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Optimal Frequency for Wireless Power
Transmission Into the Body: Efficiency

Versus Received Power
Daniel K. Freeman and Steven J. Byrnes

Abstract— Wireless power delivery to implantable devices has
been traditionally achieved through low-frequency (<10 MHz)
inductive coupling. More recent work has moved toward the
UHF band (300 MHz–3 GHz), with models showing maximal
efficiency is achieved at these frequencies. However, for many
applications, maximizing efficiency is a secondary goal to max-
imizing received power at the implant, and it remains unclear
whether the optimal frequency for efficiency is different than the
optimal frequency for maximizing received power. Furthermore,
previous models generally do not include a ferrite core in the
implant, which could shift the optimal frequency. To address
these questions, we developed a theoretical model with frequency-
dependent ferrite permeability and dispersive tissue. We show
that when a ferrite core is included, the optimal frequency for
efficiency remains in the UHF band. Conversely, when maximiz-
ing received power rather than efficiency, both high (>300 MHz)
and low (<10 MHz) frequencies yield similar levels of received
power, and this remains true with or without a ferrite core. For
shallow implants, heating of the core can reach unsafe levels when
operated in the UHF band at field levels approaching the specific
absorption rate (SAR) limit. These results have implications for
a wide range of medical applications, including sub-millimeter-
sized implants and fast recharge of implantable batteries.

Index Terms— Ferrite core, implantable devices, wireless
power.

I. INTRODUCTION

IN ORDER to effectively deliver wireless power to medical
implants, it is important to understand how electromag-

netic fields interact with biological tissue. In particular, tissue
heating plays an important role because: 1) such heating
sets the upper limit of field levels that can be applied to
the body and 2) such heating necessarily involves energy
that is drawn from the transmitter, and thus will reduce
the efficiency of the link. The most common form of wire-
less power delivery to implanted devices is low-frequency
inductive coupling (<10 MHz) because of the ability of
electromagnetic fields to penetrate the body with little tis-
sue heating at these low frequencies [1]–[4]. More recently,
there has been a shift toward higher frequencies because of
advantages that include less orientation sensitivity and smaller,
more efficient transmitters [5], [6]. Indeed, modeling and
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experimental results suggest that the optimal frequency for
efficient wireless power transfer into the body is generally in
the UHF band (300 MHz–3 GHz), despite the propensity for
tissue heating at these frequencies [7]–[9].

However, the optimal frequency for maximizing efficiency
may not be the same as the optimal frequency for max-
imizing the power received at the implant. For example,
when maximizing efficiency, the optimal frequency is one
in which the total heat dissipated over all the tissue is low
compared to the power received at the implant. Conversely,
when maximizing received power, the applied field levels are
increased as large as possible until some local hotspot exceeds
the safety limits set forth by the FCC. Thus, the optimal
frequency for maximizing received power may or may not
be efficient, depending on the spatial pattern of the heating in
the tissue.

The question of whether to maximize efficiency or received
power will depend on the application. Efficiency is important,
for example, with battery-powered transmitters where higher
efficiency will extend the lifetime of a hand-held transmitter.
Conversely, if the transmitter is being used to recharge an
implantable battery, then increasing the efficiency of the link
may be a secondary goal to maximizing the amount of power
that can be received at the implant without exceeding safety
limits, thus allowing the recharge to happen as quickly as
possible, perhaps even at the expense of efficiency. Likewise,
if the goal is to make the implant extremely small (<1 mm3),
then maximizing the received power may take priority over
efficiency [10]. Here, we aim to delineate these two competing
goals by estimating the optimal frequency for maximizing
efficiency as compared to maximizing received power.

