copper wire.

3.3.1 Absolute maximum attainable power

To validate (3.6), the pick-up electrodes were connected to a high-
precision potentiometer acting as a variable resistor (see validation
circuit A. in Fig. 3.7). Before connection, the resistance of the
potentiometer (Rioad) Was adjusted to match Rt as provided by (3.5).
Such adjustment was performed using a multimeter (38XR-A by
Amprobe). After connection, the load voltage, Vioad(t), was recorded
using the digital oscilloscope and max (Proad) Was calculated as the
square of the rms recorded voltage divided by the value of Rioad,
considering a time interval of 5 ps.

3.3.2 Maximum unregulated dc power

To validate (3.15) and (3.22), it was implemented a PCB with the
implant circuit represented in Fig. 3.4. The diodes of the diode-bridge
were Schottky diodes (RB521ZS-30 by Rohm Semiconductor). The
capacitor C had a capacitance of 10 uF. RiLoad Was again a high-
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precision potentiometer acting as a variable resistor. The diode model
parameters used in the analytical expressions were Vpiode = 0.2 V and
Rpiode = 14 Q. In the experiments reported below in which the value
of RiLoad Was not fixed, the expression for Proad ac Was numerically
maximized for obtaining the optimum ¢ value and hence the optimum
RLoad Was found for maximum power. When the value of Rioad Was
fixed, the expression for Proad dc r8 Was numerically maximized for
obtaining the optimum FB value.

3.3.3 Maximum voltage-regulated dc current

A LDO regulator (ADP7112 by Analog Devices) adjusted to produce
3.3V was mounted on the referred PCB to implement the implant
circuit in Fig. 3.6. To study its analytical behavior, its quiescent
current (lg) was set to 80 HA and its dropout voltage (Vorop) tO
30 mV. Both values are given by the manufacturer for ILoad = 10 MmA.
The capacitor C had a capacitance of 10 pF.

3.4 Results

3.4.1 Inter-electrode distance and electrodes diameter

At f =5 MHz, for a SAR of 10 W/kg and for the properties of a saline
solution that resembles the properties of muscle tissue, Fig. 3.8
displays a set of results obtained by applying the analytical
expressions together with the corresponding validation results using
the in vitro setup. In particular, the absolute maximum attainable
power, max (Proag), in Fig. 3.8a, and the maximum obtained dc
(unregulated) power, max (PLoadpc) and max (PLoadpc F8), in Fig. 3.8b
and in Fig. 3.8c, are represented as a function of the inter-electrode
distance (L) and the electrodes diameter (D). Besides confirming the
validity of the models, these results indicate that dc powers above
1 mW can be obtained in very thin (diameter < 1 mm) and short
(length < 15 mm) implants. Harvested dc power is larger when the
sinusoidal electric field is delivered in the form of bursts (Fig. 3.8c),
than when it is delivered continuously (Fig. 3.8b).
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Fig. 3.8. Dependency of the maximum power attainable at the implant load on the
electrodes diameter (D) and on inter-electrode distance (L). Conditions: SAR = 10
Wi/kg, f = 5 MHz, ¢ = 0.58 S/m (0.3% NaCl) and p = 1000 kg/m3. Solid lines:
results from the analytical expressions; a) (3.6), b) (3.15), c) (3.22). Circles:
experimental results; a) using Fig. 3.7A, b) and c) the circuit represented in Fig.
3.4 a) Absolute maximum attainable power. b) maximum dc (unregulated)
attainable power for a continuous sinusoidal field. ¢) maximum dc (unregulated)
attainable power for a sinusoidal field applied in the form of bursts (F = 10 kHz,
B =50 ps).
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However, even when the field is delivered in the form of bursts, the
obtained dc power is still considerably smaller than the absolute
maximum attainable power (Fig. 3.8a). This fall in performance
becomes especially noticeable for short inter-electrode distances. As
further stressed in the following subsections, fall in performance is
more severe for short implants because the voltage picked up by the
implant electrodes approaches the magnitude of the forward voltage
of the rectifier diodes and hence the relative energy losses are higher.

3.4.2 Dependency on the conductivity of the medium

As (3.6) indicates, and as we in vitro demonstrated in [71], the
absolute maximum attainable power is independent of the
conductivity of the medium. Therefore, here only the dependency of
max (PLoadpc) On the conductivity of the medium is inspected. In Fig.
3.9, harvested dc power is surveyed for three different NaCl solutions

® NaCl=0.1% ¢ NaCl=03% *  NaCl=0.9%

2.5 T 25 T
Parameters: b) Parameters:

D =1mm D =1mm
SAR=2 Wikg SAR=2 W/kg

| FB =1— Continuous £ | FB =0.1 — Burst

F 10 kHz

a)

(=]
[§]

n
n
T

PL(md de (mW)
5]
F Load dc FB (mW)

0.5r

=)
tn

0 0

2 3 4 2 3 4
Inter-electrode distance L (cm) Inter-electrode distance L (cm)

Fig. 3.9. Dependency of the maximum dc power attainable at the implant load on
the inter-electrode distance for three different conductivities of the medium.
Conditions: SAR =2 W/kg, f =5 MHz, g, = 0.20 S/m (0.1% NaCl), , = 0.58 S/m
(0.3% NaCl), o5 =1.52 S/m (0.9% NacCl), p = 1000 kg/m?® and D = 1 mm. Solid
lines: results from the analytical expressions; a) (3.15) and b) (3.22). Markings:
experimental results using the circuit represented in Fig. 3.4 a) Maximum dc power
when the field is applied continuously. b) Maximum dc power when the field is
applied in the form of bursts (F = 10 kHz, B = 10 ps).
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with conductivities representative of those found in human tissues. In
the case of a continuous field (Fig. 3.9a) it can be observed a notable
dependency on the conductivity of the medium. For instance, for L =
3 cm, the obtained dc power for o = 0.2 S/m nearly doubles that for
o = 1.52 S/m. The main reason for this dependency is that Epea, and
hence Vthpeak, Must be reduced at higher conductivities for keeping
the SAR value (2.8) and that causes bigger relative losses at the diodes
of the full-wave rectifier. On the other hand, if the field is applied in
the form of bursts (Fig. 3.9b), since Epeak, and hence Vrnpeak, Can be
higher for the same SAR, the obtained dc power is not only higher but
also less dependent on the conductivity of the medium. For instance,
for L = 3 cm, the dc power for ¢ = 0.2 S/m is only about 20% higher
than that for o = 1.52 S/m.

3.4.3 Load resistance and impedance matching

In the two previous sub-sections it was applied the optimum Rioad t0
maximize the harvested power. Since, in most scenarios, Rioad Will
be a non-adjustable parameter, it is worth inspecting how the
harvested power depends on it. In Fig. 3.10 it is displayed the
dependency of the maximum attainable power on the value of Rioad
for the range from 200 Q to 200 k< in the case of a modeled implant
with D =1 mm and L =30 mm in a medium with ¢ = 0.58 S/m. For
these parameters Rty = 550 Q. If the voltage is not rectified, that is,
if the resistive load is directly connected to the implant electrodes,
the dissipated power at the load (PLoad ac) IS maximum when Rioad =
Rrh. That is the point at which the absolute maximum attainable
power is reached. Similarly, a (lower) maximum harvested dc power
is found at a Rioad = Rioad opt dc if the sinusoidal electric field is applied
continuously. In both cases the obtained power decreases
substantially when Rioag is lower or higher than the optimum one.

However, if the electric field is applied in the form of bursts, the drop
in harvested dc power can be mitigated, and actually reverted, for
loads above Rioadoptac. The use of bursts intro duces an additional
parameter for allowing power optimization: the duty cycle, FB. By
reducing FB the loss in performance due to the increase of Rioad Can
be compensated. Moreover, since by reducing FB the field amplitude,
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Fig. 3.10. a) Dependency of the maximum dc power attainable at the implant load
on the value of R;,,q. Conditions: SAR = 10 W/kg, f =5 MHz, ¢=0.58 S/m
(0.3% NaCl), p = 1000 kg/m?, L = 3 cm and D = 1 mm. Green trace and markings:
maximum dc power for a continuous ac field (3.6). Blue trace and markings:
maximum dc power for an ac field applied in the form of bursts (duty cycle
optimized) (3.22). Solid lines: results from the analytical expressions. Markings:
experimental results using the circuits represented in Fig. 3.4 (DC) and Fig. 3.7.A
(AC). b) Optimum duty cycle, FB, for obtaining the results in sub Fig. 3.10a).

Epeak, Can be increased for the same SAR value, the losses associated
with the diodes are reduced and hence the power obtained at the load
is higher than that obtained for a continuous electric field at Rioad =
RLoad opt dc. AS it can be observed in Fig. 3.10, the obtained dc power
reaches values (~ 6 mW) close to the absolute maximum attainable
power (~ 7 mW). Nevertheless, FB cannot be reduced without limit.
As explained in the subsection 3.2.2 and in the appendix 3.7, FB must
be limited to prevent unsought stimulation. In the case illustrated in
Fig. 3.10, FB was limited accordingly and that causes the drop of
power observable when Rioag is larger than 57 k.

3.4.4  Maximum voltage-regulated dc current

For a range of inter-electrode distances (L €[0.5 cm, 5.5 cm]), Fig.
3.11 shows the maximum dc current attainable at the output of the
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linear regulator (Fig. 3.6) when the ac electric field is applied in three
different ways: continuously, in bursts with a constant duty cycle (FB
=0.2) and in bursts with a duty cycle optimized for the load seen by
the diode-bridge.

For short implants it can be clearly noticed the benefit of using ac
fields in the form of bursts. If a continuous ac field is employed,
voltage regulator operation is impossible for implants of 2 cm or
shorter whereas, for that same length, if the field is applied in the
form of bursts, operation is possible and currents of 500 YHA can be
readily drawn by the load. In addition, the results displayed in Fig.
3.11 also illustrate the importance of optimizing the duty cycle: to
obtain a current of 500 pA the minimum implant length is 1.65 cm in
the case of optimum FB whereas such minimum length has to be
increased to 2.56 cm if the constant duty cycle is used.

6 T T T T T T

Parameters: L] FB — optimum

2] =1 mm * FB—0.2
< SAR 10 W/ke ¢ FB — continuous
E4r =
— 4 =0.58 S/m <
=7 <
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Fig. 3.11. Dependency of the maximum voltage-regulated (+3.3 V) dc current
attainable at the implant load on the inter-electrode distance (FB) for three different
field patterns: continuous (green), in the form of bursts with a constant duty cycle
of 0.2 (dark blue) and in bursts with an optimized duty cycle (blue). Conditions:
SAR =10 W/kg, f =5 MHz, ¢=0.58 S/m (0.3% NaCl), p = 1000 kg/m®and D =
1 mm. Solid lines: results from the analytical expressions; continuous (3.14), bursts
(3.21). Markings: experimental results; using the circuit represented in Fig. 3.6.
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3.5 Discussion

As stated in Chapter 2, only in a very few occasions the use of volume
conduction for powering AIMDs has been proposed and studied.
And, to the best of our knowledge, no commercial AIMDs use it. The
reasons why other teams are reluctant — or did not conceive — to use
volume conduction for power thin and elongated implants can only
be guessed.

We conjecture that the reluctance mainly arises from not recognizing
two facts about volume conduction. First, large magnitude high
frequency (> 1MHz) currents can safely flow through the human
body if applied as short bursts. Second, to obtain a sufficient voltage
drop across its two intake (pickup) electrodes, the implant can be
shaped as a thin and flexible elongated body (Fig. 3.1) which is a
configuration highly suitable for minimally invasive deployment
through injection or catheterization.

One of the few studies in which volume conduction has been studied
for powering elongated implantable devices is [65]. Although that
study reinforces the main notion of this study (i.e., volume
conduction can be an effective method for powering AIMDs), it must
be noted that some of the results and conclusions of that study are
implausibly benign according to the assumptions and results of this
study. For instance, that study reports that with an interelectrode
distance of only 1 mm the implant can harvest a dc voltage of 0.44 VV
when the SAR is below 1 W/kg (f = 13.9 MHz, FB = 1). We deem
this result is implausible because a harvested dc voltage of 0.44 V by
an implant placed 5 cm inside the tissues would imply Vth > 0.44 V
which in turn would imply Eth > 440 V/m in its surrounding tissues.
Furthermore, since volume conduction is a non-focalized WPT
method, the electric field is expected to be higher in more superficial
locations. Although we do not have enough information to compute
the exact value of the SAR averaged over 10-g of tissue, the
magnitude of the electric field in the implant location together with
the distance between external electrodes (from 2 to 5 cm), leads us to
be skeptical about the feasibility of achieving the powers reported in
[65] without exceeding the limits established by international safety
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standards. Another result of that study that we deem implausible is
the absence of a significant impact on the obtained power by the
relative angle between the external electrodes and the implant
electrodes. Since the electric field direction depends on the
orientation of the external electrodes, such result would imply that
the obtained power is independent of a. And this, as illustrated in Fig.
3.12, is far from what our models and previous results [103] indicate:
if the electric field is perpendicular to the implant then the harvested
power is null.

Powering AIMDs by volume conduction requires the delivery of
currents through external electrodes so that electric fields appear in
the tissues where the AIMDs are located. For the sake of brevity and
simplicity, the aspects related to current delivery are intentionally
neglected in this study; the presence of a homogeneous electric field
is assumed. We will treat these aspects in subsequent studies.
However, there is an aspect worth briefly discussing now: the impact
of the skin effect. In particular, at 10 MHz the current density 10 cm
deep within muscles, Jio cm, is approximately half of the current
density at the surface, Jo; and at 100 MHz J1ocm = 0.1Jo.
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Fig. 3.12. Dependency of the absolute maximum power attainable at the implant
load on the angle (a) between the electric field and the implant. Conditions: SAR =
10 W/kg, f =5 MHz, FB=1, L=30mm, D=1 mm, ¢ =0.58 S/m (0.3% NaCl)
and p = 1000 kg/m?®. Solid lines: results from the analytical model (3.6). Circles:
experimental results (the two-spheres arrangement for the implant electrodes in
Fig. 3.7 was rotated with respect to the plate electrodes) using the circuit
represented in Fig. 3.7a.
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Therefore, it appears sensible not to use frequencies significantly
above 10 MHz if it is intended to power deep seated implants. That
is why we recommend the use of frequencies below 20 MHz (but
above 5 MHz to prevent unsought stimulation).

Another limitation of this study is that, again for the sake of
simplicity, the shape of the pick-up electrodes was restricted to
spheres. This limits their surface area and hence hinders reducing Rth.
It is worth noting that, for a given electrode diameter (e.g., the
maximum allowed by the lumen of a needle), larger powers than
those reported here will be harvested if the electrodes are shaped as
cylinders rather than as spheres since they will have a lower Ry
[101]. Recalling from (3.3), it will imply higher power harvested.

The results obtained here show minor differences between the model
and the data obtained in vitro. These differences are most likely due
to geometrical tolerances in the in vitro setup, and limitations in terms
of resolution and accuracy imposed by the measurement equipment.

In terms of power transfer efficiency, the specificity of the setup used
in this study limits the direct comparison of the results with those
obtained with other WP technologies such as inductive coupling and
ultrasonic power transfer. However, it is worth noting that we
envision systems with the PTE ranging from 0.01% to 1%. For
instance, we performed a numerical study in which it was simulated
power transfer by volume conduction to stimulation implants in an
anatomically realistic leg model and we obtained a PTE of about
0.05% with an input power requirement of less than 4 W, which is
low enough to grant the use of small portable rechargeable batteries
[104]. Additionally, it must be noted that the results obtained here
demonstrate that the maximum attainable power can be well above 1
mW and that such power is enough to supply the electronics of most
AIMDs. For instance, power consumption of the electronics of a
recently commercialized injectable glucose sensor (Eversense by
Senseonics Inc.) is in the order of 250 uW [105].
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3.6 Conclusion

This study supports the use of volume conduction as a safe option to
power very thin and flexible AIMDs. It provides a theoretical
framework for optimizing both the design of the implants and the
applied electric fields used to power them. The developed analytical
expressions, which are in vitro validated in this study, indicate that
dc powers above 1 mW can be readily obtained in very thin (diameter
<1 mm) and short (length < 15 mm) implants when ac electric fields
that comply with safety standards are present in the tissues where the
implants are located. Other main conclusions are:

1. The obtained dc power is maximized by delivering the ac field in
the form of short bursts rather than continuously.

2. The maximum attainable dc power depends on the conductivity
of the medium. Such dependency is minimized by delivering the
ac field in the form of short bursts rather than continuously.

3. Both the absolute maximum attainable power and the maximum
attainable dc power exhibit a distinctive maximum for a specific
load resistance (i.e., optimum load resistance). If the ac field is
delivered in the form of bursts rather than continuously, it is
possible to set the value of the optimum load resistance by
adjusting the duty cycle of the bursts.

