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Abstract- Deeply implanted biomedical devices (DIBDs) are a
challenging application of wireless power transfer because of the
requirement for miniaturisation whilst minimising patient exposure to
tissue heating. This work proposes a capacitively-coupled conductive
power transfer method for DIBDs, which allows for the safe transfer
of power into the body whilst using minimum implant volume. The
method uses parallel insulated capacitive electrodes to couple uniform
current flow into the tissue and implants. Analytical analyses are
presented, which result in a two-port network that describes circuit
operation. The two-port network is further simplified for typical DIBD
applications where coupling to the external electrodes is low. This
results in a simple circuit model of power transfer for which the
parameters are easily obtained by experimental measurements. The
proposed circuit model has been validated using circuit coupled finite
element analysis (COMSOL) and benchtop experiments using a tissue
phantom. In addition, the safety aspect of the method has been
evaluated via COMSOL simulation of the specific absorption rate
(SAR) for various implanted receiver dimensions and implantation
depths. Finally, a completed power supply, unaffected by the
implantation depth, running at 6.78 MHz, delivering 10 mW deep into
the body whilst meeting the IEEE C95.1 basic restriction is presented.

I. INTRODUCTION
Active biomedical implants require power to operate. The
power requirement of such devices, ranging from microwatts to
tens of watts [1], can either be supplied by implanted energy
storage units, via percutaneous (through the skin) drive lines, or
wireless power transfer. Due to the short lifetime, the size of
storage units and infection potential of percutaneous drive lines,
wireless power transfer (WPT) is becoming the preferred long
term power source for implantable devices [2][3][4][5][6]. The
most commonly used type of transcutaneous WPT is inductive
power transfer (IPT). Inductive power uses a magnetic field to
couple an external and an implanted coil to deliver power.
However, the implanted coils are difficult to integrate into
miniaturised implants due to the presence of metallic
components such as the battery and hermetic packaging, which
create parasitic loads that may reduce performance. Moreover,
miniaturisation is accompanied by higher power densities,
leading to high field strengths and circulating currents which
make it difficult to meet specific absorption rate limits (SAR)
[7].
Ultrasonic, capacitive and galvanic power transfer are
alternative technologies which could power highly miniaturised
devices. Ultrasonic power transfer has been widely investigated
[8] and is beginning to appear in clinical applications [9].
Capacitive power transfer, which can also be named Capacitive

Transcutaneous Energy Transfer (C-TET) for biomedical
applications [10],[11], uses a pair of external surface electrodes
to generate an electric field, with corresponding pick-up
electrodes just below the skin surface to receive power and
drive a load as shown in Fig. 1.a. Whilst this method can deliver
useful amounts of power to implants near the body surface, the
voltage potential applied to deliver power leads to large surface
currents if the pick-up is implanted deeply.
Galvanic power transfer technologies have recently been
reported which rely on volume conduction to deliver power
through the body, with coupling to the skin and implant
electrodes via electrodes [12]–[14]. For example, BecerraFajardo et al. used high-frequency burst currents, followed by
rectification to extract the envelope and deliver
microstimulation of nerves. This technology could be suitable
for deep implantation and miniaturisation [15].
An alternative approach is to capacitively couple volume
conduction power transfer by applying a dielectric coating to
the external and/or implanted electrodes. This replaces the
metal-electrode double-layer capacitance with capacitance
formed about an insulator. Capacitive electrodes have been
proposed as a way to reduce skin irritation in recording
applications [16] which may be useful in volume conduction
power transfer. At the implant, the application of a dielectric to
electrodes is a common technique used to achieve impedance
stability, biocompatibility, and corrosion resistance [17].
Furthermore, capacitive coupling has the potential to
electrically isolate the power electrodes from other circuits or
metallic parts of the device. For instance, metal surfaces (such
as a power electrode), have been shown to cause artefacts on
neural responses recorded from nearby electrodes [18].
Additionally, coated power electrodes can be used to prevent
stimulation currents coupling to the power receiving circuitry
due to their high impedance at low frequency. This could
prevent the loading of the stimulator, enable the use of current
steering approaches [19], or enable simultaneous optimisation
of stimulation/recording electrodes and volume conduction
power transfer. Therefore, capacitive coupling could aid the
development of miniaturised devices incorporating conductive
power transfer where many functions must coexist in a small
space.
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Relevant safety standards are discussed, and the safe operating
region of CCCTET is introduced in SectionVI. Furthermore, a
complete power transfer system is designed and built, and
practical issues are discussed in SectionVII and VIII. Finally,
the conclusions are presented in Section IX.
a) C-TET system

II. SYSTEM DESIGN
The CCCTET system is depicted in Fig. 2. It consists of a
pair of transmitter electrodes (TXE) placed across the body near
the implant location (in this example on the back and front of
the chest to power a device deep in the patient’s torso), an
implant, and a control unit (which includes batteries and an
inverter). The TXEs can be fabricated metallic electrodes that
are insulated to avoid direct skin contact. The receiving
electrodes can be placed on or in the immediate vicinity of the
implant.

b) Capacitively-coupled conductive TET (CCCTET) system targeting DIBDs
Fig. 1 Conventional C-TET available in the literature vs proposed CCCTET
of this work. Arrows illustrate current flow. The electrodes are placed across
the tissue with CCCTET to ensure that current is transferred deep in the tissue.