Another issue that we aim to address here is that previous
models generally do not examine the effect of using a magnetic
core in the implanted coil, which can be used to increase power
transfer [11], [12]. This raises the possibility that the inclusion
of a magnetic core would shift the optimal frequency for
wireless power transfer. At the mains frequency (50–60 Hz),
this typically involves cores made from iron alloys. At higher
frequencies, the eddy current losses in iron cores become too
high, necessitating the use of ferrite cores. Ferrites are ferri-
magnetic, iron oxide-based ceramics exhibiting high resistivity
and moderate levels of permeability. At radio frequencies, fer-
rites exhibit hysteresis, which for power applications typically
confines their use to frequencies of <10 MHz in order to
maintain efficiency [13]. However, for wireless power delivery
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Fig. 1. (a) Model consisting of an implanted receiver coil that is embedded in
biological tissue where the source is a plane wave, represented by the Poynting
vector, S. (b) Magnetic dipole source positioned at a distance dtx above the
surface of the tissue, for the two different implant locations: Configurations
#1 and #2. Spherical coordinates are used to represent the position of the
implant, with the r- and θ -dimensions shown, and the φ-dimension measuring
the angle out-of-plane. For both the plane wave and magnetic dipole source,
the volume of tissue is Lo×Lo×Lo, where Lo = 10 cm. The tissue properties
are assumed to be homogeneous.

to implantable devices, it is possible that core loss associated
with hysteresis is negligible compared to the power dissipated
in the tissue. If so, ferrites could be operated at much higher
frequencies (e.g., in the UHF band) without reducing the
efficiency. In addition, it remains unclear whether the heating
associated with core loss would reach unsafe levels when
operating at the highest allowable field levels as set by the
FCC-limited specific absorption rate (SAR) [14]. Our goal was
to develop a model that would allow us to quantify the impact
that a ferrite core will have on both performance and safety.

One of the reasons that optimizing the frequency of wireless
power transmission into the body continues to be an evolving
area of research is that biological tissue exhibits complex
electrical properties [15]–[18]. This complexity derives from
the many polarization processes that exist in tissue, and
particularly, the frequency dependence of this polarization
(i.e., dispersion). This frequency-dependent polarization nec-
essarily has some loss associated with it, and as a result,
energy from electromagnetic fields is dissipated in the tissue
as heat. These loss mechanisms have been well-understood
for decades [19], but they are often not accounted for in
older models of wireless power transfer [20]–[23]. More recent
models of wireless power transfer have taken into account
the dispersive properties of biological tissue, including both
analytical modeling and finite element modeling [8], [9].
We sought to extend the results of these models by assessing
the impact of a ferrite core on the optimal frequency for
wireless power delivery.

In order to assess the optimal frequency for efficiency as
compared to received power, we developed a simple analytical
model that takes into account the dispersive nature of biolog-
ical tissue, the frequency dependence of ferrite permeability,
and the maximum field levels that can be applied to the body,
as set by the SAR. We consider the source to be either a
plane wave or a magnetic dipole [Fig. 1(a) and (b)], and we
considered different types of biological tissues. The model-
ing results suggest that the inclusion of a ferrite core will:
1) increase the peak levels of efficiency and power transfer
that can be achieved; 2) generally exhibit the peak efficiency
in the UHF band, depending on tissue type; 3) exhibit peak
power that does not show a clear optimal frequency when

using a magnetic dipole source, which accounts for both
the evanescent and radiating fields; and 4) exhibit levels of
heating that in some cases could be unsafe for the surrounding
tissue, and particularly, for shallow implants at frequencies
in the UHF band for field levels approaching the SAR limit.
To avoid such heating, ferrite cores can be powered at lower
frequencies (<10 MHz). To assess the optimal design for
cases where heating is a concern (shallow implants and high
fields), we compared the performance of a ferrite core operated
at 10 MHz to an air core at 1 GHz, and we find that the
ferrite core can achieve higher power levels, while the air core
achieves higher efficiency.

II. METHODS

A. Model for Dispersive Tissue Loss in Biological Tissue
When an electric field impinges on a polarizable material

such as biological tissue, there will be some charge that is
induced. The appearance and disappearance of this charge with
an oscillating electric field constitutes a displacement current
(in time-harmonic form)

J = jω�E (1)

where � is the permittivity defined as � = �∗�o, and �o and �∗
are the permittivity of the free space and the complex relative
permittivity of the tissue, respectively. The biological tissue
is often modeled with a slight variation of the Debye model
known as the Cole–Cole model. We will use a four-term
Cole–Cole model

�∗ =
4�

n=1

�
�∞ + ��n

1 + ( jωτn)(1−α)