The use of volume conduction for powering AIMDs could overcome
some of the limitations imposed by other technologies in terms of
size and invasiveness. This would improve the deployment and
usability of AIMDs in several applications such as bioelectronic
medicines [106], neuro-prostheses [8] and implantable sensors [107].
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3.7 Appendix

Maximum field amplitude Ilimited by unsought
simulation in the case of sinusoidal electric fields applied
in the form of bursts.

The waveform obtained for this case considering a single period can
be mathematically expressed as

Epear Sin2mft),  |t| < B/2

(3.26)
0, |t|=B/2

E(t) = {

where Epeac must fulfill (2.4) to avoid tissue overheating. The
complex Fourier series representation of (3.26) can be defined as

(o0}

E(t) = Z ¢, ein2nFt (3.27)

n=—oo

The complex Fourier coefficients of (3.27) can be determined as

B/2 '
¢ =F f E(t)e-im2mFt g, (3.28)
-B/2

Integrating (3.28) and applying

E FB

peak _

E, = { > fn=f (3.29)
2|cyl, Fn+f

the En magnitude of the n'™ Fourier component of the exposure field
can be determined. Finally, the obtained set of En has to fulfill (2.5)
to avoid possible stimulation. In this studied case, (2.5) limits the
maximum Epeak When FB tends to be much lower than 1. This fact is
illustrated in Fig. 3.13. Considering a SAR = 10 W/kg, f =5 MHz,
o = 0.59 S/m, and p = 1000 kg/m?3 it can be noticed that for FB > 0.05
and F > 100 Hz the maximum Epeax is limited due to the SAR
restriction (2.7). On the other hand, when FB is decreased (2.5) has
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to be considered. Remarkably, considering the same FB, for higher
F, higher Epeak amplitudes can be safely applied.

2000 T

Parameters:

= SAR =10 W/kg
£ 1500 ¢ —
a a =0.59 S/m
Ji P 1000 kg/ m’
.- .--"F-- ~
=000 | “LkH, / 5 MHz
E = F=100 Hz
I?‘g 500
2
O 1
0.01 0.1 1

Burst duty cycle

Fig. 3.13. Maximum Epea allowed for avoiding tissue overheating and stimulation.
Solid lines: maximum Epeax for F = 100 Hz, F = 1 kHz, and F = 10 kHz. Dashed
line: maximum Epeax due to the SAR restriction for F above 10 kHz. Conditions:
SAR =10 W/kg, f =5 MHz, o = 0.59 S/m, and p = 1000 kg/m?.
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CHAPTER 4: TRANSMISSION LINK MODEL AND PARAMETRIC ANALYSIS

Abstract — The use of networks of wireless active implantable
medical devices (AIMDs) could revolutionize the way that numerous
severe illnesses are treated. However, the development of sub-mm
AIMDs is hindered by the bulkiness and the transmission range that
consolidated wireless power transfer (WPT) methods exhibit. The
aim of this work is to numerically study and illustrate the potential of
WPT based on volume conduction at high frequencies for powering
AIMD:s. In this study, the system formed by the external electrodes,
the tissues and the implants were modeled as a two-port impedance
network. The parameters of this model were obtained using a
numerical solver based on the finite element method (fem). The
model was used to determine the power delivered to the implants and
the power transmission efficiency of the system. The results
demonstrate that volume conduction at high frequencies can be the
basis for a non-focalized WPT method that can transfer powers above
milliwatts to multiple mm-sized implants (< 10 mm?) placed several
centimeters (> 3 cm) inside the tissues.

Parts of the contents of this chapter are adapted from the following publication:

M. Tudela-Pi, J. Minguillon, L. Becerra-Fajardo and A. Ivorra, "Volume
Conduction for Powering Deeply Implanted Networks of Wireless Injectable
Medical Devices: A Numerical Parametric Analysis," in IEEE Access, vol. 9, pp.
100594-100605, 2021, doi: 10.1109/ACCESS.2021.3096729.
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4.1 Introduction

Chapter 3 presents a set of analytical models to determine the
maximum power an implant can obtain by applying a uniform
electric field. These models set the basis of the theoretical framework
of volume conduction as a WPT method for threadlike implants.
Nevertheless, these models cannot be used directly in finite
geometries that include multiple tissues nor in multiple implant
environments.

In this chapter, it was considered a more realistic finite scenario that
includes multilayered tissues and the whole transmission link (i.e.,
the combination of external electrodes, multilayered tissue media,
and implants) (Fig. 4.1a). In order to parametrically analyze how
different geometrical and anatomical parameters influence the PDL
and the PTE, the envisioned scenario (Fig. 4.1a) was simplified using
a concentric cylindrical approach (Fig. 4.1b) as it has been done in
previous studies in which volume conduction has been analyzed for
communications [22]-[24]. Additionally, the system is modeled
using a two-port network (Fig. 4.1c) instead of using an analytical
approach, since an interpretable closed analytical expression is not
feasible because the medium is finite and includes multiple tissue
layers. The parameters of the two-port network were obtained using
a fem solver.

The electrostimulation risk is not addressed as we propose the use of
currents with a frequency of 6.78 MHz, which is above the 5 MHz
limit. The 6.78 MHz corresponds to the central frequency of an ISM
radio band, thus the possibility of interfering radiocommunications is
minimized. We advise against the use of higher ISM radio bands
(above 10 MHz) to avoid losses due to skin effect [108], especially
in cases where the AIMDs are implanted several centimeters into the
tissues
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Fig. 4.1. a) Envisioned scenario where a swarm of threadlike AIMDs are powered
using volume conduction. b) Simplified model of an upper arm that consists in a
multilayered concentric cylinder (skin, fat, muscle, cortical bone, and cancellous
bone), two external electrodes and two cylindrical electrodes that emulate an
implant. ¢) Two-port network model of the coupling between the external

electronic system and the implant electronics.
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4.2 Modelling

The volume conduction links formed by the external electrodes, the
upper arm tissues and the implants’ electrodes were modeled using
multi-port networks. The impedance parameters of these networks
were obtained using a fem solver.

4.2.1 Geometry

The upper arm geometry was simplified as a five-layer concentric
cylinder, as shown in Fig. 4.2, where each layer emulates a tissue:
dry skin, fat, muscle, cortical bone, and cancellous bone (Fig. 4.2).
Table 4.1 reports the thicknesses used for each layer.

a Skin
Fat | i

Muscle

Cortic.
Canc. |-

- Long. External External

§ electrode electrode =3
[a}

Fig. 4.2. Schematic views of the model. The implant electrodes (plotted in black)
are placed at a depth of 30 mm and longitudinally aligned with the multilayered
cylinder. a) Longitudinal mid cross section. Longitudinal lines LL1, LL2, LL3, and
LL4 are located in fat (depth = 5mm), muscle (depth =20 mm), muscle
(depth = 35 mm) and cancellous bone (depth = 50 mm) respectively. b) Transverse
mid cross section.

Similar models have been broadly used to model the upper arm in
galvanic coupling communication models [91], [109], [110]. Since
all the tissues can be considered electrically isotropic for high
frequencies [95], and the quasi-electrostatic condition is considered,
each layer was electrically characterized with two scalars:
conductivity (o) and permittivity (¢). The electrical values of these
parameters, for a frequency of 6.78 MHz, were taken from [94],
while the tissue density was obtained from [111]. These parameters
are reported in Table 4.2.
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TABLE4.1
MODEL NOMINAL DIMENSIONS
Description Value (mm)
Limb segment (multilayered cylinder)
Length 220
Dry skin thickness 1.5
Fat thickness 8.5
Muscle thickness 27.5
Cortical bone thickness 6
Cancellous bone thickness 6.5
External electrodes
Length 30
Inner radius 50
Electrode thickness 1
Implant electrodes
Length 2
Diameter 0.5
Separation distance 30
TABLE 4.2
ELECTRICAL PROPERTIES AND DENSITY OF THE MATERIALS
. . Conductivity Relative Density
Tissue/Material s(SIM)  permittivity s p (kg/m?)
Dry skin 0.15 478 1109
Fat 0.03 16 911
Muscle 0.60 233 1090
Cortical bone 0.04 48 1908
Cancellous bone 0.12 90 1178
Stainless steel 1.4-108 1 8000

Although for comfort we propose, and have demonstrated, the use of
external electrodes made of conductive fabric [20], in this simplified
model the external electrodes consisted in a pair of cylindrical rings
embracing the skin with dielectric properties and density equivalent
to those of stainless steel [112]. Their dimensions are also reported
in Table 4.1. Unless otherwise indicated, the separation distance
between the edges of both electrodes was 100 mm and their length
was 30 mm.
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Regarding the elongated implant, for the sake of simplicity, it was
modeled as an aligned pair of stainless-steel cylindrical electrodes
separated at a given distance. Their dimensions are reported in Table
4.1. Unless otherwise stated, the implant electrodes were placed at a
depth of 30 mm. They were longitudinally aligned with the
multilayered cylinder, placing one electrode at the longitude of 95
mm and the other one at 135 mm. For both electrodes, the transverse
position was set to zero (see Fig. 4.2).

4.2.2 Multi-port networks models

The system composed of the external electrodes, the tissues, and the
implants’ electrodes, is linear and reciprocal for low current densities
[113]. For this reason, it can be modeled with multi-port networks.
For the case of a single implant, the system can be modeled as a
two-port network [114]

V:ex _ Zex Zexirn Iex (4 1)
V; Zexim Zi Ii ’

where Vex (Vrms) and lex (Arms) are the transmitter voltage and current
phasors, while Vim (Vims) and lim (Ams) are the implant voltage and
current phasors, and the impedances are defined as
def Vex def Vim def Vex
Zex = ~,Zim = Iim 7Z - (42)

exim —
I ex | [ I im

=0 Tex=0 Tex=0

where Zex corresponds to the impedance between the two external
electrodes, Zim is the impedance between the implant electrodes, and
Zexim 1S the transimpedance between the external electrodes and the
implant electrodes. For the studied frequency, the tissue impedance
seen by the implant electrodes is mostly resistive due to the biological
properties of the tissues (see Table 4.2). Assuming a purely resistive
Zim, the maximum power is transferred to the load when the implant
load (RL) matches Zim. For this reason, R was set to be equal to the
real part of Zim. Consequently, the implant current was defined as

65



CHAPTER 4: TRANSMISSION LINK MODEL AND PARAMETRIC ANALYSIS

(4.3)

For the cases in which two implants were considered, the two-port
model (4.1) was expanded to a multiport model

Iex
[Lml] ; (4.4)

Tim2

Vim1 Zoximl  Zim1  Zimlim2
Vim2 Zexim2  Zimlim2  Zim2

Vex ] [ Zex Zeximl Zexim?

where

A——— Vin2 . (4.5)
Iiml

fim2=0,Jiex=0

4.2.3 Extraction multi-port networks parameters

For the described scenario, the quasi-static electric field approach can
be assumed, since for a frequency of 6.78 MHz, the electric field
wavelength is much larger than the model dimensions.

The model geometry described in Fig. 4.2 was implemented in
COMSOL Multiphysics 5.3 (from COMSOL, Inc., Burlington, MA,
US) to calculate the electric field distributions and the parameters of
the multi-port network models using the “Electric Currents (ec)”
physics from the “AC/DC module”. This physics mode considers the
quasistatic approach and solves the following equations

dpc
= 4.6
vV-J 5 (4.6)

where J is the current density (A/m?) and pc is the charge density
(C/m?3),

J=0E +iwD, (4.7)
being w the angular frequency of the field (rad/s), and D the electric
displacement field (C/m?),
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D = ¢y E (4.8)
and

E = ~VVims. (4.9)

The used mesh consisted of two tetrahedral meshes. The first one was
applied in the regions close to the implant electrodes (< 5 mm from
their centers), imposing a maximum edge length of 0.1 mm. This
refined mesh was used to obtain a proper resolution and therefore
accurate impedance values for the implant electrodes. The second
one comprises the rest of the geometry and was automatically
generated. The total number of elements was comprised between
1,000,000 and 1,200,000.

The multi-port impedance parameters were extracted simulating the
delivery of a known current (f = 6.78 MHz) through the selected
electrodes and measuring the received voltage at the electrodes of
interest, see (4.2). To calculate the averaged SAR, the normalized
values of the simulated Emms and o were stored in a regular 3-D grid
(steps of 1 mm) for the whole geometry. Then, using MATLAB
R2019a (from MathWorks, Inc., Natick, MA, US), the local SAR
(2.7) was averaged over cubes with a volume of ~10 cm? (edge equal
to 21 mm and an approximately mass of 10-g) for each of the grid
points. The peripheral points that could not be the center of a cube,
as the cube included points outside the tissues, were assigned to the
highest spatial-averaged value in which they were enclosed as
indicated by an IEEE guide [115].

4.2.4 PDL and PTE
The power delivered to the implant load can be calculated as
Vi

Ry,

The active power (Pin) coupled to the tissues by the external
electrodes is calculated as

PDL = (4.10)
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Pin = IexVeXCOS<<;0)7 (4.11)

where ¢ is the phase (rad) between Vex and Iex. As most of the power
is dissipated at the tissues and as will be seen, only a tiny portion can
be dissipated at the implants, the applied power (4.11) can be
approximated as

P ~ IZR(Zey). (4.12)

Therefore, the active power transfer efficiency (PTE) is calculated as

N
PTE = w, (4.13)
1

where N is the total number of implants.

4.3 Results
4.3.1 Electric field inside the tissues

The amplitude of the external HF current that can be coupled to the
tissues is limited by the SAR restrictions. For the nominal model of
Table 4.1, it was found that the applied current must be below
0.46 Ams (at 6.78 MHz), since above this value, the local averaged
SAR will overpass the limitation of 20 W/kg. If not otherwise
indicated, this value will be the applied current for the following
cases. Fig. 4.3 shows the averaged SAR distribution when the external
electrodes apply 0.46 Ams at 6.78 MHz. The results highlight that the
averaged SAR is focused close to the external electrodes and has a
maximum value of 20 W/kg.
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Fig. 4.3. Distribution of SAR averaged over a 10-g cube (longitudinal mid cross
section). The current applied between both external electrodes was 0.46 Arms. The
maximum SAR was located close to both external electrodes (20 W/Kg).

Fig. 4.4a shows the electric field distribution along four longitudinal
lines at the depths: 5 mm, 20 mm, 35 mm, and 50 mm (see Fig. 4.2a).
The maximum electric field is located close to both external
electrodes (see LL1, which runs through the middle of the fat layer).
However, it can be observed how the electric field tends to be
uniform a few centimeters away from the external electrodes.
Considering the most central segment of the model (i.e., longitudes
between 95 mm and 125 mm) the electric field can be considered
depth-independent (e.g., at a depth of 50 mm the electric field is just
1.5% lower than at a depth of 5 mm, for the entire range). The electric
field at mid distance between the external electrodes (i.e., longitude
position equal to 110 mm) is of about 155 Vms/m. Considering an
implant with a length of 30 mm and aligned parallel to the applied
electric field, the voltage that this implant can pick up is 4.65 Vims
(see Fig. 4.4b). It is worth noting that, although this will be the
maximum rms amplitude because of the SAR limitation, it will be
possible to obtain much higher peak amplitudes by delivering the ac
currents in the form of short bursts [116], [117].
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Fig. 4.4. (a) Electric field (rms) and (b) rms voltage distribution along four
longitudinal lines (see Fig. 4.2a). LL1: depth =5 mm (Fat), LL2: depth =20 mm
(Muscle), LL3: depth =35 mm (Muscle), and LL4: depth =50 mm (Cancellous
bone).

4.3.2 Implantation depth

To study the PDL and PTE as a function of the implantation depth,
the longitudinal position of the implant electrodes was set to 95 mm
and 125 mm respectively while the transverse position was zero for
both electrodes. The electrodes’ depth position was swept from the
peripheral fat layer (depth=3 mm) to the cancellous bone
(depth = 50 mm), see Fig. 4.5.

The results show that the maximum PDL is obtained when the
implant electrodes are surrounded by muscle tissue. This maximum
value is obtained for a depth of 22 mm and has a value of 11.8 mW
and its PTE is 0.07%. The lowest PDL is obtained when the implant
is surrounded by fat tissue (PDL = 0.4 mW, PTE =0.004%, and
depth = 7 mm). This difference in the PDL between different layers
is mostly related to the tissue impedance seen by the implant
electrodes. At a depth of 5 mm (i.e., fat tissue) the tissue impedance
seen by the implant electrodes (Zim) is 8612-1262i Q, while for a
depth of 25 mm (i.e., muscle tissue) is 464-50i Q. As the maximum
power is transferred to the load approximately when RL matches the
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real part of Zim, Zim directly affects the obtained PDL (4.10).
Nevertheless, the obtained PDL as a function of the depth is hardly
affected by the maximum voltage that an implant can pick up, since
as Fig. 4.2b highlights, for the studied area, the maximum voltage
that an implant could receive is not related to its implantation depth.