The objective of this work is to investigate the potential of
applying a capacitively coupled interface to volume conduction
power transfer to supply power to DIBDs. The circuit is
configured to apply current uniformly across the tissue bulk,
uniformly, as shown in Fig. 1.b. Whilst low coupling causes
challenges to power transfer to DIBDs, it allows simplification
of the power transfer model, much like IPT [20]. Based on the
low coupling simplification and the prior work showing that
tissue behaves mainly as a conductor, we then propose a new
model of C-TET, namely Capacitively Coupled Conductive
Transcutaneous Energy Transfer (CCCTET). This model is
used to design example systems which deliver useful amounts
of power deep into the body, showing that CCCTET can be used
to power deeply implanted devices. In summary, the
contributions of this paper are:
1) Developing a circuit model of capacitively-coupled
conductive TET which reveals the power transfer
mechanism and enables fast determination of output
power based on simple measurements.
2) Evaluating the safety of CCCTET through modelling of
SAR which shows that the safety is independent of
implantation depth.
The paper is structured as follows: in Section II, the system
architecture is proposed, and DIBDs’ deployment technique is
shown. We then analytically model the system at circuit level
using simplifications allowed by low coupling (Section III).
Section III results in a two-port network. The two-port network
allows the determination of compensation network parameters
and shows under what conditions maximum power is achieved.
This section also introduces the resistive coupling parameter,
which has a similar role as the mutual inductance in IPT. The
methodology used to validate the analytical models are
presented in Section IV. Section V presents the numerical and
practical results and compares them with the analytical solution.

Fig. 2 Practical system representation of the proposed CCCTET for DIBDs.
Original image from
https://commons.wikimedia.org/wiki/File:Liver_01_right_side_view.png.

The power transfer system is established via a time-varying
electric field (E-field) applied on the TXEs. The E-field
generates a current flowing to the implanted electrodes (RXEs)
via the partially conductive tissue. The received power is then
conditioned and used to drive the implanted biomedical
devices.
III. ANALYTICAL CIRCUIT MODELLING
A. A simplified circuit model based on conduction
Fig. 3 taken from [11] illustrates a C-TET circuit model. The
schematic includes external matching components (L1 and L2),
capacitive coupling elements (CCo#-S), tissue-equivalent model
(Req#, CT#-S, RT#-X, RT#-L) and a resistive load (RL). The tissueequivalent circuit model seen by the electrodes is the starting
point for the analysis presented below and is depicted in Fig. 4.
In this section of the paper, we will modify the model from
Erfani et al.’s model to include capacitive coupling elements,
then simplify it based on the resistive properties of tissue to
create a two-port model of CCCTET which can be entirely
determined by experimental measurements. In order to
understand the impact of capacitive coupling reactance on
power transfer, an admittance model is developed, which
includes tuning inductors allowing the conditions for tuning to
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be determined. Finally, the models are simplified to Thevenin
and Norton equivalent circuits for cases of low coupling, as is
typical of deeply implanted medical devices.

Where A is the surface area of electrodes, ε0 and εr are the
permittivity of free space and relative permittivity respectively,
and d is the thickness of the insulation layer. The final circuit
model is depicted in Fig. 6.

Fig. 3 Circuit model presented by R. Erfani et.al. The left side shows the
physical layout with a transmitter, electrode and receiver. The right side is an
equivalent circuit model of the left side where the centre cross-over network
represents the electrode-tissue interface.

The network in Fig. 4 can be simplified from Fig 3 based on
the assumption that tissue is predominantly conductive (phase
angle near zero) in the low MHz range, allowing the reactive
components, CT1-S and CT2-S, be eliminated. The presented
circuit model in Fig. 4 can be analysed as three main
components, the transmitter, the medium (tissue) and the
receiver. The transmitter side consists of TXEs which form
Cp-t1-2 and R12, the medium includes R13,23,14,24 and finally the
RXEs of the receiver side form Cs-t1-2 and R34. The capacitance
formed between the transmitting (TXE) and receiving
electrodes (RXE) and the tissue is represented as Cp-t# and Cs-t#
respectively. These capacitances are a function of the coating
thickness, with the capacitance being formed between the
electrode and the tissue across the dielectric material.

Fig. 5 lumping R13,23,14,24 into one component. The resulting component is an
equivalent resistor that links the TX and RX side (coupling resistance). The
coupling resistance can easily be calculated analytically as in equation (2).

Fig. 6 Resistive equivalent circuit that includes a resistive coupling component

The result is consistent with what has been reported for
volume conduction in [21]; however, the proposed model is a
Pi equivalent network rather than a T network. This indicates
that the capacitive coupling does not change the fundamental
power transfer mechanism of volume conduction.
C. Determining the circuit model parameters
R12 can be directly measured using an impedance analyser
attached to the TXEs when the RXEs are open-circuited, as
shown in Fig. 7. R34 can be measured similarly by attaching the
impedance analyser to the RXEs with the TXEs open-circuited.
This measurement method is only applicable to loosely coupled
systems such as DIBDs.

Fig. 4 A general equivalent model schematic of CCCTET consisting of
transmitter, receiver and tissue medium with the exclusion of any additional
external circuitry.

B. Separation into TX, RX and coupling resistance
By further simplifying the equivalent model illustrated in
Fig. 4, the transmitter (TX) and receivers (RX) sides can each
be separately analysed, measured, and linked via a coupling
resistance.
To find the coupling term to link the transmitter and receiver
sides, R13,23,14,24 are grouped into one component, namely Rc;
the coupling resistance (illustrated in Fig. 5). This term
describes how much of the supplied power will be received on
the implant side. Rc is dependent on the medium’s electrical
properties, dimensions of the TXEs and RXEs, and separation
between the TXEs and RXEs.
The self-capacitors can also be lumped into Cp-t and Cs-t , the
values of which can be analytically calculated by equation (1).
𝐀𝐀.𝛆𝛆 .𝛆𝛆
𝐂𝐂 = 𝟎𝟎 𝐫𝐫
(1)
𝐝𝐝

a) Measuring the input impedance with the RXEs open circuited.

b) Measuring the output impedance, with the TXEs open circuited.
Fig. 7 Impedance analysis steps, first measuring TXEs and then RXEs. Vp and
Vs represent the connection points to the impedance analyser.
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In practice, measurement of Rc using an impedance analyser
is challenging due to the presence of R12 and R34 which
dominate the impedance measurements. It was found to be
more reliable to measure the open circuit output voltage in
response to an applied input voltage on the TXEs. Fig 8.a shows
the equivalent circuit modified to account for the parasitic
inductance and resistance of the electrode connections which
must be accounted for when relating Rc to the voltage
measurements. These are in addition to the coupling
capacitance shown in Fig 5, and as such Cp-t and Cs-t, are
generalised to impedance (Z) values. Nodal analysis can be
used to calculate Rc based on the equivalent circuit shown in
Fig. 8.a. Determining Rc using equation (2) requires a physical
measurement of Vs when there is no load,(Vs(oc)). This can be
done either experimentally as described above or via numerical
simulation.