�
+ σDC

jω�o
(2)

where the �∞, τn,��n, α, and σDC were taken from [15] for
muscle, skin (dry), brain (gray matter), and blood. Using the
typical nomenclature of lossy dielectric materials, the dc con-
ductivity of the tissue, σDC , is accounted for in the expression
for permittivity, even though it represents a true ohmic current
(J = σ DC E) that is distinct from the polarization processes.
Expressing the current in terms of �∗

J = jω�E = E

�
jω�o

4�

n=1

�
�∞ + ��n

1+( jωτn)(1−α)

�
+σDC

�

= σ ∗E . (3)

The expression in brackets is complex and frequency depen-
dent, and it is often referred to as the complex conductivity σ ∗.
The imaginary part of σ ∗ describes the component of J and E
that are 90° out-of-phase, exhibiting purely reactive behavior
where no energy is dissipated in the tissue. The real part of σ ∗
describes the component of J and E that are in-phase, where
energy is dissipated in the tissue as heat. This loss term is
often referred to as the effective conductivity of the material

σe = Re
	
σ ∗
 . (4)

By convention, the reactive component is not defined in
terms of the imaginary part of σ ∗, but rather in terms of the
frequency-dependent permittivity �

�

�
� = Re[�∗] = Im[σ ∗]

ω�o
. (5)
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Fig. 2. (a) Frequency-dependent permittivity and (b) effective conductivity
for several types of tissue, based on the Cole–Cole model with parameters
derived from [15]. (c) Penetration depth versus frequency for a range of tissue
types. (d) Penetration of the E-field and H -field into tissue at 1 MHz, 10 MHz,
and 1 GHz. The legend in (a) applies to (b) and (c).

Parameters σe and �
�

are commonly plotted as a function
of frequency when characterizing the electrical properties of
biological tissue [15]–[18], [24]. We plot some examples of
permittivity and conductivity for a model that was fitted to real
biological tissue. Permittivity �

�
decreases significantly with

increasing frequency, while conductivity σe increases with
frequency for a variety of biological tissues [Fig. 2(a) and (b)].
To illustrate the effect of the dispersive properties of tissue,
we will also consider a nondispersive medium that is character-
ized by frequency-independent values of permittivity (�

� = 80)
and conductivity (σe = 2S/m).

B. Penetration of Electromagnetic Waves Into the Tissue
The ability of electromagnetic fields to penetrate biological

tissue will depend on the dc conductivity of the tissue, as well
as any dispersive losses associated with polarization. Both of
these loss mechanisms are accounted for in the frequency-
dependent conductivity σe. Assuming the far-field conditions,
we can use the expression for penetration depth [25] to
estimate the level of penetration across the frequency
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�

Im

�
ω

√
�
∗

c

��−1

=
⎛

⎝ω


�

�
�oμo

2

��
1 + (

σe

�
�
�oω

)2 − 1

�1/2
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. (6)

The permeability of the tissue is assumed to be equivalent to
that of free space μo. The penetration depth is shown as a func-
tion of frequency for different types of tissue [Fig. 2(c)], yield-
ing larger penetration depths for lower frequency, as expected.
We assume a plane wave with uniform fields in the x–y
dimensions. If we define the magnetic field intensity at the
surface of the tissue as Hs , then the magnetic field within the
tissue at a depth z from the tissue surface can be expressed as

H (z) = Hse−z/δ. (7)

An analogous expression exists for the electric field E(z),
where the electric field at the surface of the tissue is defined
as Es , and the amplitude decays exponentially as a function
of depth. The penetration of electric and magnetic fields is
shown in Fig. 2(d), yielding significant penetration at low
frequencies (<10 MHz).

C. Properties of the Ferrite Core

Magnetic cores can be characterized by their permeability,
which is a measure of the extent to which the material becomes
magnetized when a magnetic field is applied. As with the
permittivity, the permeability is frequency dependent, with
maximal permeability at low frequencies, and lower perme-
ability at higher frequencies. We will consider ferrite cores,
which exhibit relative permeability on the order of 10–100 at
low frequencies [26]. To describe the frequency dependence,
we introduce the complex permeability μ∗

μ∗ = μ
� + jμ

��
(8)

where μ
�

and μ
��

are the real and imaginary parts of the
complex relative permeability, respectively. The total magnetic
flux can be quantified by a total permeability μ given by