14F T T T T
Fat Muscle Co. Ca. 1908
- bone bone | T &
Z 12 . <
g ..-v vv'.... >
< .». ° 2
g 1or . - 0.06 -2
= : =
2 o
s 8} =
£ 2
e, 0.04 2
zor 0 £
= ; vy e g
A 4r : . 50mm =
5 ; 6o : 10.02
E X .. oo0000q E
Pesocee® Ll
O 1 1 1 1 0
10 20 30 40 50

Depth of implantation (mm)

Fig. 4.5. PDL and PTE as a function of the implantation depth. Co. bone: Cortical
bone, Ca. bone: Cancellous bone. The inlet shows the electrodes displacement.

4.3.3 External electrodes separation

Fig. 4.6 illustrates the influence of the separation distance between
the inner edges of the external electrodes. In this figure the implant
electrodes were kept at the default position (i.e., an implantation
depth of 30 mm, a transverse position of 0 mm, and a longitudinal
position of 95 mm for the first electrode and 135 mm for the second
one), while the separation distance between the external electrodes
was symmetrically increased from 30 mm to 120 mm. The amplitude
of the applied current was adjusted to obtain a SAR of 20 W/kg,
resulting in a current amplitude of 0.46 Ams for the entire range
studied. The results show that the picked up PDL is reduced when the
external electrodes are aligned over the implant electrodes (i.e., a
separation distance of 30 mm regarding the depth axis), as the electric
field E is focused on the more superficial layers (see Fig. 4.4a). In
this case, the implant picked up 2.8 mW with a PTE of 0.03%. The
results illustrate that PDL increases with the separation distance of
the external electrodes. The maximum power transferred is for the
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case where the external electrodes were separated 120 mm. For this
case, the PDL is 11.6 mW and the PTE is 0.068%. On the other hand,
the PTE has its maximum (0.072%) for a separation of 90 mm.
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Fig. 4.6. PDL and PTE as a function of the separation distance between edges of
the external electrodes.

4.3.4 External electrodes width

To determine the influence of the width of the external electrodes,
their size was swept from 10 mm to 35 mm (Fig. 4.7) while the
separation distance between the edges of the electrodes was kept
constant at 200 mm. The current applied for each band size was set
to obtain a maximum averaged SAR of 20 W/kg (Fig. 4.7a) ranging
from 0.345 Ams to 0.49 Ams. The results show that as the band
electrodes get wider, the PDL and PTE obtained are also higher (Fig.
4.7b).

435 Fat thickness

One of the anatomical parameters of the model that varies more
between individuals is the fat thickness [118]. To study how the fat
thickness can influence in the PDL and the PTE, the thickness of this
layer was swept from 1 mm to 25 mm, while the thicknesses of the
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Fig. 4.7 (a) Admissible external current to produce a maximum averaged SAR of
20 W/kg. (b) PDL and PTE as a function of the external electrode width.

dry skin, cancellous bone and cortical bone were kept constant, and
the muscle thickness was modified to obtain a total radius of 50 mm
(i.e., the limb radius was kept constant to allow the comparison
between cases). Again, the external current lex was set to obtain a
maximum averaged SAR of 20 W/kg (Fig. 8a) ranging from
0.34 Arms t0 0.69 Arms.

The results indicate that to avoid tissue over-heating, the applied lex
must be reduced as the fat thickness is increased (Fig. 4.8a).
Interestingly, the results show that as the fat layer gets thicker, the
power that an implant placed in the muscle can obtain is higher (Fig.
4.8b). The minimum PDL value corresponds to a 5 mm fat layer
(PDL =10.6 mW, and PTE = 0.067%).
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4.3.6 Interaction of multiple implants

To determine how neighboring implants may influence the PDL of
each individual implant, a parametric sub-analysis was performed
varying the separation distance of two parallel implants along two
different axes independently. In this sub-analysis it was assumed a
minimum separation distance of 3 mm between both parallel devices
due to implantation limitations. In this sub-analysis it was also
assumed that the load of both implants corresponds to the real part of
Zim.

In Fig. 4.9a a longitudinal displacement was done while fixing the
length of both implants to 30 mm. The position of the Implant 1 was
kept constant, while the Implant 2 was longitudinally displaced along
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an axis 3 mm more superficial. The longitudinal displacement of the
left electrode of the Implant 2 was swept from 45 mm to 145 mm.
During this displacement, the implantation depth of both electrodes
of Implant 2 was kept constant at 27 mm and their transverse position
was 0 mm (see inlet Fig. 4.9a).

In the second case, Fig. 4.9b, the displacement was done with respect
to the implantation depth. Here, the location of Implant 1 was kept
constant at a depth of 30 mm, while the depth position of Implant 2
was swept from 3 mm to 27 mm (i.e., 3 mm away from Implant 1),
keeping the transverse position equal to zero, and both electrodes
aligned parallel to the electrodes of Implant 1 regarding the
longitudinal axis (see inlet in Fig. 4.9b).

The results presented in Fig. 4.9 show that the PDL moderately
decreases for both implants as the separation distance between
electrodes is reduced. For instance, the PDL obtained by Implant 1
when the electrodes of both implants are placed parallel at a depth
separation of 3 mm is 9.5 mW (i.e., a reduction of 19.5% compared
to the single implant case, see Fig. 4.5b). However, this power
reduction becomes less than 10% for depth separations above
10.5 mm. In the same way, when two electrodes of different implants
are placed consecutively regarding the longitudinal axis (e.g., a
longitudinal separation of £ 30 mm regarding the left electrodes, and
a depth separation of 3 mm, see Fig. 4.9a) the obtained power is also
reduced in this case, the PDL is reduced 11% compared to the single
implant case (Fig. 4.5b). (It must be noted that the substantial PDL
decreases observed in Fig. 4.9 for large longitudinal separations and
in Fig. 4.9b for large depth separations are not due to the interaction
between the implants but to the non-uniformity of the electric field
and to the change of tissue type respectively).

4.3.7 Fibrous capsule around the implant
The presence of an artificial implant within the human body will

trigger physiological reactions that will end up producing a fibrous
tissue capsule around the device, even if the implanted device is
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Displacement regarding the depth position. Both implants were parallel aligned
regarding the longitudinal axis. The displacement between implants was from
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considered to be biocompatible [119]. In the systems considered
here, this encapsulation will modify the tissue impedance seen by the
implants, and therefore the PDL. The two main factors that will
contribute to the impedance change will be the capsule conductivity
and the capsule thickness.

A sub-analysis was conducted to analyze the potential impact of the
encapsulation. The conductivity of the fibrous tissue can be
considered mostly frequency independent and in [120] the authors
found that the conductivity of the fibrotic capsule formed around
silicon rubber had a value around 0.16 £ 0.1 S/m. Thus, here we
assumed a fibrotic conductivity of 0.16 S/m. The implant electrodes
were positioned at the default location of Table 4.1, within muscle
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tissue. The modeled thicknesses of the fibrotic capsule ranged from
0.1to 1 mm.
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Fig. 4.10. PDL as a function of the thickness of a fibrotic capsule. The fibrotic
tissue conductivity was set to 0.16 S/m.

The results presented in Fig. 4.10 show that, for the described
scenario, a capsule of just 0.1 mm substantially reduces the
maximum power that the implant could pick up; the PDL drops from
11.6 mW (Fig. 4.5) to 6.6 mW. Interestingly, the rate of PDL drop
decreases with the thickness and for a tenfold thickness, 1 mm, the
PDL (3.7 mW) is still considerably high.

4.3.8 Implant electrode size

The size of the implant electrodes has a direct effect on the impedance
across them (i.e., Zim) [116]. To study their contribution to the PDL
and PTE, the length of the implant electrodes was changed from
1 mm to 3.5 mm for two different electrode diameters (0.5 mm and
0.25 mm), while the separation distance between electrodes was kept
constant. The results show that for the studied range the PTE depends
linearly on the PDL, and confirm that as in [116] the power is
maximized by increasing the size of the implant electrodes (Fig.
4.11).
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4.3.9 Radius of the modeled limb

The radius of the limbs varies within the population [121]. In Fig.
4.12 the radius of the multilayered concentric cylinder was swept
from 40 mm to 60 mm, while the thicknesses of the layers were
scaled to preserve the proportions of Table 4.1. The implant was
placed at a depth equivalent to half of the cylinder’s radius, the
transverse position was zero, the longitude of the implant was 30 mm,
and the longitudinal position of its electrodes was 95 mm and
135 mm (i.e., centered regarding the inter-electrode region). The
applied current was limited to obtain a maximum SAR of 20 W/kg
(Fig. 4.12a) ranging from 0.34 Arms t0 0.58 Arms.

The results show, that both PDL and PTE decrease as the
multilayered cylinder radius increases (Fig. 4.12b). The PDL for a
radius of 60 mm is 8.3 mW (i.e., a reduction of 48% compared to the
40 mm case), and the PTE for the 60 mm case is 0.046% (i.e., a
reduction of 69% compared to the 40 mm case).
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4.4 Discussion

The numerical results obtained here indicate that the proposed WPT
technique based on volume conduction can be considered to be a
proper method to power networks of deeply implanted AIMDs at the
limbs. This claim is supported by three pieces of evidence presented
here. First, powers above 10 mW can be obtained with threadlike thin
and elongated implants (e.g., diameter equal to 500 um and length
30 mm), while the externally applied currents comply with safety
limitations (i.e., SAR <20 W/kg for extremities, and a frequency
above 5 MHz). This obtained power is orders of magnitude higher
than the power required for most existing AIMDs [122]. Second, the
generated electric field is coarsely uniform within the region
encompassed by the external electrodes. Thus, the maximum voltage
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that the implants can receive is almost independent on their
implantation depth; deeply implanted devices can be powered. Third,
the presence of multiple implants placed just a few millimeters apart
has a minor impact on their PDL, while it increases the PTE of the
system.

An unanticipated and counterintuitive finding is that as the fat layer
becomes thicker, the power picked up by the implant placed at the
muscle tissue becomes higher. This is attributable to two main
reasons. First, fat tissue is more insulating than the underlying muscle
tissue and this enables safe delivery of higher currents: a thicker fat
layer around the external electrodes (i.e., lower conductivity than the
muscle layer) reduces the edge effect of the external electrodes,
making it possible to increase the applied external current. Second,
the increase in thickness of the fat layer at the expense of the muscle
layer causes that more current will flow through the muscle,
increasing the electric field within this layer. Therefore, the PDL of
the implants increases.

In this study, for the sake of simplicity and because the waveform of
the applied current does not influence the PDL (for the case where
the implant load is a purely resistive load [116]) the applied external
current was considered purely sinusoidal. However, by applying the
external currents in the form of short bursts, the peak voltage that an
implant can obtain using volume conduction can be increased. This
is relevant for most electronic implants, and particularly for digital
implants, as these devices will typically require a minimum voltage
to operate. By delivering the ac current in the form of bursts rather
than continuously the received peak voltage can be increased without
incrementing the complexity of the implant’s electronics (i.e., in most
of the scenarios, the implant circuit will not require bulky boost
converters). Regarding the safety limitations, if the current bursts are
applied with a repetition frequency F (Hz) of tens of Hertz, and the
burst has a duration B (s), (2.7) becomes

2
SAR = %. (4.14)
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However, it must be considered that, by delivering the current in the
form of bursts rather than continuously, the field is no longer purely
sinusoidal. It must be verified that the low frequency components of
the modulation harmonics cannot produce undesired stimulation
[123].

Another interesting result is that even considering a capsule
formation with a thickness of 1 mm around the implant electrodes
(i.e., twice the diameter of the considered electrode), the implant
would be able to harvest powers above 3.7 mW for the studied
geometry. However, it must be mentioned that although in this study
it was used a fibrotic tissue conductivity of 0.16 S/m, which is the
most used in the literature [120], the electrical properties of the
fibrotic tissue are not clearly determined [124], [125]. Therefore, the
electrical properties and growth of the fibrotic capsule are key
features to study in future long term in vivo studies.

In this work, the size of the implant was intentionally kept constant.
This is due to the fact that the separation distance between the implant
electrodes and the dimensions of the electrodes were deeply studied
in [116]. Considering that the implant electrodes are part of a flexible
tubing that includes the implant electronics, if the diameter of this
tubing coincides with the electrodes’ diameter (500 pum), the volume
of the AIMDs would be 6.5 mm?®. The small size of the implants
combined with their threadlike shape will allow their percutaneous
injection. However, previous in vivo studies we conducted [126]
emphasized the relevance of inserting the whole implant into the
target muscle. Otherwise, the implant may fail due to mechanical
stress. Due to the difficulty and in many cases the impossibility of
repairing a damaged implant, we are currently developing and
mechanically validating new robust and resilient [127] implant
encapsulations.

Table 4.3 benchmarks the obtained results against state-of-the-art
deeply placed (>3 cm) AIMDs. This comparison highlights the
potential of the proposed technique to obtain high power densities
(i.e., PDL per implant volume).
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TABLE 4.3
BENCHMARKING OF DEEPLY PLACED AIMDs

This work Zhang Zada [129] Meng Agrawal [48]

[128] [130]

WPT method vC IC MW us MW
Study type in silico ex vivo in vitro in vitro in vivo
Implantation depth (mm) 30 50 45 30 42
Implant volume (mm?) 6.7 1140 21% 1* 12
Implant section (mm?) 0.2 900 42 13 1.77
PDL (mW) 11.6 15 47 2 0.45
PDL/Volume (mW/mm?) 1.73 0.001 0.22% 2t 0.04

VC: Volume Conduction. IC: Inductive Coupling. MW: Microwave. US: Ultrasounds.
#Only includes the volume of the energy pick-up element. The volume will be increased by attaching a
functional AIMD circuitry.

Regarding the external electrodes the results show that to power
deeply implanted devices (e.g., depth above 10 mm) it is preferable
a separation distance considerably larger than the length of the
implant (assuming that the implant is placed in the central region
between both external electrodes). However, if this separation
distance is too large, the PTE is reduced because, as the separation
distance between the external electrodes increases, more power is
dissipated through the tissues, while the PDL remains almost
constant. Another noteworthy observation related to the external
electrodes is that wider external electrodes allow the application of
higher external electric currents, thereby increasing the PDL. The
results show that for a wider electrode, Zex is reduced, and
consequently, the PTE improves. Nevertheless, the width of the band
electrodes is obviously limited by the available space in the limbs.

4.5 Conclusions

In this study it is numerically demonstrated that the proposed WPT
technique based on volume conduction can be a safe and effective
method for powering electronic devices deeply implanted within
human limbs. Powers above 10 mW can be obtained by thin
(diameter <1 mm) threadlike implants, which can be easily
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implanted using minimally invasive procedures such as percutaneous
injections.

The results show that the maximum PDL and PTE are mostly related
to the tissue impedance as measured across the implant electrodes
(Zim). The main feature that affects this impedance, apart from the
implant electrode size [116], is the kind of tissue that surrounds the
implant: the PDL ranges from 10.4 mW in muscle tissue to 0.4 mW
in fat tissue. Other features that affect PDL and PTE are the size and
location of the external electrodes. Larger external electrodes allow
the application of higher external currents, increasing the PDL.
Additionally, to maximize the PTE in deeply implanted devices, the
external electrodes must have a separation distance moderately larger
than the implant’s length. The geometrical dimensions and the tissue
anatomy of the limbs also contribute to the PDL and PTE. In this
way, the fact of having a fat layer above 10 mm significantly
increases the PDL for an implant placed inside muscle tissue.
Furthermore, as the diameter of the modeled limb increases, the PDL
and PTE are decreased. Nevertheless, it is worth noting that
transferred powers of several mW were obtained in all the cases
reported here.

It must be acknowledged that although tens of milliwatts can be
safety transferred using the proposed WPT technique, the PTE of this
method is considerably lower compared to the PTE of focalized WPT
methods (e.g., inductive coupling). However, it also must be
acknowledged that the proposed WPT technique is a non-focalized
method and that the implants do not interfere substantially in terms
of power extraction if they are spaced few millimeters away.
Therefore, the proposed WPT technique can be particularly suitable
to power distributed networks of minimally invasive implants.
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CHAPTER 5: IN HUMAN VALIDATION OF VOLUME CONDUCTION AS A WPT METHOD

Abstract —Aiming at miniaturization, wireless power transfer
(WPT) is frequently used in biomedical electronic implants as an
alternative to batteries. However, WPT methods in use still require
integrating bulky parts within the receiver, thus hindering the
development of devices implantable by minimally invasive
procedures, particularly when powers above 1 mW are required in
deep locations. In this regard, WPT based on volume conduction of
high frequency currents is an advantageous alternative relatively
unexplored, and never demonstrated in humans. We describe an
experimental study in which ac and dc electric powers in the order of
milliwatts are obtained from pairs of needle electrodes
(diameter = 0.4 mm, separation = 30 mm) inserted into the arms or
lower legs of five healthy participants while innocuous and
imperceptible high frequency (6.78 MHz) currents are delivered
through two textile electrodes strapped around the considered limb.
In addition, we demonstrate a procedure to model WPT based on
volume conduction which characterizes coupling between the
transmitters and the receivers by means of two-port impedance
models which are generated from participants’ medical images.