In this sub-section, we develop an admittance model of the
system which is used in section III.E to determine how
compensation impacts power transfer, and establish a simple
approximation for use in loosely coupled systems. Fig. 9
presents a current fed two-port network. In this network, the
transmitting and receiving voltage-controlled current sources
are defined as Ips = Vs ∗ y21 and Isp = Vp ∗ y12 respectively.
y11 and y22 are the transmitting and receiving admittances
while y12 and y21 are the reflected admittances from receiving
side to the transmitting side and vice versa, respectively. YL is
the load admittance and P is the load power.

Fig. 9 An admittance two-port network for CCCTET

𝐲𝐲𝟏𝟏𝟏𝟏 =

a) Simplified impedance equivalent circuit of CCCTET.

𝐲𝐲𝟏𝟏𝟏𝟏
𝐲𝐲𝟐𝟐𝟐𝟐
𝐲𝐲𝟐𝟐𝟐𝟐

b) Simplified admittance equivalent circuit of CCCTET
Fig. 8 Equivalent circuits of CCCTET simplifies the design process. Both
admittance and impedance models can be used interchangeably.

𝐑𝐑𝐜𝐜 = 𝐑𝐑𝐑𝐑[

𝐕𝐕𝐩𝐩 ∗𝐑𝐑 𝟏𝟏𝟏𝟏
−𝐕𝐕𝐬𝐬(𝐨𝐨𝐨𝐨) )
𝐙𝐙𝐢𝐢𝐢𝐢 +𝐑𝐑 𝟏𝟏𝟏𝟏

𝐑𝐑𝟑𝟑𝟑𝟑 ∗(

𝐕𝐕𝐬𝐬(𝐨𝐨𝐨𝐨)

]

(2)

The circuit schematic can also be presented by its admittance
equivalent (shown in Fig. 8.b) which supports current source
analysis, and is used in section II.D. Again, using nodal
equations, Yc can equivalently be obtained to determine the
coupling admittance.
𝐕𝐕 (𝐨𝐨𝐨𝐨)∗𝐘𝐘𝟑𝟑𝟑𝟑

𝐬𝐬
𝐘𝐘𝐜𝐜 = 𝐑𝐑𝐑𝐑 [ 𝐕𝐕𝐩𝐩∗𝐘𝐘
𝐢𝐢𝐢𝐢

𝐘𝐘𝐢𝐢𝐢𝐢 +𝐘𝐘𝟏𝟏𝟏𝟏

−𝐕𝐕𝐬𝐬 (𝐨𝐨𝐨𝐨)

]

(3)

Once Rc or Yc are calculated, all the circuit elements are
known, enabling all remaining parameters to be found.
D. Admittance model of CCCTET

𝐘𝐘 �𝐘𝐘 +𝐘𝐘 �
𝐘𝐘𝐢𝐢𝐢𝐢 (𝐘𝐘𝟏𝟏𝟏𝟏 + 𝐜𝐜 𝟑𝟑𝟑𝟑 𝐨𝐨 )

=−

𝐏𝐏 =

(4)

𝐘𝐘𝐨𝐨.𝐘𝐘𝐜𝐜.𝐘𝐘𝐢𝐢𝐢𝐢
𝐘𝐘𝐜𝐜 (𝐘𝐘𝐢𝐢𝐢𝐢 +𝐘𝐘𝟏𝟏𝟏𝟏 )
(𝐘𝐘𝟑𝟑𝟑𝟑 +𝐘𝐘 +𝐘𝐘 +𝐘𝐘 +𝐘𝐘𝐨𝐨)(𝐘𝐘𝐢𝐢𝐢𝐢 +𝐘𝐘𝐜𝐜+𝐘𝐘𝟏𝟏𝟏𝟏 )
𝐢𝐢𝐢𝐢 𝐜𝐜 𝟏𝟏𝟏𝟏

= −
=

𝐘𝐘𝐜𝐜 +𝐘𝐘𝟑𝟑𝟑𝟑 +𝐘𝐘𝐨𝐨
𝐘𝐘𝐜𝐜 �𝐘𝐘𝟑𝟑𝟑𝟑 +𝐘𝐘𝐨𝐨 �
𝐘𝐘𝐜𝐜 +𝐘𝐘𝟑𝟑𝟑𝟑 +𝐘𝐘𝐨𝐨

𝐘𝐘𝐢𝐢𝐢𝐢 +𝐘𝐘𝟏𝟏𝟏𝟏 +

𝐘𝐘𝐢𝐢𝐢𝐢 .𝐘𝐘𝐜𝐜.𝐘𝐘𝐨𝐨
𝐘𝐘𝐜𝐜 (𝐘𝐘𝟑𝟑𝟑𝟑 +𝐘𝐘𝐨𝐨 )
(𝐘𝐘𝐢𝐢𝐢𝐢 +𝐘𝐘𝟏𝟏𝟏𝟏 +𝐘𝐘 +𝐘𝐘 +𝐘𝐘 )(𝐘𝐘𝐜𝐜+𝐘𝐘𝟑𝟑𝟑𝟑 +𝐘𝐘𝐨𝐨)
𝐜𝐜 𝟑𝟑𝟑𝟑 𝐨𝐨

𝐘𝐘 �𝐘𝐘𝐢𝐢𝐢𝐢 +𝐘𝐘𝟏𝟏𝟏𝟏 �
𝐘𝐘𝐨𝐨(𝐘𝐘𝟑𝟑𝟑𝟑 +𝐘𝐘𝐜𝐜 +𝐘𝐘
)
𝐢𝐢𝐢𝐢 𝟏𝟏𝟏𝟏 +𝐘𝐘𝐜𝐜
(𝐘𝐘 +𝐘𝐘 )𝐘𝐘
𝐘𝐘𝐨𝐨+𝐘𝐘𝟑𝟑𝟑𝟑 +𝐘𝐘 𝐢𝐢𝐢𝐢+𝐘𝐘 𝟏𝟏𝟏𝟏+𝐘𝐘 𝐜𝐜