μ = μeffμo (9)

where μo is the permeability of free space, and μeff is the
effective relative permeability, defined as

μeff = μ∗

1 + N(μ∗−1)
(10)

where μeff is generally less than μ∗ because the magnetized
core will generate H -fields that are antiparallel to the applied
field [27]–[29]. This demagnetizing field is proportional to
the magnetization of the core by the geometry-dependent
demagnetization factor, N[30]. We will consider a cylindrical
core, where the demagnetization factor can be approximated as

N = 1�
4n√
π

�
+ 1

(11)

where n is the aspect ratio (length/diameter) of the
cylinder [31].

Permeability values versus frequency for μ
�

and μ
��

were
extracted from datasheets for a commercially available nickel-
zinc ferrite (Fair-Rite #61) [Fig. 3(a)]. The effective per-
meability is shown for an aspect ratio of 5:1 (N = 0.08),
10:1 (N = 0.04), as well as for the case with no demag-
netization (N = 0) [Fig. 3(b)]. The characterization data for
most ferrites are available up to 1 GHz, and therefore, all
model results presented here that include ferrites will have
a maximal frequency of 1 GHz. For the field levels used
here, the ferrites will not exhibit saturation. No air gap was
assumed between the coil and the ferrite core. Winding losses
are not considered here, and the eddy current loss in the core
is considered negligible because of the high resistivity of the
ferrite (≈107 � · cm). Unless otherwise stated, the diameter
of the core will be 0.5 mm, and the length of the core will
be 2.5 mm.
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Fig. 3. (a) Real (μ
�
) and imaginary (μ

��
) parts of the complex permeabil-

ity, μ∗, for #61 nickel-zinc ferrite. (b) Effective (relative) permeability (μeff)
that results when accounting for the demagnetizing field for a 5:1 and 10:1
aspect ratio ferrite cylinder, yielding N = 0.08 and N = 0.04, respectively,
as compared to no demagnetization (N = 0).

III. RESULTS

A. Maximizing Power Transfer to the Implant
With a Plane Wave Source

We will consider a plane wave source where the field
intensities are uniform across the entire surface of the tissue.
The tissue is assumed to be homogenous, with a volume of
Lo× Lo× Lo, where Lo = 10 cm [Fig. 1(a)]. The implant will
be considered to be at a depth of z = zo, where the surface of
the tissue is defined as z = 0. Power can be delivered to an
implanted coil with an ac magnetic field, which will induce
an electromotive force (EMF), Vemf, in the implanted coil. For
a sinusoidally oscillating magnetic field of frequency, ω, and
an implanted coil of area, Acoil, the magnitude of the EMF
induced in the coil can be expressed as

|Vemf| = |μωH (zo)Acoil| (12)

where H (zo) is the H -field component normal to the
implanted coil at depth zo, and μ incorporates the complex
permeability of the ferrite core. We are assuming a single-turn
coil. For coils with N-turns, the induced voltage is increased
by a factor of N. The power delivered to the load for a plane
wave source is equal to

Pr,p =
�����

V 2
emf

2Z load

����� (13)

where the load is assumed to be conjugate matched such that
Zload = 50 � (see Section IV). The factor of ½ comes from the
fact that VEMF represents the peak amplitude, rather than the
rms. In order to maximize the received power, we would like
the magnetic field at the implant to be as large as possible
until the field levels reach the SAR limit. We will assume
that the core loss is negligible, as discussed later. Tissue
heating is a function of applied electric field and not the
magnetic field, and therefore, we must express the magnetic
field at the implant, H (zo), in terms of the electric field at the
surface of the tissue, where the fields are largest. Since we are
considering a plane wave, the magnetic field and electric field
are related by the wave impedance

Zw = Es

Hs
=

�
μo

�
(14)

where Es and Hs represent the electric and magnetic fields
at the tissue surface, respectively, � incorporates the complex

permittivity of the tissue, and μo represents the permeability of
the tissue, equivalent to free space. Using the wave impedance
and the expression for skin depth, we express the magnetic
field at depth, zo, in terms of the electric field at the surface, Es

H (zo) = Es√
μo/�

e−zo/δ. (15)