Parts of the contents of this chapter are adapted from the following preprint
publication:

J. Minguillon, M. Tudela-Pi, L. Becerra-Fajardo, E. Perera-Bel, A. J. del-Ama, A.
Gil-Aguado, A. Megia-Garcia, A. Garcia-Moreno, A. Ivorra, “Powering electronic
implants by high frequency volume conduction: in human validation,” bioRXiv,
2021.03.15.435404; doi: https://doi.org/10.1101/2021.03.15.435404
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5.1 Introduction

Chapter 4 introduced a parametric model validated in silico
considering a simple cylindrical geometry. In this chapter, this
proposed model is validated in human volunteers. Furthermore, this
chapter also details the procedure followed to obtain the multiport
model parameters from participants’ medical images (MRI) by using
finite element methods. This procedure is not only relevant for the
design of systems using WPT based on volume conduction, but it
could also be applied for modeling transmission channels in
intrabody communications based on volume conduction.

This chapter also describes how large magnitude HF currents can be
innocuously and imperceptibly applied to humans and how part of
those currents can be picked up by a pair of thin intramuscular
electrodes separated a very few centimeters to power a digital circuit.
The innocuity of the applied currents is ensured by adhering to
available international safety standards for human exposure to
electromagnetic fields [131], [132]. In this study, the IEEE
standard [131] was followed. The frequency of the applied sinusoidal
currents (modulated as bursts) was set to 6.78 MHz because it
corresponds to the central frequency of a designated ISM band [133],
thus minimizing the possibility of interfering radiocommunication
systems, and because it is high enough to easily avoid risks related to
unsought electrostimulation. Briefly, five volunteers evaluated the
use of volume conduction as a WPT method. Two intramuscular
commercial electrodes were inserted in each participant's upper limb
and calf while an HF electric field was coupled to the tissues using
two-band electrodes (see Fig. 5.1). The complete procedure is
detailed in the subsection 5.2.2.
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Fig. 5.1. Experimental setups employed in the present study. (a) Upper limb (arm)
experimental setup: an external electrical load (resistive) is connected to a pair of
needle electrodes inserted into the brachial biceps. (b) Lower limb (lower leg)
experimental setup.

5.2 Methods
5.2.1 Participants

Five young (age range from 21 to 38 years) healthy volunteers
participated in the study: P1 (female), P2 (female), P3 (female), P4
(male) and P5 (male). They were recruited through a call for
participation sent by email to colleagues and were not paid for their
participation. Before starting the experimental procedure, they were
provided with oral and written information regarding the study
(including risks, benefits, and data protection aspects) and signed an
informed consent form. The study was conducted in the National
Hospital for Paraplegics in Toledo (Spain). The experimental
protocol was approved by the Ethics Committee for Clinical
Investigation of the Complejo Hospitalario de Toledo (December 5,
2019; reference number: 467).

5.2.2 Experimental procedures

The experimental procedures were divided into two phases: 1)
magnetic resonance imaging (MRI) images acquisition and 2) assays.

During the first phase, MRI images were acquired of the non-
dominant upper (arm) and lower (leg) limb of each participant. These
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images were used to build 3D computational models for numerical
calculations (see subsection 5.2.10). Prior to MRI acquisition, the
planned locations for the external and for the intramuscular
electrodes were marked by drawing crosses using a permanent ink
marker. Then, MRI fiducial markers (PinPoint® for Small Field of
View Imaging 187 from Beekley Corporation, Bristol, CT, US) were
placed over the marks. Two MRI markers were used for the needle
electrodes per participant and limb (i.e., one per needle) and three for
each band. The position of the participants during MRI acquisition
was the same as that during the second phase of the experimental
procedures. Once all the participants finished the first phase, they
sequentially participated in the second phase.

During the second phase, different procedures and assays were
conducted. First, the participant was positioned on a stretcher (supine
and prone positions for arm and lower leg, respectively) and
instructed to avoid unnecessary movements. A pair of external
electrodes was strapped around the corresponding limb. As control,
another pair of electrodes was strapped around the contralateral limb
for later discerning whether skin alterations could be due to the
delivery of the HF currents or were caused by the materials of the
electrodes. These external electrodes consisted in textile bands with
a width of 3 cm (used for arms) or 4 cm (used for lower legs) and
were made of conductive fabric.

The electrodes on the non-dominant limb were connected to a HF
voltage generator (i.e., an arbitrary waveform generator (4065 from
B&K Precision, Yorba Linda, CA, US) connected to a custom-made
class AB amplifier). Sinusoidal voltage bursts (carrier frequency of
6.78 MHz and FB = 0.1; where F = 1 kHz is the repetition frequency
of the bursts and B = 100 s is their duration) of different amplitudes
(increasing order) were applied to check if the participant perceived
some discomfort. Once the preliminary assay was performed
(without any notification of sensations by any of the participants), a
pair of intramuscular needle electrodes were inserted either into the
brachial biceps or into the medial gastrocnemius of the non-dominant
limb for the arm and lower leg, respectively, under aseptic conditions.
These needle electrodes had a diameter of 0.4 mm and a length of
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20 mm of which only the distal 17.5 mm were inserted (i.e., an
implantation depth of 17.5mm). The needle has a 3 mm long
exposed surface on its tip (530607 from Inomed Medizintechnik
GmbH, Emmendingen, Germany; see inlet Fig. 1b). The needle
electrodes were connected to a discrete potentiometer
(3683S-1-202L from Bourns Inc., Riverside, CA, US) using short
cables (maximum of 12 cm) to avoid inductive and capacitive wiring
effects. After that, the remaining assays (i.e., maximum transferable
power, and screen power-up, and, in one case, temperature evolution
in 18 minutes) were conducted. Once the last assay was finished, the
textile electrodes were unstrapped, the needle electrodes were
extracted and the skin areas where the electrodes had been located
were inspected. No damage was observed in these areas or in the
electrodes. Only one case (arm of P2) presented small-sized
superficial hematomas in the areas where the needle electrodes had
been inserted approximately one hour after the extraction.

The temperature of the limb was monitored using a thermal imaging
infrared camera (E60 from FLIR Systems Ltd) during the entire
phase. The second phase was repeated for the other limb. The order
of the limbs was randomized among the participants.

5.2.3 MRI acquisition and segmentation

Each participant underwent MRI images acquisition, recording four
sequences per limb: T1 axial (slice resolution = 0.52 x 0.52 mm; slice
thickness =6 mm), T1 sagittal (slice resolution =1.04 x 1.04 mm;
slice thickness =4.8 mm), T1 coronal (slice resolution =
1.04 x 1.04 mm; slice thickness =4.65 mm), and T2 axial (slice
resolution = 0.52 x 0.52 mm; slice thickness=6 mm). These
sequences were acquired with a 3 Tesla system (Magnetom Trio, a
Tim System from Siemens Healthcare GmbH). Four different tissues
were segmented: 1) bone, which included cortical and trabecular
tissues, bone marrow, and articular cartilages (e.g., meniscus), 2)
muscle, including tendons, ligaments, and intramuscular fat, 3)
subcutaneous fat, and 4) skin.

For the segmentation of bone, muscle and fat, the procedure started
by manually segmenting the T1 axial acquisition every other slice.
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The initial segmentation of the skin had to be performed using a
different procedure since it was not visible in the entire MRI stack
because of its thinness. The skin thickness was approximated by
measuring it in different slices of the MRI, and then the skin was
generated by performing a 2D axial dilation on the fat segmentation.

The measured skin thicknesses are reported in Table 5.1. For each
tissue, the remaining slices were interpolated with the “3D
interpolation” built-in tool of The Medical Imaging Interaction
Toolkit from the German Cancer Research Center, Heidelberg,
Germany. This interpolation was based on the radial basis function
interpolation [134] and on Laplacian smoothing [135]. Minor manual
adjustments were required to correct sharp curvatures of the
geometry in the interpolated slices. Finally, smoothed surface meshes
were generated from the 3D interpolation (see Fig. 5.2) and then
exported for numerical computation. The MRI fiducial markers
centers were precisely annotated.

Fig. 5.2. Examples of smoothed surface meshes and markers position from MRI
images. White arrows indicate the MRI markers for electrode placement. (a) Axial
slice of arm. (b) 3D representation of segmented arm. (c) Axial slice of lower leg.
(d) 3D representation of segmented lower leg. Bone mesh in brown, muscle in red,
fat in yellow, and skin in white (only in (a) and (c)).

TABLES.1.
Measured skin thickness from MRI images for each participant and limb

Skin thickness (mm) P1 P2 P3 P4  P5

Arm 175 150 150 2.00 1.75
Leg 150 200 1.75 2.00 2.25
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5.2.4 Maximum transferable power

The maximum received power for an optimal resistive load was
obtained. For that, first, sinusoidal voltage bursts (carrier frequency
of 6.78 MHz and FB = 0.1 (F = 1 kHz)) were applied across the
external electrodes and the optimal load (i.e., the resistance that
provides maximum power transfer) was experimentally found by
adjusting the resistance of the discrete potentiometer. Then, with the
optimal load connected to the intramuscular electrodes and the same
voltage waveform applied across the external electrodes, different
amplitudes were applied. The externally applied voltage, the external
current, and the voltage at the load (Vioad) Were measured. As was
stated on Chapter 3, for each amplitude, the received power at the
load was computed as

P _ Vl?)ad rms
load — R
load (5_’]_)

2
— Vload kZFB,
load

where Rioad is the optimal load and the scaling factor kv FB, with k =

v 11/32, transforms amplitude values into RMS values for the
applied waveform (see appendix 5.6 for details of the applied
waveform). The average channel efficiency was also computed as the
ratio between the received power and the externally applied power.

5.2.5 Screen power-up assay

To illustrate the potential of volume conduction to power complex
digital implants, a demonstrative circuit was designed and
manufactured using commercial off-the-shelf components (Fig. 5.3).
This electronic device was connected to the needle electrodes. The
main function of this circuit was to show its input voltage and current
by means of a 1.3” LCD screen (LSO13B7DHO05 from Sharp
Corporation Sakai, Osaka Prefecture, Japan).

The electronic device is composed of three subcircuits: 1) power
stage, 2) sensing stage and 3) control unit and display. The power
stage consists of a dc-blocking capacitor for each electrode, followed
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by a bridge rectifier (diode MCL103B from Vishay Intertechnology,
Malvern, PA, US), a smoothing capacitor (10 pF) that rectifies the
picked-up high frequency voltage, and a linear voltage regulator
(TLV701 from Texas Instruments, Dallas, TX, US) that fixes a
voltage of 3.3 V (Fig. 5.3a).

The sensing stage is used to measure the input dc voltage and current.
The voltage is measured across the smoothing capacitor that follows
the diode bridge. The current is measured by acquiring the voltage
drop across a shunt resistor (30 Q) located after the smoothing
capacitor of the regulator’s output. This voltage is amplified using
two amplification stages (implemented with operational amplifiers
TLV521 from Texas Instruments, Dallas, TX, US) that set a gain of
51 V/V. The voltages are digitized using two 8-bit analog-to-digital
converters (ADS7040 from Texas Instruments, Dallas, TX, US). The
result of the conversions is obtained by the control unit through a
serial peripheral interface (SPI).

The control unit is based on an 8-bit, low-power microcontroller
(PIC18LF47K42 from Microchip Technology Inc., Chandler, AZ,
US) with a clock frequency set to 1 MHz. The microcontroller
interrogates the ADCs every 10 ms and then updates the LCD screen
(via SPI communication) with the acquired measurement. Both
current (mA) and voltage (V) are shown on the screen with a
resolution of 0.1 mA and 0.1 V, respectively (Fig. 5.3c).

Approximately every 20 s the microcontroller refreshes the LCD and
changes the logo that the LCD shows on its top. Two different logos
can be displayed. Since the main purpose of this device was to show
the potential of volume conduction to power complex digital circuits,
the circuit was designed to minimize its power consumption at the
expense of the measurement accuracy.
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Fig. 5.3. Schematic and picture of the digital demonstrative circuit. (a) Power stage
of the digital circuit. (b) Sensing components of the designed circuit. (c) Picture
of the electronic device.
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That is the reason why the voltage and the current to calculate the
power consumption were externally measured through the two 2-pin
connectors P2 and P3 using the multimeters mentioned in the
subsection 5.2.9. The electronic components were mounted on a
45 x 40 mm two-layers PCB (see Fig. 5.3c). The base material is FR-
4 and its thickness is 1.55 mm. The device has a power consumption
of approximately 1 mW, this device is comparable to the electronics
of most implantable electronic devices, and far above in terms of
power consumption to that of pacemakers, which is in the order of
10 W [74].

The assay consisted in finding out the required external voltage
amplitude to power-up the electronic device. With the same external
HF voltage waveform as above (carrier frequency of 6.78 MHz and
FB = 0.1 (F = 1 kHz)), the external amplitude was increased until the
screen powered-up and displayed information. Both the externally
applied voltage and current were measured. In addition, the dc
voltage and the dc current were measured at the load. In one case
(lower leg of P4), for illustrating the capability of the proposed
approach to power multiple devices, a second identical device was
connected to an additional pair of electrodes inserted in the lateral
gastrocnemius of the same limb.

5.2.6 Temperature evolution in 18 minutes

In one case (lower limb of P4), the same external HF voltage
waveform as above (carrier frequency of 6.78 MHz and FB =0.1 (F =
1 kHz)) with fixed amplitude (the same as for powering-up the
screen) was uninterruptedly applied for 18 minutes. This was
performed once the intramuscular electrodes had been extracted.
With the participant seated in a chair, the temperature variations were
monitored and recorded using the infrared camera. The contralateral
limb was used as control: external electrodes were strapped around
the lower leg, but no voltage was applied.

95



CHAPTER 5: IN HUMAN VALIDATION OF VOLUME CONDUCTION AS A WPT METHOD

5.2.7 Perception of heat-related and electrical-stimulation-related
sensations

During the second phase of the experimental procedures, self-
perception of heat-related (HR) and electrical-stimulation-related
(ESR) sensations was monitored. In particular, the participants were
asked for oral notification of any HR or ESR sensation at any time
without knowing when the HF voltage bursts were applied. In case
of sensation, the HR perception was classified into three intensity
levels (1-Not sure, 2-Pleasant warmth and 3-Unpleasant warmth) and
the ESR perception was classified into three intensity levels (1-Not
sure, 2-Pleasant sensation and 3-Unpleasant sensation) and five
categories (1-Tingling, 2-Puncture, 3-Pressure, 4-Pain and 5-Other).

5.2.8 Electrical safety

As was stated in Chapter 2, the electrostimulation risks are especially
relevant for low frequencies (< 100 kHz). However, if the sinusoidal
currents are applied in the form of bursts, the generated low
frequency harmonics must be considered [136]. In this study,
sinusoidal voltage bursts (carrier frequency of 6.78 MHz and
FB = 0.1 (F = 1 kHz)) were applied. To minimize the contribution of
the generated low frequency harmonics, the applied bursts were
smoothed with a tapered cosine window (with r = 0.5, see Appendix
5.6 for details of the applied waveform).

Applying the expression for non-sinusoidal fields established in the
safety standard to the used voltage waveform, the maximum peak
electric field that can be applied (i.e., the maximum in situ electric
field to avoid electrostimulation) is above 200 MV/m (see
Appendix 5.6). This limit is far above the electric field amplitudes
that were computed to be produced during the experimental sessions.

Regarding the risk of thermal damage, in the case of limbs, the IEEE
standard indicates that the maximum admissible SAR is 20 W/kg,
space-averaged over any cubical 10-g of tissue and time-averaged for
6 minutes [131].
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To ensure that the SAR restriction was met during the
experimentation, the external voltages were applied for short time
exposures (i.e., < 30 seconds). On the other hand, the SAR values
indicated in section 5.3 correspond to projected SAR values for
exposures longer than 6 minutes. That is, the electric field
magnitudes obtained with the 3D computational models (see
subsection 5.2.10) were used to compute the SAR that would be
produced by sinusoidal voltage bursts continuously applied for
6 minutes or more. In all cases, the projected whole-body SAR was
below this limit (i.e., 0.4 W/kg) for exposures longer than 1 hour.