𝐈𝐈𝐬𝐬𝐬𝐬 𝟐𝟐

𝐘𝐘𝐋𝐋 +𝐲𝐲𝟐𝟐𝟐𝟐

𝐢𝐢𝐢𝐢

𝟏𝟏𝟏𝟏

𝐜𝐜

(5)

(6)

(7)
(8)

Each of the parameters shown above is a function of
frequency and geometrical size of the system. The geometry of
the TXEs and RXEs, as well as their separation distance, will
impact the amount of safe power that can be transferred. This
will be discussed further in Section VI.
E. Compensation/matching of CCCTET
In WPT systems, impedance matching is often used to
achieve a specific goal. It can be to adjust systems sensitivity
(quality factor), generate constant power on the load and or
simply compensate for the reactive components [22]. In
CCCTET, any of the mentioned targets can be achieved by
designing additional circuitry. The easiest and the most obvious
case is when the transmitter and receiver capacitive reactance is
compensated. If an ideal inductor on either side is assumed, we
will have Yin = ∞ and Yo = ∞ . This condition will
dramatically simplify the admittance parameters equations as
follows:

IEEE POWER ELECTRONICS REGULAR PAPER/LETTER/CORRESPONDENCE

𝐲𝐲𝟏𝟏𝟏𝟏
𝐲𝐲𝟏𝟏𝟏𝟏
𝐲𝐲𝟐𝟐𝟐𝟐
𝐲𝐲𝟐𝟐𝟐𝟐

= 𝐘𝐘𝟏𝟏𝟏𝟏 + 𝐘𝐘𝐜𝐜
= −𝐘𝐘𝐜𝐜
= −𝐘𝐘𝐜𝐜
= 𝐘𝐘𝟑𝟑𝟑𝟑 + 𝐘𝐘𝐜𝐜

(9)
(10)
(11)
(12)

Not only do the parametric equations look a lot simpler but
they also they convey a clear message that the interaction
between the transmitting side and the receiving side relies
heavily on the coupling admittance Yc . Therefore, to deliver
more power, the coupling must improve. To comply with the
loose coupling condition, however, Yc shall remain less than
Y12. We will revisit this in the next sub-section.
To understand how the TX and RX inductors affect the
maximum power transfer, collectively, the following surface
plot in Fig. 10 for a system with dimensions similar to Fig. 12
with the respective RXEs and TXEs separation of 15 mm and
70 mm was generated. The figure shows the maximum power
transferred to a load vs the variation of the tuning inductors in
20 % of its original optimum value (i.e. the inductance required
to make resonance). The load was varied to always track
maximum power transfer point (MPTP), in accordance with
equation (15). The figure highlights the importance of each
inductor; illustrating that the system is sensitive to variations of
the receiver’s tuning circuit. This suggests that the quality
factor of the receiver is larger than the transmitter since the
capacitance is reduced as a result of the smaller size. The plot
also shows a promising 600 µW by only applying 2.5 V peak
sinewave at 6.78 MHz on the TXEs.

considered to be loosely coupled. Therefore, in the case of
DIBDs loose coupling conditions are met due to the large
separation and small coupling to the implant.
For a loosely coupled system, it is appropriate to replace the
coupling admittance with a current-controlled current source,
as shown in Fig. 11a. This can be converted to a Thevenin
equivalent, as shown in Fig. 11b.

a) Norton network of CCCTET

b) Thevenin network of CCCTET
Fig. 11 The loosely coupled two-port network representation of CCCTET.
Whilst it is convenient from an analysis point of view to use admittances
when analysing conductive power transfer, they can be exchanged for
impedances.

In Fig. 11:
𝐈𝐈𝐈𝐈𝐈𝐈 = 𝐤𝐤. 𝐢𝐢𝐢𝐢

(13)

Or in the Thevenin equivalent:
𝐕𝐕𝐕𝐕 = 𝐤𝐤𝐤𝐤𝐤𝐤

Fig. 10 maximum power transfer as a function of variation in inductance. The
values are designed for 6.78 MHz operating frequency, 10 mm radius RXEs
separated by 15 mm and 50 mm radius TXEs separated by 70 mm.

F. A loosely coupled system
In the particular case of loose coupling, the interaction
between TX and RX circuits will weaken, meaning the power
drawn by the implant is insignificant. Under these conditions,
the effect of the RX on TX will be negligible, which will allow
each side (RX and TX) to be designed independently of the
other. Referring to the two-port network in Fig. 9, the TX and
RX sides become independent, as Yc tends to zero (no
coupling). For example, if y11>>Yc (Zc>>z11), when shorting
and opening the RX terminals, the impedance change seen at
𝑌𝑌
the TXEs will be negligible. In other words, when 12 ≫ 1
Yc

(where Y12 is taken from Fig. 8.b) the CCCTET system is

(14)

G. Achieving maximum power transfer in a loosely coupled
CCCTET
MPTP for a loosely coupled system is satisfied when the load
impedance matches the RX output impedance (R L = R 22 ) .
This can be achieved by compensating for any reactance and
matching the load resistance to the remaining real component
of the impedance. Therefore, the MPTP conditions for the
Thevenin and Norton models respectively are:
𝐏𝐏𝐦𝐦𝐦𝐦𝐦𝐦 =

𝐕𝐕𝐬𝐬(𝐨𝐨𝐨𝐨) 𝟐𝟐

Pmax = [

𝟒𝟒.𝐑𝐑𝐋𝐋

=

�Isp �.YL 2

y22 +YL

(𝐤𝐤.𝐕𝐕𝐩𝐩 )𝟐𝟐
𝟒𝟒.𝐑𝐑𝐋𝐋

] ∗

1

YL

=

(15)
2

�Isp �

4YL

(16)