In order to achieve the maximum power delivered to the
implant, the magnetic field is increased until the electric field
at the surface reaches its maximum allowable level, Es = Emax.
The relationship between the SAR limit, S, and maximum
allowed electric field amplitude, Emax, is

S = σe E2
max

2ρ
(16)

where ρ is the tissue density, approximated as 900 kg/m3 for
soft tissue [32], [33]. We will assume that S is 1.6 W/kg,
measured over 1 g of tissue, as set by the FCC for uncontrolled
environments [14]. We assume that the magnitude of the
electric field over any 1 g of tissue is approximately uniform,
and therefore, the SAR limit corresponds to the case where
the amplitude of the electric field at any location reaches a
value of Emax. The magnetic field amplitude at depth zo can
then be expressed in terms of the SAR limit

H (zo) = Emax�
μo
�

e− zo
δ =

�
�

μo


2Sρ

σe
e− zo

δ . (17)

We can now express the received power as a function of
the frequency-dependent conductivity of the tissue (σe), the
complex effective permeability of the ferrite core (μeff), and
the SAR limit (S)

Pr,p =

�������

1

2|Z load|

⎛

⎝μω

�
�

μo


2Sρ

σe
e

− zo
δ

A
coil

⎞

⎠
2
�������

= (|μeff|ω)2μo|�|Sρe− 2zo
δ A2

coil

|Z load|σ e
. (18)

The received power is plotted in Fig. 4(a) for muscle tissue and
a nondispersive medium with no ferrite core. While muscle
exhibits a peak at 1–2 GHz [Fig. 4(a)], the nondispersive
medium does not exhibit a peak frequency, suggesting that the
dispersive properties of tissue are responsible for the optimal
frequency of muscle nearly 1 GHz.

The effects of dispersive tissue are further illustrated
in Fig. 4(b), showing the maximum allowed H -field that can
be achieved at the implant for muscle and a nondispersive
medium. For muscle, the peak H -field decreases sharply
beyond 2 GHz as a result of the corresponding increase in
effective conductivity, producing a decrease in received power
at high frequencies. Conversely, the maximum H -field that can
be achieved for the nondispersive medium exhibits a plateau
beyond 1 GHz, mirroring the plateau in penetration depth at
high frequencies [Fig. 2(c)]. These results illustrate the role of
dispersive processes in determining the optimal frequency for
power transfer.
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Fig. 4. Received power for a plane wave source. (a) Results for an air
core (no ferrite) with dispersive muscle tissue and a nondispersive medium.
(b) H -field at the implant when the electric field at the tissue surface is at
the SAR limit. (c) Received power for an air core versus a ferrite core for
muscle tissue for cases with (N = 0.08) and without (N = 0) demagnetization.
(d) Received power for various tissue types with an air core (solid line) versus
a ferrite core (dashed line). The implanted coil consists of a single loop with
area Acoil = 0.2 mm2, and the implant depth in all cases is zo = 3 cm.

Incorporating a ferrite core into the implanted coil causes
a significant increase in the power delivered to the load
[Fig. 4(c)]. For the case when the demagnetization effects of
the core are not accounted for (N = 0), the optimal frequency
shifts below 100 MHz. Conversely, when the demagnetization
is account for (N = 0.08), the optimal frequency is ≥1 GHz,
although a peak cannot be resolved because this ferrite is
characterized only up to 1 GHz. This illustrates the importance
of incorporating the effects of demagnetization into the model.
In practice, there will always be some level of demagnetization
in the core, and therefore, all subsequent results will consider
only the case where demagnetization is accounted for, using
N = 0.08 to represent a core with 5:1 aspect ratio.

The effect of including a ferrite core is shown for a range
of tissue types, and in all cases, there is a significant increase
in power transfer when the core is included [Fig. 4(d)]. The
peak power increases by approximately 2 orders of magnitude,
consistent with a 1 order of magnitude increase in induced
voltage as a result of the effective permeability of ≈10
[Fig. 3(b)]. This simple model shows that optimal power
transfer is achieved near 1 GHz. However, because the source
is a plane wave, any near-field coupling is not accounted for,
requiring a modification of the model to include a magnetic
dipole source.