5.2.9 Measurement apparatus

The electrical ac measurements were acquired using a floating digital
oscilloscope (TPS2014 from Tektronix, Inc., Beaverton, OR, US).
For the applied external voltage and the potentiometer voltage, active
differential probes (TA043 from Pico Technology Ltd, Saint Neots,
UK) were used. A current probe (TCP2020A from Tektronix, Inc.,
Beaverton, OR, US) was used for the applied external current (i.e.,
current corresponding to the applied external voltage). This is shown
in Fig. 5.4a. The electrical dc measurements (i.e., voltage and current
to calculate the power consumption of the demonstrative electronic
device connected as load to the needle electrodes) were acquired
using two multimeters (38XR-A from Amprobe, Everett, WA, US):
one to measure voltage and another one to measure current. This is
shown in Fig. 5.4b.

5.2.10 Numerical methods

The segmented meshes (from the MRI images) of the tissues were
imported into COMSOL Multiphysics 5.3 (from COMSOL, Inc.,
Burlington, MA, US) to create the 3D computational model. To
numerically determine the electric field and voltage distributions
inside the tissues, the “electric current” physics that is included inside
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Fig. 5.4. Measurement apparatus. (a) Experimental ac measurement setup. (b)
Experimental dc measurement setup.

the ac/dc module of COMSOL Multiphysics 5.3 was used. The
geometry of each one of the ten studied 3D computational models
consisted in a four-tissue layered segmented limb obtained from the
MRI images. The four layers, from the most peripheral to the most
internal one were: skin, fat, muscle, and cancellous bone. The passive
electrical properties and densities of the tissues are reported in Table
5.2.
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TABLE 5.2.
Passive electrical properties and density of modeled tissues at a frequency of
6.78 MHz [137]

Dielectric properties Conductivity Relative Density
@ 6.78MHz (S/m) permittivity (kg/m?3)
Skin 0.147 478 1109
Fat (subcutaneous) 0.0496 35 911
Muscle 0.602 233 1090
Bone (cancellous) 0.116 90 1178

Two cylindrical electrodes with a diameter of 0.4 mm, and a total
length of 20 mm emulated the needle electrodes that we used in the
experimental part. Their length was divided into two longitudinal
sections: 17 mm of insulating material and 3 mm of exposed surface
at the tip of the needle. The position of these electrodes was
determined using the coordinates of the MRI markers. They were
perpendicularly aligned with the skin tissue and were inserted 17.5
mm inside the tissues. The position coordinates of the external
electrodes were also identified in the MRI using three markers per
electrode. These data were used to obtain a three-point plane.
Following, a plane parallel to the previous one was created with a
separation distance of 30 mm for the arms and 40 mm for the calf
(ie., the width of the band electrodes used during the
experimentation). Then, the superficial tissue area encompassed
between both planes was considered the area of the external
electrodes. Finally, the whole limb was set inside a block that
emulated the air. The size of this block was adjusted for each case to
guarantee a minimum of 2 cm gap of air in any direction. The density
and electrical properties of non-biological materials are reported in
Table 5.3. Fig. 5.5 shows the resultant geometry of the 3D
computational model of the arm of participant P5.

The electrical coupling between the external electrodes and the
needle electrodes was modeled as a two-port network. This model
included the external electrodes, the limb tissues, and the needle
electrodes (emulated as cylinders). Since all its elements were
passive, the system could be considered reciprocal [138].
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TABLE5.3.
Electrical properties of non-biological materials

Dielectric properties Conductivity  Relative Density

(S/m) permittivity (kg/m?3)
Conductive electrodes 5.5-10° 1 7844
(Steel, 0.65% carbon)
[139]
Insulating material of 1-10Y7 3.2 1000
needle electrodes [140]
Air (at 20°) 1-10° 1 1.2

Cylindrical

electrodes
T —
:::ze/ o,
-

Band electrodes l

Fig. 5.5. Geometry of the 3D computational model (COMSOL) of the arm of P5.
The air box that surrounded the arm has been intentionally hidden for visualization
purposes.

Therefore, voltages and currents at the network could be expressed
asin (4.1). Where Ve is the voltage across the external electrodes, Vin
is the voltage across the needle electrodes, lex is the current through
the two external electrodes and lin is the current through the needle
electrodes. The impedances Zex and Zi2 were determined by
simulating the delivery of a reference current (1 A at 6.78 MHz)
through the external electrodes, while keeping lin equal to 0, and
measuring the voltage across the external electrodes (for Zex) and the
voltage across the needle electrodes (for Z12). The same procedure
was done for determining Zin but, in this case, applying a reference
current through the needle electrodes and measuring the voltage
across the needle electrodes.

The parameters obtained for the five participants are summarized in
Table 5.4 and Table 5.5, for the arm and the lower leg respectively.
Note that the impedance parameters Zin and Z12 include three different
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angles (0°, -10° +10°). As the needle electrodes were inserted
manually, a misalignment of £10° between both electrodes could be

obtained.
TABLE5.4.
Arm impedance parameters at 6.78 MHz.
Impedances P1 P2 P3 P4 P5
Zex () 94-29i 95-28i 104-32i  59-15i 56-19i
Zim(Q) | 0° 423-63i  460-69i  432-65i  450-62i  416-63i
-10° 418-62i 454-68i  424-63i  411-61i  411-62i
+10°  430-64i 484-73i  444-671  431-64i  420-64i
Z1p(QQ) | 0° 19-4i 20-4i 19-4i 13-2.3i 13-3.2i
-10°  15-3.1i  17-34i  14.7-3i  8.1-15i  10.6-2.5i
+10°  22-4.6i 23.4-4.71  23-4.9i 17.8-3.2i 15.8-3.8i
TABLE 5.5.
Lower leg impedance parameters at 6.78 MHz.
Impedances P1 P2 P3 P4 P5
Zex () 79-19i 72-20.1i  87-24i 60-15.1i  61-15.5i
Zim(QQ) | 0° 429-63i 423-63i  491-73i  418-62i  419-62i
-10° 425-63i 420-62i  484-72i  419-62i  415-61i
+10°  438-65i 428-63i 547-83i  410-60i  424-63i
Z1p(Q) | 0° 7.6-1.3i 7.7-1.3i 6.7-1.2i 7.6-1.3i 7.5-1.3i
-10°  6.4-1.1i 6.3-1.1i  5.5-1i 6-1i 6.1-1.1i
+10°  8.9-1.5i 9.1-1.6i 8-1.4i 9.3-1.6i 8.9-1.6i

An alignment of 0° corresponds to a parallel alignment between both
cylindrical electrodes, -10° corresponds to the case when the distance
between both tip electrodes was minimum and +10° corresponds to
the case when the separation distance on the tips was maximum.

Modelling the z-parameters as a T-circuit, the power delivered to the
load (PDL) can be expressed as

Pioaa = |Iload|2m(zload):

(5.2)

where Pioad is the power dissipated at the load, and lioad is the current
flowing through the load. licad can be calculated as
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Z12

_ L1z (5.3)
o Zin + Zload

hoag =1
The power transmission efficiency (PTE) of the system is calculated
as

Pload

PTE = 100, (5.4)

total

where Pt iS the total power delivered through the external
electrodes. In addition, the 3D computational model was also used to
calculate the electric potential and the electric field magnitude
distributions inside the tissues. For that, a sinusoidal voltage
(frequency = 6.78 MHz) was applied to the external electrodes, being
its RMS value equal to the RMS value of the experimental applied
waveform. The transformation from amplitude values into RMS

values was done by applying the mentioned scaling factor kv FB,

with k = /11/32. The projected local SAR was calculated from the
electric field magnitude according to the safety standard, with
equation (2.7). The SAR was space-averaged over any cubical 10-g
of tissue following the guidelines of the standard [131],[52].

5.3 Results
5.3.1 Maximum transferred power

Fig. 5.6a shows an MRI image corresponding to the arm of
participant P3. The markers of the external electrodes can be
observed in this image. After building a 3D computational model
from the MRI images, the electric field, the electric potential and the
projected SAR (see definition in subsection 5.2.8) distributions were
numerically calculated. It can be observed that, within the region
encompassed by the two external electrodes, a few millimeters away
from them, the electric field is coarsely uniform where the section of
the limb smoothly changes (arm of the participant P3: Fig. 5.6b, rest
of limbs: Fig. 5.7). Consequently, the electric potential coarsely drops
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linearly between those electrodes (arm of the participant P3: Fig.
5.6¢c, rest of limbs: Fig. 5.8). Regarding the projected SAR
distribution, it can be noted that maxima are generally located near
the external electrodes. However, it is also worth noting that the
values of these SAR maxima do not differ substantially from the SAR
values where the needle electrodes were placed (arm of the
participant P3: Fig. 5.6d, rest of limbs: Fig. 5.9). Thus, the fact of
having the SAR maxima close to the external electrodes does not
significantly limit the maximum power transferred to the implants.

The average optimal load (i.e., the resistance that experimentally
maximized the received ac power) was (244 + 9) Q (mean =+ standard
error of the mean, SEM) for the arms and (258 + 6) Q (mean + SEM)
for the lower legs (see Table 5.6). The received ac powers (for the
optimal load) for both limbs of all the participants are reported in Fig.
5.10a.

This time-averaged power was obtained in the load with it connected
to the pair of intramuscular electrodes when sinusoidal voltage bursts
(carrier frequency = 6.78 MHz, B =100 ps and F =1 kHz) were
applied across the external electrodes. It can be observed that the
received ac power shows a quadratic dependency on the externally
applied voltage amplitude. Powers up to a projected maximum SAR
of 20 W/kg, which is the limit imposed by the IEEE safety
standard [131] for limbs in controlled settings, are reported for arms
of P2 and P5. In the remaining cases, the maximum reported power
corresponds to a lower projected SAR due to technical limitations
(i.e., maximum output amplitude of the generator) during the
experimentation. For the arms, the maximum received power ranges
from 7.7 mW (A4) to 13.7 mW (A2), with an average value of (10 +
2) MW (mean £ SEM). For the lower legs, these values are
noticeably lower. They range from 3.1 mW (LL1) to 6.1 mW (LL5),
with an average value of (4.3 £ 0.6) mW (mean £ SEM). These
results indicate that powers in the order of milliwatts can be
transferred while complying with the safety standard. For a projected
maximum SAR of 10 W/kg, the received powers in the arms range
from 4.0 mW (A5) to 7.3 mW (A3), with an average value of
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Fig. 5.6. Examples of MRI computed electric field, electric potential and projected
SAR distributions, and power transfer experimental results. (2) MRI image of the
arm of participant P3 (i.e., A3). (b) Computed electric field distribution inside A3.
(c) Computed electric potential distribution inside A3. (d) Computed projected
SAR distribution inside A3.
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Fig. 5.7. Computed electric field distribution for each case. a, Arm of P1 (Al). b,
Lower leg of P1 (LL1). ¢, Arm of P2 (A2). d, Lower leg of P2 (LL2). e, Lower leg
of P3 (LL3). f, Arm of P4 (A4). g, Lower leg of P4 (LL4). h, Arm of P5 (A5). i,
Lower leg of P5 (LL5). The electric field distribution for the arm of P3 (A3) is
reported in Fig. 5.6b.

Fig. 5.8. Computed voltage distribution for each case. a, Arm of P1 (A1). b, Lower
leg of P1 (LL1). ¢, Arm of P2 (A2). d, Lower leg of P2 (LL2). e, Lower leg of P3
(LL3). f, Arm of P4 (A4). g, Lower leg of P4 (LL4). h, Arm of P5 (A5). i, Lower
leg of P5 (LL5). The voltage distribution for the arm of P3 (A3) is reported in Fig.
5.6c.
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Fig. 5.9. Computed projected SAR distribution for each case. a, Arm of P1 (Al).
b, Lower leg of P1 (LL1). ¢, Arm of P2 (A2). d, Lower leg of P2 (LL2). e, Lower
leg P3 (LL3). f, Arm of P4 (A4). g, Lower leg of P4 (LL4). h, Arm of P5 (A5). i,
Lower leg of P5 (LL5). The projected SAR distribution for the arm of P3 (A3) is
reported in Fig. 5.6d.

(5.9 £0.7) mW (mean £ SEM), and in the lower legs they range from
2.0mW (LL1) to 3.3 mW (LL5), with an average value of (2.4 £ 0.3)
mW (mean £ SEM) (see Fig. 5.10b).

TABLE 5.6.
Optimal Zj0aq for each participant and limb.

Zioad (Q) P1 P2 P3 P4 P5
Arm 210 250 260 250 250
Lowerleg 260 250 280 250 250

The channel efficiency for every single case is reported in Fig. 5.10c.
For the arms, it ranges from 0.15% (A4) to 0.27% (A2), with an
average value of (0.19 + 0.03)% (mean £ SEM). For the lower legs,
it ranges from 0.029% (LL3) to 0.047% (LL5), with an average value
of (0.035 +0.003)% (mean £ SEM). The difference between arms
and lower legs is mainly due to the anatomical characteristics of both
limbs (e.g., volume, section, length, fat thickness, etc.) [131]. These
power transfer efficiencies in the order of 0.1% are much lower than
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those typically reported, in the order of 1% or even in the order of
10%, for WPT systems based on inductive coupling or ultrasonic

acoustic coupling [26], [52].
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Fig. 5.10. (a) Maximum transferred power to the optimal load connected across the pair of
intramuscular needle electrodes when sinusoidal voltage bursts (carrier frequency = 6.78
MHz, burst duration = 100 us and repetition frequency = 1 kHz) were applied across the pair
of external electrodes: in the arms (i.e., Al to A5) on top and in the lower legs (i.e., LL1 to
LL5) on the bottom. Dots indicate experimental measurements. (b) Maximum transferred
power to the optimal load with a projected maximum SAR of 10 W/kg. (c) Channel

efficiency.
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Fig. 5.11. Computational modeling results. (a) The transmission channel (i.e., limb
tissues, band electrodes and needle electrodes) was modeled as a two-port network.
The inlet shows the considered insertion angle error of the needle electrodes. (b)
Comparison of experimental maximum transferred power and simulated
transferred power using the optimal experimental load in the arm (top) and in the
lower leg (bottom) of P1. Dots indicate experimental measures. Solid line indicates
simulated results under the assumption that that both needle electrodes are perfectly
aligned (i.e., 0°). Upper shadow edge indicates simulated results under the
assumption that both needle electrodes have an inclination of -10° (i.e., 10° towards
the center). Lower shadow edge indicates simulated results under the assumption
that both needle electrodes have an inclination of +10° (i.e., 10° towards the band
electrodes). (c) Same as Fig. 5.11b for P2. (d) Same as Fig. 5.11b for P3. (¢) Same
as Fig. 5.11b for P4. (f) Same as Fig. 5.11b for P5.
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5.3.2 Computational model validation

The transmission channel formed by the band electrodes, the tissues
and the needle electrodes was modeled as a two-port impedance
network (Fig. 5.11a) [48]. The impedance (Z) parameters of the
network were numerically computed using the 3D computational
model of the limb obtained after segmenting the MRI images. The
obtained two-port impedance networks allow simulating power
transfer with reasonable accuracy. As an example, when applying a
peak voltage of 79 V across the external electrodes, the average
relative error between the experimentally received power and the
simulated one is 4%, with a standard deviation of 26% (see Fig.
5.11b-f).

5.3.3 Powering electronic devices

Fig. 5.12a shows a picture of an electronic device connected to the
needle electrodes of the arm of P1, being safely powered according
to the IEEE standard through volume conduction of HF current bursts
(carrier frequency =6.78 MHz, B =100 us, and F=1kHz). The
electronic device connected to the needle electrodes does not contain
any power source and it is composed by: 1) a circuit consisting of a
bridge rectifier with dc blocking capacitors, a voltage regulator and a
microcontroller and 2) an LCD screen (see inlet in Fig. 5.12a).

This device is similar to most implantable medical devices in terms
of complexity and power consumption (approximately 1 mW). Fig.
5.12c reports the projected maximum SAR that appears in tissues
when the amplitude of the external voltage is sufficient for powering
the device in all participants and limbs. In all cases, the SAR is below
10 W/kg. It ranges from 2.3 W/kg (A3) to 4.0 W/kg (A5) for the
arms, with an average value of (3.2 + 0.4) W/kg (mean = SEM). For
the lower legs, it ranges from 6.2 W/kg (LL5) to 8.1 W/kg (LL1),
with an average value of (7.0 £ 0.4) W/kg (mean £ SEM). Fig. 5.12b
shows two electronic devices being powered by the same pair of
external electrodes in the lower leg of P4.
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Fig. 5.12. Illustration of the capability of WPT based on volume conduction for
safely powering electronic devices. (a) Picture of an electronic device, which is
comparable to a medical implant in terms of circuit complexity and power
consumption, being powered by volume conduction of high frequency current
bursts (carrier frequency = 6.78 MHz, burst duration = 100 us, and repetition
frequency = 1 kHz). The insert shows the circuit diagram of the electronic device.
This device connected to the needle electrodes does not contain any power source
and it is composed by: a circuit consisting of a bridge rectifier with dc blocking
capacitors, a voltage regulator and a microcontroller and 2) an LCD screen (b) Two
devices being simultaneously powered by the same current bursts. (c) Projected
maximum SAR in tissues when the amplitude of the external voltage is sufficient
for powering the electronic devices of this setup.