The equations in sub-section F and G above show that a
loosely coupled CCCTET can be characterised by measuring
the TX impedance, the RX impedance and measuring the opencircuit voltage. The TX and RX can then be tuned individually
to compensate for the reactance at the desired operating
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frequency. The load resistance can then be set to match the real
component of the RX impedance to achieve maximum power
transfer. The result is equivalent to the design approach that is
commonly applied to inductive power transfer systems under
loose coupling conditions [23]
IV. Simulation and experimental setup
A COMSOL Multiphysics simulation study and practical
experiments were conducted to validate the analytical circuit
model presented in the previous section. In this section, the
simulation and experimental setup are discussed.
A. COMSOL Multiphysics: Finite element and circuit analysis
COMSOL simulations were performed to determine safety
by calculating the power deposited in the tissue as SAR. A
COMSOL model was also developed for comparison with the
analytical and experimental power measurements to give
further validation of the models’ accuracy.
Fig. 13 illustrates the setup used to model CCCTET in the
COMSOL environment using the Conductive Currents
formulation in the AC/DC module. TXEs and RXEs were
placed in the tissue volume matching the tissue saline phantom
in the next sub-section. The materials were selected to be
Titanium, coated with Parylene for TXEs and RXEs and 0.09
M saline as the medium, using data from our previous work
[24]. The simulation dimensions were identical to those used in
the experimental verification, and the Parylene thickness was
set to 30 μm as measured by ultrasound on the experimental
coated electrodes. The model was set such that all the
dimensions shown could be controlled. The electrical properties
of the medium were frequency-dependent based on the Debye
model [25].
Circuit analysis toolbox was utilised to combine field and
circuit analysis. To do so, TXEs were connected to an AC
sinewave source, the amplitude of which was set to match the
practical experiments. A load resistor was connected to the
RXEs. Additional parasitic components, such as lead
inductance, resistance, and capacitance were included in the
model as circuit elements with the values determined by
measurements using an impedance analyser. Tuning inductors
and capacitors were added to compensate for the electrodes’
coupling capacitance due to the Parylene coating.
To calculate Y12 and Y34 values, a voltage source was
connected on the TX and RX electrodes, respectively. By
measuring the current through and the voltage across the
source, these parameters were determined. The coupling
admittance Yc was then found by using Yin, Y12 and Y34 data in
accordance with equation (3).
The maximum power transfer point was verified by 1)
varying the load resistance and recording the received power
across the load; and 2) by shorting and opening the RXEs to
find the short circuit current and open-circuit voltage
respectively. The latter results in the admittance seen across
RXEs (y22) whereby the maximum power point can be found by
equating YL to the real part of y22.

Fig. 12 The geometry setup in COMSOL Multiphysics environment. The
dimensions match the ones in practice. Any sweep in the geometry is done on
this model.

B. Experimental setup
The experimental setup shown in Fig. 13 was created to
match the one in COMSOL. The test rig consisted of:
1- A circular acrylic tube used as a container to hold the
tissue phantom fluid
2- A large pair of circular Parylene coated titanium
electrodes used to model the TX plates
3- A small pair of Titanium circular Parylene coated
electrodes used to model the RX plates
4- Acrylic electrode holders, designed to have minimal
impact on the measurements which was achieved by
making their cross-section as small as possible
5- 0.09 M saline as the tissue phantom
6- CS1070 Power Amplifier from Cleverscope
(https://cleverscope.com/)
7- CS448 Oscilloscope from Cleverscope
Oscilloscope

Power Amplifier

Fig. 13 The experimental setup designed to validate the analytical equations.
Cleverscope oscilloscope and power amplifier are shown in the figure.

A saline phantom was used instead of post-mortem tissue.
Because firstly, it allows for geometry variation, secondly it can
be replicated, and its properties are well known, allowing easy
integration into the COMSOL model and finally post-mortem
tissue conductivity varies markedly from its living counterpart
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[26]. To prepare the saline, UV treated deionised water
(Millipore Direct-Q) was mixed with laboratory-grade NaCl
(Scharlau SO0225025P) to a concentration of 90 mM to mimic
the conductivity of muscle [27]. The titanium electrodes for the
experiment were laser cut from a titanium grade II sheet
(McMASTER-CARR). After surface preparation, leads were
attached using nuts and bolts (solder does not stick to
Titanium). The electrodes were then coated with Parylene
(PDS2010). Once coated, the thickness of the coating layer was
measured to be between 26 μm and 30 μm. Parylene was
chosen due to its track record as a bio-stable biocompatible
polymer which is often used in implantable applications [28].
Additionally, Parylene is vapour-deposited leading to uniform
coating thickness, dielectric properties and capacitance values.
The thickness is a compromise between achieving a
mechanically robust coating and the slow speed of the vapour
deposition process.
An acrylic rig was designed to hold the TXEs and RXEs in a
precise position while placed in a cylinder filled with saline.
With the electrodes and test rig setup, Keysight E4990A was
used to investigate the impedance response of the setup in order
to find the parameters, as described in Section III.B. To ensure
precision, the device was calibrated according to the Keysight
instructions. Depending on the geometry of the experiment, the
values of the tuning inductors and capacitors were derived. To
generate the voltage on the TXEs, a linear power amplifier,
CS1070 was driven by a sinusoidal signal source from the
oscilloscope.
The RXEs are floating with respect to ground, and of
relatively high impedance, an isolated oscilloscope with low
capacitance to ground was used to make measurements
(Cleverscope CS448). Ferrite chokes were used to reduce
common-mode noise on the signals. Long ground loops were
avoided, and the probe lead was carefully routed away from
earthed test equipment to minimise parasitic coupling. During
the measurement, the probe was attached to the load in order to
eliminate the capacitance to the ground that holding the probe
would cause. The load resistor was a Vishay Precision metal
foil potentiometer, AccutrimTM 1240 (Digikey part numbers:
804-1004-ND). This type of trimmer allows for stable load
values and it offers 80 nH of inductance, making it suitable for
AC power measurement.
For each set of geometries, the following procedure was
performed:
1- The separation distance of RXEs was set as required.
2- The self-resonance frequency of the TXEs was tuned
to 6.78 ± 0.1 MHz using tuning inductors and
capacitors.
3- The admittance parameters were measured and
calculated at 6.78 MHz using the impedance analyser.
4- The setup was powered using the linear power
amplifier. The amplifier’s output amplitude was
measured using the oscilloscope.
5- Vs (oc) was measured across the RX plates, and Yc was
calculated based on the impedance measurements.