B. Maximizing Power Transfer to the Implant
With a Magnetic Dipole Source

The analysis shown above for a plane wave source is
relatively simple because for a plane wave, the H - and E-fields
can be related by the wave impedance, Zw. In reality, this
model is not accurate for sources that consist of transmitter
coils positioned close to the tissue, which is more often

modeled as a magnetic dipole [Fig. 1(b)]. A magnetic dipole
source has a near field whose H/E ratio can be much higher
than 1/Zw, which is advantageous because the H -field powers
the receiver (via the induced EMF in the implanted coil) while
the E-field heats the tissue. We can express the H -field vector
of a magnetic dipole, in spherical coordinates (r̂, θ̂ , φ̂)[34]

H = jωμomo

4π Zw

�
2 cos(θ)

�
1

r2 − j

βr3

�
e− jβr r̂

+ sin(θ)

�
jβ

r
+ 1

r2 − j

βr3

�
e− jβr θ̂

�
(19)

where mo is the amplitude of the magnetic dipole, in units
of A·m2, and β = ω

√
μo� is the complex angular wavenum-

ber. Permittivity � incorporates the tissue properties. In the
estimate of H, we do not include the properties of air between
the transmitter and the tissue surface in order to keep the model
analytically tractable (see Section IV). The H -field vector
contains no component in the φ-direction. Conversely, the
electric field associated magnetic dipole has only a component
in the φ-direction

E = − jωμomo

4π
sin(θ)

�
jβ

r
+ 1

r2

�
e− jβr φ̂. (20)

We would like to know the amplitude of the magnetic dipole
moment, mo, that will cause the SAR limit to be reached,
which occurs when the electric field measured over 1 g of
tissue is equivalent to Emax. We will assume that the magnitude
of the electric field over any 1 g of tissue is approximately
uniform. Therefore, we set the magnitude of the electric field
equivalent to Emax

|E| = Emax =


2Sρ

σe
. (21)

Solving the expression for E in terms of the dipole
moment, mo, we define the signal strength from the transmitter
that is necessary to reach the SAR limit

mo,max =
����
− jωμo

4π
sin(θ)

�
jβ

r
+ 1

r2

�
e− jβr

����
−1


2Sρ

σe
. (22)

We then plug in the expression for mo,max into the
expression for H

Hmax = jωμomo,max

4π Zw

�
2 cos (θ)

�
1

r2 − j

βr3

�
e− jβr r̂

+ sin (θ)

�
jβ

r
+ 1

r2 − j

βr3

�
e− jβr θ̂

�
(23)

where Hmax is the magnetic field at the receiver when the
intensity of the source is increased to its maximum allowable
level, mo,max. The power at the receiver for a magnetic dipole
source, as measured at the SAR limit, can then be defined as

Pr,d =
�����

�
μω(Hmax · n̂)Acoil

�2

2Z load

����� (24)

where n̂ is a unit-length vector that is normal to the plane of
the implanted coil. The factor of 1/2 comes from the fact that
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Fig. 5. (a) and (b) Received power for a magnetic dipole source for various
tissue types with a ferrite core (dashed line) and with an air core (solid line).
Results are shown for Configuration #1 in (a) and Configuration #2 in (b).
The implant coil is a single loop with area Acoil = 0.2 mm2, and the
demagnetization factor is N = 0.08.

the field levels are represented in peak amplitude and not in
rms. For a given frequency, the orientation of the implanted
coil was chosen to produce the maximum H -field normal
to the implanted coil, maximizing Hmax · n̂. The power is
a function of the location of the implant depth (zo) and the
distance between the transmitter and the tissue (dtx). Unless
otherwise specified, the implant depth is set to zo = 3 cm, and
the transmitter distance is dtx = 1 cm. The magnetic dipole is
arranged to be perpendicular to the tissue surface, analogous to
a transmitter coil whose plane is parallel to the tissue surface.
In this configuration, there is zero electric field along the axis,
where θ = 0°. Therefore, we will assume that the maximum
electric field occurs at approximately θ = 45°, at the tissue
surface, where r = √

2 dt x .
We will consider two possible configurations for the location

of the implant relative to the source: θ = 0° and θ = 45°,
referred to as Configuration #1 and Configuration #2, respec-
tively. For Configuration #1 (θ = 0)°, the source-to-implant
distance is r = dt x +zo, while for Configuration #2 (θ = 45°),
the source-to-implant distance is r = √

2(dt x+zo). Note that in
Configuration #1, H does not contain a 1/r component, while
for Configuration #2, there is a 1/r component. In other words,
Configuration #1 emphasizes coupling into the evanescent
components of the field, while Configuration #2 emphasizes
coupling into the radiating components of the field.