5.4 Discussion

The obtained results highlighted that the electric potential within the
tissues located between the external electrodes coarsely drops
linearly (Fig. 5.6b-c). This is noteworthy for two reasons: 1) the
electric field at the location of an implant (and hence the power
obtained by the implant [136]) would not depend on the implantation
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depth, and 2) WPT based on volume conduction can be considered
to be a non-focused WPT method since the applied electric field is
present in the whole inter-electrode region. Non-focality implies that
WPT based on volume conduction can be used for powering multiple
implants with the same external energy source (this fact is illustrated
in subsection 5.3.3). Examples of non-focused methods are those
based on Helmholtz-like coil configurations [19]. Moreover, each
device only draws a small portion of the total external energy without
significantly distorting the electric field at the location of the other
implant, thus enabling the possibility of increasing the total
efficiency of the method by increasing the number of devices in the
same powered area.

Comparison in terms of efficiency with published WPT systems is
not straightforward as efficiency depends on multiple factors such as
the geometry of the elements (e.g., the dimensions of the external
applicator and of the receiver) and the relative conformation of the
elements of the system (e.g., whether the receivers are within a region
encompassed by the applicator of the transmitter). In fact, for some
conformations, volume conduction is advocated by some researchers
because of its superior efficiency [26]. Comparison of the results
reported here for the arm (efficiency around 0.2%) with those
reported for a similar scenario in which inductive coupling was
assayed ex vivo with an efficiency of around 2% [19] suggests that
volume conduction is ten times less efficient than inductive coupling.
Nevertheless, this comparison must be considered as inconclusive
because the receiver inductor of that study had a diameter of 4 mm
and inductive coupling efficiency strongly depends on such
diameter [53]. Further research is required regarding this aspect. In
any case, the efficiency of volume conduction does not jeopardize the
feasibility of using a wearable external system (such as the one
showed in the envisioned scenario in Fig. 5.1). Taking into account
the mean of the channel efficiency (i.e., 0.19% and 0.035% for arms
and lower legs, respectively) and the power consumption of
electronic medical implants (typically 1 mW or less), the externally
applied power should be in the order of 0.5 and 3 W for the arms and
lower legs, respectively. In the market, there are several wearable
rechargeable batteries (e.g., 100 cm?® or less) that provide more than
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30 W for one hour (e.g., 2447-3034-20-520 from Ansmann AG,
Assamstadt, Germany).

Regarding the two-port model, after analyzing the impact of different
possible sources of error in the experimental procedures and in the
simulations, it was determined that the variability in the insertion
angle of the needle electrodes was the most likely cause of the
discrepancies observed between the simulated and the experimental
results. This variability causes significant random errors in the
separation distance between the conductive tips of the electrodes.
Even though the location of the insertion point of the needles was
carefully ensured by using markers, the insertion was performed
manually orthogonally to the skin without any provision to ensure the
penetration angle. Simulations were performed assuming £10° errors
in the penetration angle. Considering this penetration angle error
margin, the simulations fit the experimental results in all cases except
for the arm of P2. This inconsistency may be caused by the fact that,
in this case, the insertion marks of the needle electrodes had to be
displaced 5 mm from the original position to avoid a blood vessel that
was detected in the MRI images during the experimentation.
Although the position of the needles was accordingly modified on the
numerical model, this adjustment may explain the inconsistency.

None of the participants reported any sensation related to heat or
electrostimulation during the experimentation in both limbs. They
barely reported uncomfortable sensations related to the fact of having
the needles inserted. Therefore, the applied HF current bursts are not
only innocuous, as guaranteed by adherence to the IEEE standard,
but also imperceptible. No skin alterations were observable. This
study focuses on the safety of the method by following the IEEE
standard on safety levels with respect to human exposure to
electromagnetic fields. These aspects can be extrapolated to chronic
implants but, for the final application (chronic use with implantable
devices), there are other safety aspects (e.g., long-term electrode
changes, mechanical stability, etc.) that should be analyzed in chronic
animal studies.
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5.5 Conclusions

This study in healthy participants demonstrates that, albeit with poor
efficiency, ac and dc electric powers in the order of milliwatts can be
obtained from pairs of thin electrodes within limb muscles when HF
sinusoidal current bursts are safely delivered through two textile
electrodes shaped as bands strapped around the Ilimb and
encompassing the region where the pair of thin electrodes is located.
In addition, it is demonstrated that these currents are imperceptible
and that the obtained power from the pair of thin electrodes can be
used to power complex electronic circuits with digital and analog
functionalities. To the best of our knowledge, this is the first time that
the use of WPT based on HF volume conduction has been validated
in humans. Since none of the observations and principles preclude
the use of this approach in other comparable conditions (e.g.,
different waveforms, tissues, anatomical locations or geometries for
the systems), the results of this study pave the road for the
development of diagnostic and therapeutic systems using threadlike
electronic implants powered by WPT based on HF volume
conduction in limbs.

In addition to unprecedented minimal invasiveness, other remarkable
advantages of the presented approach over other WPT methods are
the capabilities to: 1) power deep implants, 2) simultaneously power
multiple implants with the same external applicator, 3) deliver high
peak powers and 4) avoid inconvenient external applicators and
elements such as rigid bulky coils for inductive coupling or gels for
ultrasonic acoustic coupling.

Furthermore, this study proposes and demonstrates a procedure to
accurately model WPT based on volume conduction that
characterizes the coupling between the transmitters and the receivers
by means of two-port impedance models generated from medical
imaging data. This procedure is not only relevant for the design of
systems using WPT based on volume conduction, but it could also be
applied for modeling transmission channels in intrabody
communications based on volume conduction.
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5.6 Appendix

In terms of the electrostimulation effects, the IEEE safety standard
[131] defines the dosimetric reference level (DRL) as the in situ
electric field, and it is determined for frequencies between 0 Hz and
5 MHz. Accordingly, for continuous 6.78 MHz sinusoidal waveform,
which is the carrier frequency of the sinusoidal voltage bursts used in
this study, the DRL for electrostimulation mechanisms does not
apply. However, the standard also provides limits for non-sinusoidal
fields, as it is the case here. The standard indicates that the exposure
waveform consisting of multiple frequencies must satisfy that

5 MHz
1, (5.5)

0 MHz RLi
where A is the magnitude of the ith Fourier component of the
sinusoidal voltage bursts, and RL; represents the in situ electric field
restriction defined by the maximum allowed in situ electric field E;
for the ith Fourier component

EO' f<fe (56)
b= EO% fzf |

where Eo is the rheobase in situ field, fe is the transition frequency,
and f is the frequency of the ith Fourier component. For the scenario
considered in this study, in which the sinusoidal voltage bursts are
applied to the limbs, Eo is defined as 2.10 Vims/m, and f. is defined as
3350 Hz.

To avoid electrostimulation there are two ranges: a lower bound (f
<3350 Hz) and an upper bound (5 MHz > f > 3350 Hz). Therefore,

3350 HZ 5 MHz

Z B Z ifs1. G.7)

3350 MHz Ej 7
e

The maximum peak electric field that could be applied by the voltage
generator was calculated according to equation (5.7) using MATLAB
R2019a. The sinusoidal voltage burst waveform (carrier
frequency = 6.78 MHz, B =100 us and F =1 kHz) was smoothed
with a tapered cosine window created using the tukeywin function
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from MATLAB (5.8), with r =0.5. A 0.1 s duration waveform was
then generated using a sampling frequency of 100 Msps, and its
discrete Fourier transform was calculated. After identifying the two
ranges defined by equation (5.7), their summation was computed
having in mind the magnitude of the ith Fourier component, the
rheobase in situ field, and the transition frequency. The resulting
maximum peak electric field (i.e., the maximum in situ electric field
to avoid electrostimulation) was approximately 227 MV/m.

To minimize the contribution of the harmonics generated by
windowing the sinusoidal waveform, the applied bursts were
smoothed with a tapered cosine window. This window is defined as

1[1—cos(@>], OStSrB

2 rB 2

w(t) = 1, gB <t SB—%B (5.8)
1[1—cos<@—2—ﬂ>], B—rBStSB
2 rB r 2

where r is the cosine fraction and B is the burst duration (i.e., window
duration). This window is a rectangular window with the first and last
r/2 percent of the time equal to parts of a cosine. The expression for
a single smoothed burst with a sinusoid as the modulated waveform
is

b(t) = v(t)w(t) (5.9)
= Vpeak sSin@mft + @)w(t),

where Vpeak, f and ¢ are the amplitude, frequency and initial phase of
the sinusoidal modulated waveform respectively. Therefore, the
RMS voltage of the waveform during the burst (Vims in burst) iS

Vims in burst = \/%f [v(®)w(t)]?dt. (5.10)

If we assume ¢ = 0 and rBf/2 is an integer number higher than zero
(which corresponds to our case), then
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Vew | 5
Vims inburst = % 1- §T’ (511)
= peakk'

where k is a constant that depends on the cosine fraction r. The RMS
voltage of the waveform (Vims) is

Vims = peakaFB' (6.12)

where FB is the duty cycle, being F and B the repetition frequency
and the duration of the bursts, respectively. Therefore, for power
calculation, a scaling factor kv/FB has to be applied to transform
amplitude values into RMS values for the applied waveform. A
cosine fraction r = 0.5 was used, thus k = /11/32 . A smoothed
burst (Vpeak =1V, f=6.78 MHz, B = 100 ps) is shown in Fig. 5.13.
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Fig. 5.13. Smoothed burst (Vpeak = 1 V, f = 6.78 MHz, B = 100 ps) with tapered
cosine window (r = 0.5).
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CHAPTER 6: NUMERICAL ANALYSIS OF COMMUNICATIONS BY VOLUME CONDUCTION

Abstract — To develop minimally invasive electronic implants, it is
essential to minimize their power consumption. A substantial part of
the power consumption of most biomedical implants is associated
with communications and, in particular, with the channel from the
implant to the external system. Thus, for communications, rather than
relying in active injection of energy into the medium, the current
trend is to develop implants with passive communication methods. In
these methods, the energy for communications is provided by the
external system and the implant performs communications by
passively interacting with such energy. One of the most common
passive communications methods is load modulation. Although this
method has been broadly used in inductive coupling, it has barely
been used until recently in coupling by volume conduction. This
chapter presents a simple modulation circuit and its analytical model
that allows determining the variation in externally applied current as
a function of the modulation of the implant. The analytical expression
is obtained by modeling the transmission link as a two-port network
and considering a communication circuit that consists of a diode
bridge with a variable resistance in series with a MOSFET at its
output. This circuit has been demonstrated in vitro using a saline
solution as a transmission medium. On the one hand, the results
highlighted that thin (< 1 mm) and elongated implants (> 2 cm) could
transmit digital information with a low bit-error rate (BER) (< 0.01),
even when separated by several centimeters from the external
electrodes. On the other hand, the results showed that the circuit
model can determine the variation of the external impedance as a
function of the modulation performed by the implant. Hence, the
proposed analytical model here can be especially handy for sizing
future implant designs.

118



6.1 INTRODUCTION

6.1 Introduction

The deployment of networks of minimally invasive implants that
allow the interaction and monitoring of physiological functions
would revolutionize how we treat several current pathologies [141].
As it has been stated in Chapter 1.1, the bottleneck that is hampering
the development of these networks is the difficulty of powering and
communicating with millimeter or submillimeter implants, especially
when these implants have to be deployed several centimeters inside
the tissues [142].

The most widely used method of communicating and powering
biomedical implants is inductive coupling [143]-[145]. Although this
WPT method is energy efficient and well established for short-range
applications and centimeter-sized devices (e.g., cochlear implants
[146]), typically, these systems work at relatively low frequencies
(< 10 MHz) in resonance to maximize power transmission efficiency
and this limits their bandwidth for communications [142]. To
overcome this limitation, several authors have proposed using
separated coils (or antennas) for power and for communication [147],
[148]. However, using extra coils (or antennas) increases the
implants' complexity and bulkiness, furthering the challenge of
developing minimally invasive implants. Furthermore, due to the
lossy nature of the biological tissues, it is challenging to design
communication links based on RF propagation when millimetric or
sub-millimetric biomedical implants are placed deep inside the
tissues [149].

The use of coupling by volume conduction, typically less accurately
referred to as galvanic coupling has gained increasing interest as an
intrabody communication (IBC) method [150]-[152]. This method
uses the biological tissues in the human body as a transmission
channel. For communication, in most cases, the transmitter (either
the external system or the implant) injects an innocuous
high-frequency current to the tissues, and the receiver gets the
information by sensing the voltage gradient such current produces.
This method has been studied mainly for superficial battery-powered
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medical devices [84], [86], [153]. In addition to simplicity this
method offers security. Since the biological tissues are more
conductive than the air, the communication signals are mostly
confined inside the body. As a consequence, this method is inherently
more secure than radiated methods [58].

Current injection by the external system for performing (downlink)
communications is generally not an issue because energy is readily
available. However, it is an issue for the design of the implant
because, as said, the energy source or its reservoir have a very
important impact on the size of the implant. Because of that, it has
been proposed to develop implants that perform (uplink)
communications by passively interacting with current applied
externally. In particular, it has been proposed to perform load
modulation [154]. In [155], we proposed a battery-free
communication scheme in which the implant modulates its load to
communicate with the external system.

Although coupling by volume conduction and, in particular,
communications by volume conduction based on load modulation,
are relatively new and unexplored, the use of load modulation also
referred to as impedance modulation, for passive communications is
well known in the field of inductive coupling and in the field of RF
communications, where it is also referred to as backscattering. In
backscattering the reflection of the applied incident waves changes,
so the receiver can sense these load changes [156]. Most current
backscattering biomedical studies are based on inductive coupling or
RF radiation, where the resonance of the link is exploited to optimize
the load modulation communication [144], [157]-[159].

In [70], load modulation was performed using the same circuits used
to do neuromuscular stimulation. This chapter introduces, models,
and in vitro validates a more generic load modulation circuit that
does not require current stimulators. Briefly, the load modulation
circuit emulates an ac switch using a diode bridge with a MOSFET
that allows the bridge output to be shorted or in an open circuit.

Fig. 6.1 shows an envisioned scenario where an implant
communicates with an external system using load modulation based
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on volume conduction. The implant can modulate its load, so the
external current is slightly modified by this modulation.

The following sections of this chapter describe the proposed
modulation circuit. Then, the two-port model introduced in Chapter 4
is adjusted to model the envisioned scenario (Fig. 6.1). The analytical
model obtained is then demonstrated in vitro using a homogeneous
saline solution as a transmission medium. Finally, the influence on
communications of the main parameters of the system is studied.

6.2 Methods
6.2.1 Load modulation

The operation principle of load modulation based on volume
conduction is that the external current can be slightly modified by
modulating the amplitude of the current flowing through the implant.

+Al
IEX+AIim Iex Allm

External
electrodes

Fig. 6.1. An envisioned scenario where a flexible and thin implant communicates
with an external system by modulating its load. The current flowing through the
implant (I;,,,) influences the external flowing current (1,,.).

Here, we propose to use the external HF current as a carrier signal
while the digital data is modulated using amplitude-shift keying
(ASK) modulation. The simplest case of load modulation is when the
implant alternates between shorting its electrodes and leaving its load
at high impedance. In this way, keeping the amplitude of 1/, constant,
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the value of I, will increase if the implant short-circuits its load,
compared to the case in which the load is left at high impedance.

6.2.2 Analytical model and modulation circuit

The communication system envisioned in Fig. 6.1 can be split into
three main blocks: the external system, the transmission channel, and
the implant communication circuit (Fig. 6.2). The external system
consists of a high-frequency voltage generator that can also sense its
current. The transmission channel entails the interface between the
external electrodes, the tissues, and the interface of the implant
electrodes. Due to the complexity of obtaining a closed-analytical
model considering the interface between several tissues in a finite
medium, the channel has been modeled as a two-port system, as
explained in depth in Chapter 4.

The two-port model expressed using the Z-parameter matrix
approach is defined as in (4.1). Since for frequencies above 10 kHz
(i.e., beyond the bandwidth of the bioelectric signals), the
transmission channel can be considered passive and the two-port
model is reciprocal. Therefore, Z.,im and Ziyex are equivalent.

The communication circuit used in this study is shown in Fig. 6.2.
The output of a diode bridge is connected to a variable resistor in
series with a MOSFET. Two blocking capacitors are connected in
series between the electrodes and the bridge to avoid potentially
dangerous low-frequency currents that can affect both the electrodes
and the tissues. If Ry is zero, assuming ideal semiconductors and a
frequency that allows the neglection of the dc-blocking capacitors,
the circuit emulates an ac-switch. By controlling the gate voltage of
the MOSFET, the communication circuit can short-circuit the
implant electrodes or leave the circuit in high-impedance mode. The
implemented ac switch minimizes the use of extra components in the
implant (since most of the current implant already have a rectifier).
Furthermore, as the circuit has few and simple electronic
components, its voltage and current can be analytically determined.
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Fig. 6.2. Schematic model of the proposed system. The communication system is
split into three blocks: the external system, the transmission channel, and the
communication circuit.