6- The load was connected and power was measured as a
function of load resistance.
V. Analytical circuit Model Verification Results
The verification results for a test setup of 50 mm radius
TXEs, 10 mm radius RXEs, 70 mm TXE separation and 15 mm
RXEs separation placed in 0.09 M saline is presented here.
TABLE 1 includes the parameters as measured using the
impedance analyser and calculated using the analytical
equations (8) discussed previously. The parameters’ values
Y
suggest that 12 ≫ 1, meaning the system is loosely coupled
Yc

(refer to section III.D for more details). Loose coupling is
achieved as expected due to the geometry of the system, i.e.
deeply inserted RXEs.
The waveforms in Fig. 14, taken from benchtop
measurements, illustrate the voltage measurements at the input
to the transmitting terminals and output of the receiving
terminals. In this figure, channel A (in red) refers to the load
voltage while channel B (in blue) illustrates the input voltage at
the TXEs. The sinusoidal waveforms of channel A and B
contain a low level of harmonics. Low harmonics are achieved
by using a linear amplifier to amplify the arbitrary waveform
created by the signal generator. It is necessary to have low
harmonics because the presented equations are all based on the
fundamental frequency, and therefore, harmonics will result in
a mismatch of the results. TABLE 2 compares the data taken
from each model to the practical measurement. A reported error
of 4 % - 10 % is recorded. Using practical measurement as the
reference allows the models to be verified in real world
conditions. The plot of Fig. 16 illustrates the analytical (in red),
numerical (in magenta) and experimental (in blue) results of
power measurement with respect to the variation of load
resistance. The solid red line is the loosely coupled model
calculated from equation (14). The analytical model (red boxes)
was evaluated from equation (8). Both were calculated by
substituting
experimental
impedance
and
coupling
measurements into equations (8). The numerical data was taken
directly from COMSOL Multiphysics. The plotted data points
show a reasonable match regardless of the difficulties and
uncertainties in low power measurements.
TABLE 1
Measured Circuit Parameters for 10mm RXE and 50mm TXE at 27.5mm
Separation
Parameter
Experimental
COMSOL
Y12 (S)

0.11

0.13

Y34 (S)

0.053

0.05

Cs,self (pF)

268

270

Yc* (S)

0.014

0.012

RXE leads inductance Ls (nH)

522

522**

Probe Capacitance (pf)

10

10**

Source output impedance (ohm)

1

1**

*Calculated based on the input and open-circuit voltage
** Added to COMSOL based on measurement
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TABLE 2
Load voltage error rate with respect to practical measurement. Analytical
values are taken from equation (8) by substituting practical measurement,
while numerical data is obtained from COMSOL.
Load (ohm)
150

Vout
(Measured)
0.343

Analytical Error
(%)
4

Numerical Error
(%)
6

100

0.334

3

5

80

0.304

6

4

50

0.289

4

4

30

0.263

4

7

10

0.237

3

3

reached at an equal or higher rate than E-field limits. This is
because the conductivity of tissue reaches almost 1 S/m and the
density is very close to that of water, 1000 kg/m3. This
simplifies the SAR equation to SAR = E2/1000 (W/kg).
Therefore, the primary focus of this section will be SAR which
was evaluated in COMSOL.

A. Methodology

Fig. 14 Input voltage (channel B in blue) and load voltage (channel A in red).

SAR is calculated in accordance with IEEE C95.1 and
COMSOL guideline [30]. Fig. 16 demonstrates the volumetric
loss density plot in the COMSOL environment (postsimulation). The figure includes important information that will
be described. Briefly, a 10 g cubic volume with equal length is
created. The power loss is averaged inside the cube by
volumetric averaging. The cube is displaced to capture the
volume with maximum power loss. When RXE radius is varied,
so is the electrode to tissue capacitance. Therefore, tuning
inductance has been altered to ensure full compensation. When
altering RXE separation, TXE separation is kept fixed and vice
versa. For each of the presented cases, the load that results in
MPTP is calculated and the amplitude of the TXE source is
adjusted until the SAR limit (2 W/kg) is reached. Finally, the
power delivered to the load is recorded as the maximum safe
power rating.

TXE Separation

Fig. 15 Comparison of the predicted output power as the load resistance is
changed from COMSOL simulation, Full Analytical model equation (8), and
loosely coupled model (15) compared to the measured power from a
compensated TX circuit with partially compensated RX. Analytical models use
impedances and coupling parameters measured on the experimental setup.

VI. SAFETY
IEEE C95.1 set limits on the magnitude of the electric field
(E-field), and Specific Absorption Rate (SAR) allowed as a
function of frequency [29]. The primary limitation of CCCTET
is tissue heating due to current flow. Specifically, in CCCTET,
the standard limits the maximum possible exposure of RMS Efield in the frequency of 1 to 30 MHz to 1842/fM (fM is the
operating frequency in MHz). The basic restriction of localised
(peak spatial average) SAR is limited to 2 W/kg averaged over
10g of tissue (refer to TABLEs 6 and 8 in the standard). SAR
and E-field are interrelated by equation (16).
𝐒𝐒𝐒𝐒𝐒𝐒 =

𝛔𝛔∗𝐄𝐄𝟐𝟐
𝛒𝛒

(17)

Where σ is materials conductivity in S/m, E is the E-field
strength in V/m and ρ is the density of the material in kg/m3. In
tissue at the frequency of interest (6.78 MHz), SAR limits are

Fig. 16 Volumetric loss density plot of the COMSOL simulation. The SAR
volumetric calculation block (10 g averaging) is displaced to capture the
maximum SAR. RXE separation and TXE separation, which will be used in the
following safety plots are illustrated.