The modeling results show that with an implant that con-
tains an air-core coil, the maximum power received at the
implant, Pr,d, exhibits a peak nearly 1 GHz for all tissue
types in Configuration #2 [Fig. 5(b), solid line], but there
is no clear peak for Configuration #1, which even shows a
preference for low frequencies in some tissue types [Fig. 5(a),
solid line]. Likewise, when a ferrite core is incorporated, the
optimal frequency remains nearly 1 GHz for Configuration #2
[Fig. 5(b), dashed line], but no clear peak is present for
Configuration #1 [Fig. 5(a), dashed line). Since the peak
power levels are comparable for Configurations #1 and #2, this
suggests that there is no clear optimal frequency. These results
differ from the plane wave model, illustrating the important
role that the evanescent fields play in enhancing power transfer
in Configuration #1. Importantly, the peak power that can be
achieved for a ferrite core is significantly greater than that of
an air core for both Configurations #1 and #2, suggesting that

regardless of the frequency of operation, a ferrite core will
help to increase the received power.

C. Maximizing Efficiency of the Transmit Link
With a Plane Wave Source

In order to optimize for efficiency, we maximize the power
received normalized to the total power transmitted. We will
approximate the total power transmitted to be the sum of the
power received at the implant (Pr,p), the power absorbed in
the tissue (Ptiss), and the power dissipated in the core (Pcore)

ηp = Pr,p

Pr,p + P tiss + Pcore
. (25)

An efficiency of ηp = 1 would indicate that all transmitted
power is received at the implant. The expression for the
received power for a plane wave source (Pr,p) is defined in
Section III-A. The core loss is defined later, and is generally
found to be negligible when compared to the tissue loss
(Pcore � Ptiss). Estimating tissue loss involves integrating the
power dissipated over the whole volume of tissue

Ptiss =
�

1

2
σ

e
E2dV . (26)

To the first order, we can assume most loss occurs at tissue
at depths of z < δ. We will approximate the conductivity and
the electric field as being uniform over this volume, with an
electric field equivalent to the electric field amplitude at the
surface of the tissue, Es. For the plane wave model, the area
of tissue exposed to fields is L2

o, while the volume over which
loss occurs is frequency dependent and can be approximated
as ≈L2

oδ. We can express the tissue loss for a plane wave as

Ptiss,p = 1

2
σ

e
E2

s L2
oδ, if δ < Lo. (27)

Equation (27) is valid only for frequencies over which
the penetration depth, δ, is less than the total depth of the
tissue, Lo. For lower frequencies, where the penetration depth
is larger than the tissue length, the total volume considered
was L3

o

Ptiss,p = 1

2
σ

e
E2

s L3
o, if δ > Lo. (28)

Furthermore, because we are considering far field only for
the plane wave source, we can use the wave impedance to
express the electric field at the surface, Es, in terms of the
magnetic field at the location of the implant

Es = H (zo)
�

μo/�ezo/δ. (29)

We can now plug in the expressions for received power (Pr,p)
and tissue loss (Ptiss,p) into the expression for efficiency for a
plane wave source (ηp). The amplitude of the magnetic field
at the implant, H(zo), cancels out of this expression, and the
efficiency is independent of field level.

The efficiency is plotted across frequency for a range of
tissue types both with (dashed line) and without (solid line)
a ferrite core [Fig. 6(a)]. With an air core, there is a peak
efficiency nearly 1 GHz. With a ferrite core, there is a prefer-
ence for high frequencies, although a peak cannot be resolved
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Fig. 6. (a) Efficiency for a plane wave source for various tissue types with a
ferrite core (dashed line) and with an air core (solid line). (b) Power dissipated
across the whole volume of tissue at the maximum allowed fields set by the
SAR limit. The implant coil is a single loop with area Acoil = 0.2 mm2,
the depth is zo = 3 cm, and the demagnetization factor is N = 0.08.

because the ferrites are not characterized above 1 GHz. The
absolute value of efficiency is significantly higher with the
ferrite core included.