To obtain an analytical solution, we have determined the current
flowing through the implant as a function of the MOSFET’s region
of operation (cutoff or linear). Furthermore, the diodes are simplified
to obtain a closed analytical expression as a combination of an ideal
diode and a series voltage source (vp). The MOSFET is modeled as
a resistor (Rs,,) When it operates in the linear region and as an open
circuit in the cutoff region.

The implant’s current (/;,,,) when the MOSFET operates in the cutoff
region is zero. To calculate I;,, when the MOSFET operates in its
linear zone, it is necessary to determine, on the one hand, the
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conduction duty cycle (D) (i.e., the conduction angle divided by the
whole cycle angle), and on the other hand, the rms value of I;,, when
|V1m| > 217D-

To determine D, the conduction angle for a semi-cycle (6s.) is
defined as

Osc = w(toff - zton)'

v (25) - ()
=7 —sin —sin , 6.1
VinV2 VinV2 ©.1)
2v
=7T—25ir1‘1< D ),
VimV2

where w is the angular frequency, t.s is the time when the
conduction stops (i.e., |vim (t)| < 2vp), and t,, is the time when the
diode starts conducting (i.e., |v;n (t)| > 2vp).

If Vi > vp, (6.1) can be simplified as

417]3
Oge = T — v (6.2)

Since, here, we have a symmetrical full-wave rectifier, for acomplete
period the complete conduction angle (6..) is determined as
Occ = 204 (6.3)

Finally, by definition D is calculated as

D =% (6.4)

To facilitate the calculation of I;,, when |v;, (t)| > 2vp, the two-port
model circuit of Fig. 6.2 is simplified using its Thévenin equivalent
model calculated on the V;,,, terminals (Fig. 6.3).

The Thevenin impedance (Zty,) for the Fig. 6.3 circuit is defined as

Zeox — Zexim)Zexi
ZTh — ( ex ZeXll’l’l) exim + Zlm _ Zexim. (65)
ex
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Comm.
circuit

4

Fig. 6.3. Thévenin equivalent circuit of the two-port model calculated on the
communication circuit terminals.

And its Thévenin voltage (V1) as

Zexim

VTh = V:ex 7 .
ex

(6.6)

Applying the Kirchhoff’s second law in the Thévenin equivalent
circuit (being the communication circuit the one introduced in Fig.
6.2), when the diodes conduce, Iy, is calculated as

V2Vg, — 2vp
Ith e = \/z ’
Zrn + Ry + Rew + 2Z¢ (6.7)
B Vin — V2vp
" Zn + Ry + Rey + 2Z¢

The rms value of Iy, (6.7) averaged over a complete carrier period
(T¢) is calculated as

1 [Te
=7 [ Im@Pde
cJ0
= It cc‘/ﬁ-

(6.8)

Once the current flowing through the communications circuit has
been determined, the Thévenin equivalent current can be related to
the two-port model considering that

(6.9)

Lim = —Ip.

Regarding Iy, isolating from (4.1), it is expressed as
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I Vex = Z12lim (6.10)
ex le .

Therefore, when the MOSFET operates in its cutoff region, the
current through the implant (lim) is zero, and so, the current through
the external system (I.y) IS V. divided by Z;;. When the MOSFET
operates in its linear region, a current flows through the implant and
I is modified by I;,, as (6.10) states.

6.2.3 Noise and BER analysis

The two main sources of noise for the described system are, on the
one hand, the Johnson-Nyquist thermal noise and, on the other hand,
the quantization noise. Both signals can be considered additive noises
with an approximately flat power spectral density [160], [161]. The
biological noise is mostly focused on the low-band frequencies,
generally below 10 kHz [54]. Therefore, since the frequency band of
digital communications will not coincide with the band of biological
signals (> 10 kHz), the noise introduced by them can be filtered using
a low-pass filter. The same stands for artifacts associated with body
movements (<10 Hz). For this reason, biological signals and
movement artifacts were not considered the main noise sources.

The one-sided power spectral density Johnson-Nyquist noise (Ny,_x)
is calculated as

NV—]N = 4kBTR, (611)

where kg (J/K) is Boltzmann’s constant, T (K) is the resistance
temperature, and R (Q) is the resistance value. If the measured signal
IS current, (6.11) can be rearranged as

4kgT 6.12
Ni_jn = R (6.12)

Regarding the quantization noise, the one-sided quantization noise
power (Ng) is calculated as
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_ (6.13)

Pe=275

being A the step size of the converter
_FES (6.14)

= Sw

FS the full-scale range, and nthe number of bits. Assuming a
uniform power spectral distribution, the power spectral density of
(6.13) is calculated as

Ng = Pq_ (6.15)
Npin

where Nbin is the frequency bin width.

The power spectral density of the noise influences the bit-error rate
(BER): the number of bit errors divided by the total number of
transferred bits during a time interval. Assuming that the noise of the
system is additive white Gaussian noise and the transmitted signal is
modulated as ASK, the BER can be determined analytically as

_ 1 ’ Eg (6.16)
BER = > erfc Ny

where erfc is the Gauss error function and Ej is the energy of the
symbol [162]. The symbol energy can be calculated as

E; = Eylog, M, (6.17)

being E}, the bit energy and M the total number of alternative
modulation symbols. To analytically determine Ej, first, the
difference of (6.10) (Aley) is determined as a function of the state of
the MOSFET. Then the bit energy is calculated as

_ |Aley |? (6.18)

fcomm

b

where f.omm 1S the frequency of the digital communication.
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6.2.4 Invitro demonstration setup

To demonstrate the proposed circuit (Fig. 6.2) and its analytical
model (6.7)-(6.10), we used an in vitro setup based on a saline
solution (Fig. 6.4). A container was filled with a homogeneous saline
solution (L=146mm, W=87mm, and D=35mm). The
conductivity (o) of the medium was measured with a conductivity
tester (HI 98312 by Hana Instruments). Three different saline
solutions  mediums  were assayed  (NaClo2y =0.28 S/m,
NaClo3% =0.58 S/m, and NaCloe» =1.28 S/m). The external
voltage, V., was coupled to the saline solution using two parallel
stainless-steel electrodes on the container's opposite side. The
communication circuit picked-up the voltage I;,,, using two spherical
stainless-steel electrodes separated by a known inter-electrode
distance (S). Each electrode was laser welded to a 5 cm piece of
32 AWG enameled copper wire. We used three different electrode
diameters (g): 0.5 mm, 1 mm, and 1.5 mm.

The Z-parameters (4.1) for the described geometry can be
analytically determined [113]. Because, on the one hand, the relative
permittivity of the saline solution is low (e, = 80), and on the other
hand, the applied frequency is above 1 MHz, the medium has been
approximated as a pure resistive medium. Therefore, the external
impedance considering I;,, = 0 is calculated as

P (6.19)
X oWD’

Assuming an orthogonal alignment between S and the external
electrodes plates, the impedance Z.;, can be calculated as

N (6.20)
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Comm. circuit

— —_— — &
T

-

Fig. 6.4. Illustration of the experimental in vitro setup. The container was filled
with homogeneous saline solution acting as a transmission medium. The external
voltage was coupled using two plate electrodes placed on opposite sides of the
container. As implant electrodes, we used two spherical stainless-steel electrodes.

Furthermore, considering that both spherical electrodes had the same
g, if |§| > @, the resistance between both electrodes (Z;,,) can be
approximated as

1 (6.21)

" oo’
Introducing (6.19)-(6.21) into (4.1), the two-port model for the
described geometry is

im

L8]
(Vex>: oWD oWD (Iex) (6.22)
Vim |§| 1 fim /)’

oWD mog

The external voltage was applied as short bursts of high frequency
(6.78 MHz) sinusoidal signals. The frequency of 6.78 MHz was
chosen because it is above the safety threshold to avoid
neuromuscular stimulation (5 MHz [39], [79]), and it corresponds to
the central frequency of the first ISM band. To avoid overheating, the
voltage was applied as a short burst. The burst duration (B) was 10 ms
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and it was applied at a repetition frequency (F) of 10 Hz. The voltage
amplitude was adjusted to obtain an averaged SAR of 2 W/kg. If both
external plates produced a uniform electric field between them, the
SAR can be determined using (2.7).

The voltage applied through the external electrodes was obtained
using an arbitrary function generator (BK4065 from B&K Precision)
connected to a custom-made class AB power amplifier. The applied
voltage was measured on the external electrodes using an active
differential probe (TA043 from Pico Technology, St Neots, UK). The
current was measured using an ac/dc current probe (TCP2020 from
Tektronix, Inc.). The wire connecting one of the external electrodes
was wrapped five times around the current probe to increase the
sensitivity of the current measurement. Both the voltage and current
probes were plugged into a floating USB oscilloscope (5244D from
Pico Technology, St Neots, UK). The signals were acquired during
2 ms using a sampling frequency of 125 MHz and a rectangular
window. The resolution was 15 bits per channel, and the full scale
(FS) was 200 V and 2 A, respectively.

Since the power amplifier slightly modifies its voltage amplification
factor as a function of its current, in this work we measure both the
output voltage and the external current and calculate the impedance
to eliminate this error. Hence, we studied the impedance changes as
a function of I;,,, instead of I,. Hence, the previous model (6.10) was
rearranged to determine Z., as a function of I;,, (i.e., Z&y)

~

Zex = Loy — Zeoxim Il— (6.23)
Introducing (6.7) and (6.8) into (6.23) the obtained impedance model
IS

Zexim Vrn — 2vp (6 24)
Ziy = Zoy + D. .
T Zex Zmn + Ry + 2Z¢ VD

To obtain the experimental value of Z, and avoid introducing noise
by dividing by values close to zero, the measured v., and i, signals
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were root mean square averaged over 152 ns (i.e., 19 samples). This
value includes at least one complete period at 6.78 MHz. Then, the
resistance was determined using Ohm’s law.

Regarding the noise sources, considering the analytical expressions
introduced in subsection 6.2.3, for the worst-case scenario studied
here (i.e., NaClo.2%), the voltage Johnson-Nyquist noise (6.12) of Z,
(1710 at  298.15K) is  Nyon=28-108V?Hz, and
Nion = 9.6-102° VZHz (6.13). Regarding the quantization noise
(6.13), considering N = 500 Hz (i.e., a temporal window of 2 ms), the
voltage measurement has a one-sided power spectral density noise of
1.24-10® V?/Hz, and 1.24-10712 \V2/Hz for the current measurement.
Thus, clearly, the main source of noise is the quantization of the
voltage measurement.

To obtain the experimental noise, an external sinusoidal voltage of
6.78 MHz, and 25 Vims was applied through the external electrodes
(Fig. 6.4). The medium conductivity was 0.58 S/m. Both Vex and lex
were recorded using a window of 2 ms, and the rms value of these
parameters was calculated as stated. Finally, the power spectral
density of the impedance was calculated by determining its
periodogram and averaging the results from 1kHz to 1 MHz,
obtaining that N, was 1.21-10® Q2/Hz.

6.2.5 Measurement of 4Z,,

To measure the variation of Z., (AZ.y) as a function of I, the
transmitted digital data was a square train signal that toggled the
MOSFET M, from its cutoff region to its linear region (i.e.,
‘0101010”). Therefore, the modulated signal’s frequency spectrum
contains the carrier's components, the noise, and the frequency
components of the square pulse train.

Considering a square pulse train defined as in (6.25)
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A It| <TlD
ne =4 2, oD (6.25)
Ty 2 2
0, [t 27

where t is the time, A is the pulse amplitude, and T, is the pulse
duration. Since (6.25) is even, the Fourier series of I1(t) is

xr(t) = ap + Z a, cos(nwyt), (6.26)
n=1

where a, is the averaged signal. The parameters a,, can be calculated
as

T
2 (2
a, = T_pj—gA cos(nwyt) dt (6.27)

A nm

= ZEsm (7)
The first harmonic (i.e., n = 1) will have a value of 24 /. Therefore,
to determine the variation of (6.24) related to the load modulation,
the Fourier transform of the measured rms impedance is first
calculated. Then, to determine AZ,,, the frequency component with
a frequency of 1/Tp (i.e., n=1 in (6.26)) is multiplied by =/2 to
recover the AZ., amplitude value.

6.2.6 Communication circuit

The described circuit in the inlet of Fig. 6.1 was implemented on a
40x30 mm two-layer PCB (see Fig. 6.5) using on-the-shelf
components. The diodes (D;_g) were small-signal fast switching
diodes (1N4148 from Vishay Semiconductors) having a typical
forward voltage (vp) of 0.75 V (for a current of 10 mA at 25 °C). The
MOSFETs (Mi1-2) were small signal MOSFETs (BS170F by On
Semiconductor).
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Implant H
electrodes
1ul

Fig. 6.5. Schematic of the implemented communication circuit. The circuit can be
powered by volume conduction or using a 9 V external battery.

For M,, the maximum value of Rgy is 5, so we considered
Rsw =5 Q. To ensure that M1 operates as a switch without limiting
the flowing current through the channel (i.e., in the cutoff region for
a ‘0’ and in the ohmic region for a ‘1’), the M2 MOSFET acts as a
bidirectional logic level shifter, so it increases the Vg of M;.

The digital part of the circuit could be powered using two different
methods 1) using volume conduction and 2) using an external 9 V
battery. Unless otherwise stated, the circuit was powered from the
9 V battery, and ], was disconnected. The dc voltage was regulated
using a low dropout regulator (MIC5236 from Microchip) to obtain
a fixed voltage of 3.3 V. The operation mode of M; was controlled
by a low-power microcontroller (ATtiny-85 from Microchip). The
clock frequency of the microcontroller was 20 MHz, and three
different communication frequencies were used (125 kbps, 250 kbps,
and 1050 kbps).
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6.3 Results
6.3.1 Dependency on inter-electrode distance

In Fig. 6.6, we studied the influence of the inter-electrode distance,

|§|, in the impedance variation and in the BER. The saline solution
resembled the properties of the muscle tissue at 6.78 MHz (NaCl at
0.3%, 0 = 0.58S/m). The external voltage, V., was adjusted to
obtain an averaged SAR of 2 W/kg (Vpeak = 38.3V, F = 100 Hz,

and B = 1 ms). To get accurate results the one-sided power spectral
density (No) was the experimental one (i.e., No = 1.21-10® Q?/Hz, see
subsection 6.2.4). Unless otherwise stated, this value has been used
in the rest of the results section.

The implant electrodes had a diameter of 1 mm. They were
submerged to a depth of 10 mm, and the vector formed by both

electrodes (§) was orthogonally aligned with the external electrodes.
The inter-electrode distance was swept from 10 mm to 40 mm in
steps of 5 mm. The electrode wires were attached to a 3-d printed
support to ensure both the orthogonally and the fixed inter-electrode
distance.

The results show that the analytical model accurately reproduces the
experimental trend, especially for distances above 25 mm. The
results of Fig. 6.6 show that for these values, the experimental
measurements are within the shaded area (i.e., they have a relative
error below +10% regarding the analytical expression). For
inter-electrode distances below 25 mm, although the analytical
model still follows the experimental values, the relative error is above
+10%. The error between the analytical model and the experimental
measurements for inter-electrode distances below 25 mm may be
partially associated with the fact that the amplitude of the
communication signal is close to that of the noise. Therefore, when
the experimental amplitude of Z., was determined for short
distances, a significant part of the obtained value was due to system
noise.
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Fig. 6.6. Influence of the inter-electrode distance in (a) the impedance variation
(shaded blue: £10%, line: theoretical value, markers: experimental values), and in
(b) the analytical BER calculated as (6.16) (shaded green: £50%).

Additionally, the results have also shown that the BER can be
reduced by increasing the inter-electrode separation. This trend is
described in the analytical model. Equation (6.24) of the model
describes how incrementing the inter-electrode spacing increases
Vrn, and consequently, Z... When Vg, > 2vp, the variation of Z,
increases at squared with the Z.;, and consequently with the
inter-electrode distance. Then, since E increases with inter-electrode
distance, the BER is reduced (6.16).

6.3.2 Dependency on electrode diameter
To determine the influence of the device width, we studied three

different electrode diameters: 0.5 mm, 1 mm, and 1.5 mm (Fig. 6.7).
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For each diameter, the inter-electrode distance was swept from
10 mm to 40 mm in steps of 5 mm. The conductivity of the medium
and the applied voltage were the same as those in Fig. 6.6.

a 2 T T T T T T T
Analytical values Experimental values
;_\?’/1.5- @=15mm ---¢-- @=15mm
g © = lmm © = 1lmm
' 1t © =0.5mm @ =0.5mm 4
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>
»
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0 . 1 1 1 1 1
10 15 20 25 30 35 40
Inter-electrode distance (mm)
b. 06 T T T T T T T
© =1.5mm
& © =1mm
g ©=0.5mm ]|
g
3
& i
| - eeceaaaaa locacanaaad ) laaaa
20 25 30 35 40

Inter-electrode distance (mm)

Fig. 6.7. Influence of the electrode diameter (o) in (a) the impedance variation
(shaded blue: £10%, line: theoretical value, markers: experimental values), and in
(b) the analytical BER. Three different diameters were considered: 0.5 mm, 1 mm,
and 1.5 mm (shaded green: £50%).