B. Results
The results illustrated in Fig. 17.a,b,c are obtained in
COMSOL for a fully tuned system operating at the maximum
power transfer point. The highlighted area under each plot
shows the safe operating region. The results in Fig. 17.a show
that as the separation distance between RXEs increases, the safe
power level also increases. While Fig. 17.b illustrates larger
receiving electrodes result in increased power delivered to the
load safely. This phenomenon is related to the E-field density
and distribution as SAR is directly linked to the magnitude of
E-field. Therefore, from the design point of view, one has to
redistribute the E-field for small separations (e.g. by using a
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larger radius) in order to maximise the safe power output. In the
examined cases, as the distance between RXEs decreases, the
coupling admittance drops, resulting in a lower induced voltage
on the electrodes with no real drop in SAR. Consequently, the
power available is lower for tightly coupled electrodes. Fig.
17.c demonstrates that the safe power level is almost constant
as TXEs are moved further apart. In other words, the safe power
delivered to the implant is not affected by the implantation
depth. In short, the results are indicative of useful amounts of
power at a considerable separation distance, considering that
most biosensors and pacemakers require less than 1 mW of
power [31].

a) Maximum safe power vs RXE separation for 10 mm radius RXE.

VII. A FULLY COMPENSATED SAFE CCCTET IMPLEMENTATION
In the previous sections, experimental results were used to
verify and validate the analytical and numerical models. In this
section, a fully compensated CCCTET system working in the
safe operating region is presented. The methodology of the
experiment follows similar guidelines to Section IV.
The electrode to tissue capacitance of TX is compensated
with an addition of a 1.6 nF C0G capacitor and 428 nH
inductor. The capacitance of the receiving side (RX) is
compensated with a 2.3 μH inductance wound around a toroid
core (Fair-Rite 5967000601). By utilising the impedance
analyser, full compensation condition has been confirmed.
Because the CS1070 power amplifier is limited to 1 A output
current, the voltage output has been lowered to avoid clipping.
Fig. 18 shows the plot of the variation of load for 10 mm
RXE and 50 mm TXE radii fixed at 75 mm (TXE-Implant)
separation. The voltage input is set to 6.4 Vpk-pk sinewave
operating at 6.7 MHz. The resulting RMS E-field is 32 V/m,
which is 12 % of the maximum possible exposure outlined in
IEEE C95.1. The analytical circuit, loosely coupled model, and
numerical data have also been overlaid for validation. The
results show 10 mW of power delivered with an input power of
2.2 W and an efficiency of 0.45 % (TXE to RXE). The CS1070
linear power amplifier has 4 W of dissipated power, which has
been neglected here given that in practice, a high-efficiency
inverter would be used [32]. The majority of the energy to
generate a voltage on the RXEs is dissipated in the saline tank,
which corresponds to SAR and tissue heating. Despite its low
efficiency, the system is compatible with safety standards.
Power vs load resistance of a fully tuned CCTET
11
Comsol
10

Measured
Fully analytical

9

Loosely coupled

Power (mW)

8

b) Maximum safe power vs RXE radius at 27.5 mm separation between RXE
and TXE.
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Fig. 18 Power vs load variation for a fully compensated TX and RX at 75 mm
separation. Analytical data is taken from equations (8). The plot shows a lower
bandwidth compared to Fig. 16 that illustrates the effect of compensation.

c) Maximum power vs TXE separation for 50 mm radius TXE and 10 mm
radius RXE. RXE separation is fixed at 15 mm. The safe operating region
defined by SAR limits in IEEE C95.1 using 2 W/kg limits.
Fig. 17 Safe operating region calculated in COMSOL for fully compensated
CCCTET system.

VIII. DISCUSSION
The CCCTET system presented in this paper offers an
appreciable amount of safe power to be delivered deep in the
tissue. The validated analytical and numerical models permit
ease of analysis and construction of a practical system. Here
some key aspects of the paper are discussed.
The analytical model is simple, easy to use and insightful due
to the Conductive nature of the tissue. The presented model
ignores the capacitive component of tissue. It also sums up the
coupling into one resistive coupling that can be precisely
modelled and measured. The result is a two-port network that
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component to the implant. In [34], the study considered wholebody SAR only, and safety limits were violated in some limb
positions.
The power we present in theory can be achieved using much
thinner electrodes. In this work, 0.9 mm titanium sheet was used
due to the requirements of laser cutting, however much thinner
electrodes could, in theory, be used. In order to stimulate the
research community to consider CCCTET or related volume
conduction techniques, we have added a “Future” power
density figure which is based on 0.1mm thick electrodes.
Power density vs implantation depth comparison