Since the electrode diameter is inversely proportional to the implant
resistance (Z,,) (6.21), the implant current decreases with the
electrode diameter (6.10), and consequently, the variation of the
external resistance is also reduced. The analytical values of Z,, for
the three different diameters were Z,,(@,5) = 1098 Q, Z,,(0, ) =
549 O, and Z,,(@,5 ) = 366 Q. To get a BER of less than 0.01 for a
diameter of 0.5 mm, an inter-electrode distance of at least 21 mm is
required, while for the 1.5 mm case, the inter-electrode distance must
be at least 15 mm.
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6.3.3 Dependency on modulation load (R1)

In more realistic scenarios, when the implant is also powered by
volume conduction, directly shorting the diode bridge for
communication purposes may not be suitable: while the bridge is
shorted, the implant cannot harvest energy for powering purposes.
Therefore, it is recommended to limit the maximum communication
current. To study how the current limitation influences the
communications, we have plugged an external variable resistance
(R4) in series with the communication MOSFET (M) (see Fig. 6.5).
The value of Ry was swept from 100 € to 2 kQ in steps of 100 Q. The
inter-electrode distance was kept constant at 30 mm. The diameter of
the electrodes was 1 mm, and the medium conductivity was
0.58 S/m. The results are shown in Fig. 6.8.
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Fig. 6.8. Influence of the modulation load in (a) the impedance variation (shaded
blue: +10%, line: theoretical value, markers: experimental values), and in (b) the
analytical BER calculated as (6.16) (shaded green: £50%).
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For R; < 1.2 kQ, the analytical model matches the experimental
results with an error of less than £10%. For values above 1.2 kQ,
produces a BER greater than 1-10. As in the previous cases, when
the BER is higher than this value, a slight divergence appears
between the theoretical model and the experimental results.

To illustrate that part of the picked-up power can be used for
powering purposes, it was considered the case when R; = 600Q.
With this load, a BER of 2.2-10Y" was obtained, and the analytical
current, I,,, was 2.3 mA. Applying the Joule law, the power
dissipated by R, when the MOSFET is in the linear region was
3.2mW.

6.3.4 Medium conductivity

The medium conductivity is a relevant property for load modulation
based on volume conduction since the model impedances are related
to this value. For the case studied here, the conductivity of the
medium was uniform. Therefore, for the used geometry, the two-port
impedances were inversely proportional to the conductivity (6.19)-
(6.21).

Three different saline solutions were assayed (NaClg.2o = 0.28 S/m,
NaClo.ss% = 0.58 S/m, and NaCloe% = 1.28 S/m). These conductivities
resemble the conductivity of several biological tissues at 6.78 MHz
(e.g., U(NaCIO.Z%) ~ OGray matter: O-(NaCIO.S%) ~ OMuscle’ and
o(NaCly6o,) = Osmallintestine)- T1he inter-electrode distance was
swept from 10 mm to 40 mm in steps of 5mm. The implant
electrodes had a diameter of 1 mm. Furthermore, the external voltage
was the same as the previous cases for the three different saline
solutions.

For the studied geometry, the results show that the conductivity does
not influence the variation of the external impedance (Fig. 6.9).
Nevertheless, conductivity increases the BER. For instance, to get a
BER below 0.01 for a ¢ =0.28 S/m an inter-electrode distance of
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13 mm is required, while for ¢ =1.28 S/m, 22 mm is required.
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Fig. 6.9. Influence of the medium conductivity in (a) the impedance variation
(shaded blue: £10%, line: theoretical value, markers: experimental values), and in
(b) the analytical BER. Three different medium conductivities were considered:
0.28 S/m, 0.58 S/m, and 1.28 S/m (shaded green: £50%).

This is attributed to the fact that, although the variation in impedance
was not related to the medium conductivity, the absolute value of the
bit energy reduces with the conductivity.

6.3.5 Communication frequency

To study the influence of the communication frequency, we have
considered three different frequencies (feomm): 125 kbps, 250 kbps,
and 1000 kbps. The medium conductivity was 0.58 S/m, and the
electrode diameter was 1 mm. The inter-electrode distance was swept
from 10 mm to 40 mm in steps of 5 mm (Fig. 6.10).
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Fig. 6.10. Influence of the communication frequency in (a) the impedance variation
(shaded blue: £10%, line: theoretical value, markers: experimental values), and in
(b) the analytical BER. Three different communication frequencies were
considered: 125 kbps, 250 kbps, and 1000 kbps (shaded green: +50%).

The experimental results confirm that the communication frequency
does not influence the variation of the external impedance when the
BER is below 0.01. However, as equation (6.18) states, the bit energy
is directly related to the communication frequency. Therefore, the
BER is also dependent on the communication frequency (6.16). For
instance, having a frequency of 125 kbps to get a BER below 0.01,
an inter-electrode spacing of 14.7 mm is required, while for
1000 kbps, 20.8 mm is required to get the same BER.
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6.3.6 Demonstration of demodulation

Although the design of an efficient demodulation system is beyond
the scope of this work, a demodulator based just on threshold
comparison has been used for verification purposes. Firstly, the
algorithm determined the threshold value as the mean value of the
impedance vector. Then, the impedance vector was filtered using a
moving average filter with a window length of one communication
bit divided by a factor of twenty. Then the averaged vector was
iterated, and each element was compared with the threshold value. If
the comparison result was equal to or less than the threshold, a binary
value of 1 was assigned. Otherwise, a 0 was assigned. Thus, a
digitalized signal was obtained.

To illustrate the demodulation, we used a saline solution with
o =0.58 S/m. The device electrodes have a dimeter of 1 mm. Four
inter-electrode distances were measured: 10 mm, 20 mm, 30 mm,
and 40 mm. The communication frequency was 250 kbps. In this
case, instead of transmitting a communication signal that alternates
ones and zeros, the signal was the binary codification of the ASCII
characters “HELLO” (i.e., 01001000 01000101 01001100
0100 1100 0100 1111 in binary). The results for a complete frame of
the transmitted message are shown in Fig. 6.11.

Based on the results obtained in Fig. 6.6, the demodulation for 10 mm
separations is expected to have a high randomness component as its
BER is close to 0.5. For inter-electrode distances of 30 mm and
40 mm, it is expected that the demodulator will be able to obtain the
transmitted message correctly. The demodulation results obtained in
Fig. 6.11 coincide with what was expected since, qualitatively, the
demodulation for 10 mm has a relevant randomness pattern. In
contrast, the 40 mm signal demodulation reproduced the transmitted
message correctly.

141



CHAPTER 6: NUMERICAL ANALYSIS OF COMMUNICATIONS BY VOLUME CONDUCTION

40 mm

20 mm 30 mm

10 mm

o

£

7 variation
€X

=2

Z__variation ({2)
o 8 £
I
]
l [ ]
——
I

%\
=

|
T

ex
S
[ov]

=
S
.

0100100001000101010011000100110001001111

0] 50 100 150
Time (j18)

=}
>

Fig. 6.11. a. RMS impedance variation for four different inter-electrode distances:
10 mm, 20 mm, 30 mm, and 40 mm, when the transmitter sent the previous
message. The dc component of these signals was intentionally removed to facilitate
the data comparison. b. Digitalization of the (a) signals. The amplitude of each
signal was averaged from (a) to allow the comparison between them.

6.4 Discussion

The results obtained from the analytical model and demonstrated in
vitro show that the modulation circuit proposed in this chapter can
transmit data with a very low error rate if the implant has a separation
of a few centimeters between its electrodes. Furthermore, the
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analytical model proposed here, based on the two-port model of
Chapter 4, allows accurately determining AZ,, (i.e., with an error less
than +10 %) if the BER is lower than approximately 1-10*. Part of
this error is related to having a high BER implies that E and N, are
of the same order of magnitude. Consequently, for the experimental
results, when AZ,, is calculated, this value includes a non-negligible
part of noise that produces part of the divergence with the model.
However, the fact of having divergences between the analytical
model and the experimental results when the BER is above 1-10* is
not especially relevant since most of the systems will be designed to
get a BER equal to or lower than this value. As the previous chapters
stated, to power threadlike AIMDs by using coupling based on
volume conduction a length above 20 mm is required. Therefore, a
low BER is expected in most of the applications.

The model proposed in this chapter can be used to optimize the
design of future threadlike implants. Furthermore, although the
demonstration was intentionally done using a simple geometry and a
homogeneous medium to determine the two-port parameters
analytically, the saline two-port parameters emulate the in vivo values
obtained in Chapter 5 properly. For instance, the mean of the values
of the two-port values of the upper arm considering a perpendicular
alignment (Table 5.4) are: Zy = 81.6-24.6i Q, Zim = 436-6.4 Q, and
Zexim = 16.8-3.41 Q. These values are close to the values obtained
considering a ¢=0.58S/m, d=1mm, and |§| =30 mm, so
Zoyx =82.7 Q, Zim =548 Q, and Zexim = 17 Q.

Load modulation based on volume conduction has the advantage that
it does not require separate pickup elements for communicating and
powering purposes [70]. The results in Fig. 6.8 showed that, while
the BER was kept low (2.2-10Y7), the implant resistance (R, =
600 Q) dissipated 3.2 mW when the MOSFET conduced, this is
1.6 mW considering that the communication had a duty cycle of 0.5.
This power although is lower than the maximum power that an
implant with this dimensions can obtain during the burst (4.4 mW see
Chapter 3.2.3) is enough to power most active medical devices [74].
Nevertheless, it is relevant to highlight that the implant just will
receive this power when the external burst is applied. If more power
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is needed or the implant needs to be fed continuously, the SAR can
be increased (for persons in controlled environment, 10 W/kg on
head and torso, and 20 W/kg in the limbs [39]) so that the burst can
be longer and the implant will obtain more power [136].

Although communications of hundreds of kbps have been used, the
total amount of information transmitted is limited because it can only
be transmitted when bursts are applied. In this work, the ratio
between the duration of the burst (B) and the inverse of the repetition
frequency of the burst (F) was 0.1. This ratio can be increased using
two different approaches. The first approach consists of maintaining
the same SAR (2 W/kg) while reducing the peak value of V,,. The
main drawback of this method is that reducing the peak voltage
reduces the performance of the communications. The second
approach consists of allowing a higher SAR. The SAR increases
linearly with the burst ratio if the Vpe,i is kept constant. Therefore,
for a SAR of 10 W/kg, the burst ratio is 0.5, and for a SAR of
20 W/kg, V. can be applied continuously.

The results showed that although the impedance variation was mainly
independent of the medium's conductivity, the BER increases as the
conductivity increased (Fig. 6.9). We obtained this outcome because,
for the described scenario, the noise is mainly related to the
guantization noise of the voltage measurement. Furthermore,
increasing the conductivity lowers the impedance. Hence, if the
analyzed variable is the impedance, the signal-noise ratio is reduced,
and the BER is increased. This drawback can be minimized by having
a voltage source whose value is not affected by load variations,
therefore it is only necessary to analyze the current.

6.5 Conclusions

This study supports volume conduction-based load modulation as a
passive communication method for implantable medical devices that
allows transmission frequencies of hundreds of kbps. Furthermore, in
this work, we have introduced and modeled a simple ac modulator
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switcher that can be easily implement in most of current biomedical
implants. The obtained model allows for determining the estimated
BER that the system will have. Moreover, as long as the BER is
small, the model accurately predicts the value of the modulated
signal.

The results show that using the described method, an implanted
device can transfer data to an external system separated by several
centimeters with a low BER, provided that the implant electrodes are
separated several centimeters (>20 mm) apart from each other.
Furthermore, for the described method, the same pair of electrodes
can be used for powering the device and for transmitting data. Hence,
the implant does not require extra bulky components and can be
shaped like a thin (< 1 mm), elongated (> 20 mm), and flexible body
that can be injected percutaneously.

The proposed model can be used to optimize the main features of the
implantable medical device (length, diameter, transmission
frequency, and the value of the implant modulation load) as a
function of the transmission parameters of the channel. Thus, we
consider that the model proposed here can set the theoretical
framework that describes load modulation communication based on
volume conduction and can pave the development of new minimally
invasive implants.
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7.1 GENERAL CONCLUSIONS

7.1 General conclusions

This thesis contributes to setting the bases of a theoretical framework
of coupling based on volume conduction for powering threadlike
implants. The obtained models ease the development of new
minimally invasive devices powered by volume conduction.

Two main analytical and numerical models to describe coupling
based on volume conduction have been developed and validated.
These models can be classified into two kinds, as a reception model
(Chapter 3), and as a full transmission model (Chapter 4). The
receiver models determine the maximum ac and dc power an implant
can obtain. It also analytically identifies the main local features
involved in coupling based on volume conduction. The full
transmission model, besides determining the PDL, allows for
determining the PTE of the system. However, in this case, the
system'’s physical parameters cannot be directly related to the model
values since they are numerically determined.

The provided models have shown that by applying electric fields,
which fulfill the safety standards, powers in the order of milliwatts
can be obtained by thin implants (i.e., with sub-millimeter diameters),
if their electrodes are separated few centimeters. Besides being
minimally invasive per se, this threadlike conformation favors the
percutaneous deployment of the implants, so surgical issues are
minimized.

Although coupling based on volume conduction allows powering of
deeply seated implants, the results have shown that this method has
exceptionally low PTE (usually below 1%). Nevertheless, this
efficiency can be increased when multiple implants are present. That
is because, first, implants can be placed close together (i.e., a few
millimeters apart) without significant decay in their PDL. And
second, multiple implants can be powered by coupling the same
external energy into the tissues.

This thesis also presented an in-human validation of coupling based
on volume conduction to power digital electronic circuits, showing
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that powers of milliwatts can be obtained by thin electrodes. In
addition, by using MRI images of the participants and a FEM solver,
the parameters of the model presented in Chapter 4 were obtained.
The comparison between the model results and the experimental
measurements showed that the proposed model could properly
estimate the PDL and the PTE. Consequently, it was validated that
this modeling process can model intrabody transmission channels.

Additionally, this thesis studied the use of load modulation as a
passive communication method, based on volume conduction. A
simple modulation circuit consisting of a diode bridge with a variable
resistor in series with a MOSFET has been proposed. Furthermore,
the analytical expression of the modulation circuit and the
transmission link was obtained. This model was demonstrated in
vitro. The results showed that transferring data from deeply seated
implants to an external system is feasible using threadlike implants.
Although, like in the power transmission case, to get a low BER
considering transmission frequencies of hundreds of kbps, the
implant electrodes must be separated a few cm (i.e., > 2 cm). Thus, it
has been demonstrated that the proposed system can use volume
conduction for communicating and powering the implantable device.

7.2 Future perspectives

As stated in the introduction, deploying networks of minimally
invasive implants has the potential to revolutionize the treatment and
monitoring of several medical pathologies. This thesis has already
contributed to smoothing the path of developing minimally invasive
implants since the results presented here have allowed the
development of a new generation of eAXONSs, being the first
generation of submillimetric eAXONs (diameter =0.97 mm,
length = 35 mm).

The obtained model presented in Chapter 4 can be adapted for any
anatomical position, as we did in Chapter 5, where it was adapted to
model coupling based on volume conduction in human upper and
lower limbs. However, since most medical implants are placed within
the human head and torso, it is necessary to follow a similar
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procedure to the one described in Chapter 5 to apply volume
conduction for these applications. Besides the anatomic differences,
the main difference between the limbs, the head, and the torso is that
while the maximum SAR on limbs for persons in controlled
environments is 20 W/kg, in the head and torso, this safety threshold
iIs reduced to 10 W/kg. Moreover, since the models presented in this
thesis have been developed not only for neuromuscular applications
but for generic AIMD applications, to the best of our knowledge, the
provided models are also being used to develop minimally invasive
implants that monitor physiological parameters and use coupling
based on volume conduction for powering and for communicating
purposes.

Although the transmission link optimization was out of the scope of
this thesis, it is one of the most relevant factors for developing future
applications. One of the parameters that have a more significant role
in the efficiency optimization is the arrangement of the external
electrodes. Here, it is anticipated that using multiple external
electrodes will improve the system efficiency. This is due to, on the
one hand, in specific scenarios, having multiple external electrodes
can allow focalizing the electric field in a region. And, on the other
hand, for scenarios that include multiple distributed implants, the
system can be optimized by selecting the proper external electrodes
based on the implants power requirements for each time.
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