1.5
Power density (mW/mm3)

allows the decomposition of TX and RX.
The loosely coupled model is simple and accurate. The
model assumes weak coupling between the TX and RX side.
This means that the RX circuit will not affect the TX side. This
permits multiple RX with various geometries to be implanted.
The model also allows a compensation circuit to be designed
and the maximum power load to be calculated easily.
Safety of power transfer (within the SAR limits) is
independent of depth, as shown in figure Fig. 17.c. Given the
volume conduction basis of the method, we would expect the
same to apply to galvanically coupled systems, though this
would need to be confirmed through further investigation.
The most recent version of IEEE c95.1 standard published in
2019 suggests that stimulation of cells while highly probable in
low frequency is less likely at high frequency and no
stimulation restrictions exist above 5 MHz. The standard further
emphasises that stimulation of cells is more likely when pulsed
sources are used compared to continuous waves [33]. The
choice of 6.78 MHz operating frequency running in continuous
mode allows this implementation of CCCTET to be exempt
from the IEEE c95.1 restriction.
The size of the power transmitter and receiver should be
considered as they both relate to usability. Inductively powered
systems have been proposed for high power and depth. For
instance, Puers et al.’s work includes a 150 mW miniature
receiver while the transmitter is wound around the entire upper
body [34]. More recently, Ghovanloo et al. and Meng et al. have
proposed miniaturised transmitter and receivers (1 mm3) which
operate at 3 cm whilst delivering 200 μW [7], [35]. Other
authors such as Maharbiz et al. had to include a transcutaneous
repeater to target 15 mm deep brain tissue which adds to the
size and complexity of the system [36]. Neither of these IPT
devices is compatible with metallic hermetic sealing (e.g.
titanium canister) used in almost all implants, which is a
significant barrier to encapsulation and reliable use in humans
[37], [38]. On the other hand, ultrasonic powered technologies
are compatible with metallic implants and can achieve larger
distances compared to IPT; however, the power density is low.
For instance, Charthad et al. could achieve 100 µW over 10 cm
to a device of 40 mm3 volume [8]. Similarly, galvanic power
transfer can be used to power metallic devices, and the work of
Ivorra et al. proves that 1 mW can be transferred over 6 cm [13].
In this work, 10 mW has been safely transferred over 75 mm
with an effective surface area of 628 mm2 and a volume of
under 600 mm3.
Fig. 19 compares the discussed technologies with this and
other contemporary works. To create the figure, the power
delivered to an implant was divided by the size of the pick-up
(for example, the electrodes, in this case, antenna for radiative
systems or the pick-up inductor for IPT) of that implant to
obtain the power density of each system. Power density is
plotted against the implantation depth, which is the distance
from the transmitter to the implant. In the case of systems with
repeaters, the distance between the repeater and the implant was
selected, and the repeater was the closest large power
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Fig. 19 A comparison of existing TET systems taken from [7], [11], [13], [15],
[20], [35], [36], [39]–[42]. The red arrows illustrate that achievable CCCTET
power is independent of implantation depth when SAR is the limiting factor.
This indicates that the implant could operate at greater depth at the same power
whilst remaining safe, as shown in the figure.

Linear power amplifiers contribute to significant losses;
therefore, a switching converter will be an ideal choice as
linearity is not required in a practical setup. Harmonics filtering
can be added to a power converter if required. In certain
applications, pulsed power supplies can be an alternative
method. With pulsed systems, care must be taken to ensure
average safety limits are maintained in the basic restriction
band.
The presented model here comes with limitations. 1) the
tissue is assumed to be cylindrical for the experiment which
may not resemble the real geometry of a person. The cylindrical
setup, however, is a suitable way to verify the analysis and
ensure repeatability 2) The model uses homogenous tissue and
does not account for tissue variation. 3) The analysis shows a
strong coupling between TXEs to the tissue which can be
achieved by applying a conductive gel in practice.
In summary, the modelled and measured results both in
Fig. 15 and Fig. 18 show a reasonably good match. There is a
maximum error of 10 % between the modelled and measured
results. The reason for the discrepancy is there are a number of
variables involved in the equations that contribute to the overall
error rate. A designer may wish to match the models and
practical experiments via the addition of parasitic components.
Authors suggest this practice only after a complete system has
been finalised.
Furthermore, the validated models can serve as design
guidelines to develop various shapes and geometries of
CCCTET without the need to create practical systems. Briefly,
the following steps are suggested:
1- Select the desired geometry: The geometry can be
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decided based on the targeted implantable device.
2- Use COMSOL to calculate the circuit parameters
3- Utilise the circuit model of Fig. 11 to design additional
circuitry as required.
Following these steps will result in a fully functional circuit
model that can be simulated in Spice programs. Tuning circuits,
inverters, rectifiers and control systems can be designed
accordingly.
Like other WPT technologies, CCCTET has its advantages
and disadvantages. For instance, to attain maximum power
transfer, CCCTET requires a tuning inductor to cancel the
reactive impedance of the electrode capacitance, which
consumes volume in the device. However, such an inductor
should be relatively small, for instance, inductors with a
suitable current rating for the system presented here are
available in an 0402 package (1.0 x 0.5mm). This inductance
also tunes the pick-up circuit, slowing transient response which
may reduce data rate in applications where the power transfer
is modulated to transmit information to the implant [43].
However, the tuning can be an advantage if used to boost the
received voltage [44] or equivalently as impedance transform
to match the pick-up electrodes to a particular load [23].
In this work, a simple parallel plate geometry was used to
simplify the numerical modelling and the experimental set up.
This led to a rather large prototype which could be reduced by
using thinner electrodes. Recent work has shown that long
aspect ratios are very effective in volume conduction systems
[15], which could be utilised in future capacitively coupled
systems to reduce size and increase power density.
CCCTET is particularly useful for miniaturised metallic
devices exemplified by vascular neuromodulation implants
such as the Stentrode [45]. The Stentrode utilises a stent body
to hold electrodes against a vessel wall in the brain. In this
application, the nitinol stent body could be capacitively coupled
to volume conduction to form an electrode for power transfer
whilst reducing the impact of the power transfer system on
recording or stimulation functions. This would require
electrically separating the stent body into two sections such that
a voltage difference could be generated for power transfer.
In the future, the limitations of the current study will have to
be overcome in order to develop practical applications of
CCCTET. For instance, the numerical models presented here
are quasi-static in nature and assume that the skin depth is large
in tissue and therefore, insignificant [15]. This may not be the
case in highly conductive electrodes and conductors where the
skin depth could be significant. Therefore, practical
implementations should consider the impact of proximity
effects which may be significant in some configurations.
Further, future modelling work will need to address the impact
of human anatomy, which includes realistic tissue distributions
and impedance properties.

IX. CONCLUSION
In this paper, a Capacitively Coupled Conductive
Transcutaneous Energy Transfer (CCCTET) method based on
conductive tissue to power deeply implanted biomedical
devices (DIBDs) is presented. Simplified analytical models are
validated by comparison with numerical analysis and tissue
phantom measurements. A prototype system delivering more
than 10 mW of power at 0.45 % efficiency to a deeply
implanted load has been constructed. The promising safety
results show that safe power transfer is independent of depth
which is highly desirable for DIBDs. Given the feasibility of
CCCTET, future studies will include heterogeneous tissue
models and animal studies.
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