The increase in efficiency over the frequency range
of 100 MHz–1 GHz is partly due to the fact that the total
tissue loss decreases for increasing frequency over this range
[Fig. 6(b)]. This decrease in total power dissipated in the tissue
is due to a decrease in penetration depth at higher frequencies.
However, this trend is limited at lower frequencies when
the penetration depth becomes larger than the depth of the
tissue itself. This effect is responsible for the slightly upturn
in efficiency at low frequencies, which will become more
pronounced in the magnetic dipole model discussed below.

As discussed above, the plane wave model has the advantage
of simplicity, but it does not account for any near-field
coupling to the transmitter, which will require the use of a
magnetic dipole source to account for the impact of both
radiating and evanescent fields.

D. Maximizing Efficiency of the Transmit Link
With a Magnetic Dipole Source

To estimate efficiency with a magnetic dipole source,
we will use a similar approximation that was used for a plane
wave source by assuming that the loss occurs primarily within
one skin depth of the tissue surface. We will approximate the
tissue volume over which loss occurs to be a hemispherical
shape with volume

Vt = 2

3
πδ3, if δ < Lo. (30)

This expression for volume is valid only for frequencies
over which the penetration depth, δ, is less than the total
length of the tissue, Lo. For lower frequencies, where the
penetration depth is larger than the tissue length, Lo, and the
total volume is

Vt = 2

3
π L3

o, if δ > Lo. (31)

We will assume that the electric field over this volume is
approximately constant, taking on a value of the electric field
at the surface of the tissue, |E(r, θ, φ)| = |E(dt x, 0, 0)|.
We can approximate the tissue loss for a magnetic dipole
source as

Ptiss,d = 1

2
σ

e
Vt |E(dt x , 0, 0)|2. (32)

Fig. 7. (a) and (b) Efficiency for a magnetic dipole source for various tissue
types with a ferrite core (dashed line) and with an air core (solid line). Results
are shown for Configuration #1 in (a) and Configuration #2 in (b). The implant
coil is a single loop with area Acoil = 0.2 mm2.

We can now define the efficiency for a magnetic dipole source

ηd = Pr,d

Pr,d + P tiss,d + Pcore
. (33)

The received power, Pr,d, is a function of the magnetic field
vector at the location of the implant, H(r, θ, φ), while the
tissue loss, Ptiss,d, is given as a function of electric field at
the tissue, E(dt x, 0, 0). However, the expressions for magnetic
field and electric field are both a function of the amplitude of
the magnetic dipole moment, mo. As a result, mo cancels out
of the expression for efficiency, and the efficiency is not a
function of the strength of the applied fields.

The efficiency was estimated for a variety of tissue types
for two different locations of the implant: Configuration #1
[Fig. 7(a)] and Configuration #2 [Fig. 7(b)]. As expected,
the inclusion of a ferrite core greatly increased the efficiency.
For Configuration #2, there is a clear optimal frequency
nearly 1 GHz; while for Configuration #1, the results are
dependent on tissue type. For muscle and blood, there is a clear
advantage to working nearly 1 GHz, while lower frequencies
are preferable for skin, and brain shows similar efficiency
levels at 1 MHz versus 1 GHz. This suggests that when
maximizing efficiency, there is a potential benefit to working
in the UHF band.

E. Estimating Core Loss
When an alternating magnetic field is applied to a ferrite

core, heat can be generated through hysteresis. If the applied
field is sinusoidally oscillating at frequency ω and ampli-
tude Ho, then the power dissipated can be expressed as

Pcore = Im[μ]ωH 2
o Vcore (34)

where Vcore is the volume of the ferrite core, and Im[μ] repre-
sents the imaginary component of the permeability [35], [36].

In the analysis above, we stated that the core loss is gener-
ally negligible when compared to the tissue loss. To illustrate
this, we compared the power dissipation [Fig. 8(a) and (b)]
and the power density [Fig. 8(c) and (d)] of the ferrite core
versus the tissue loss for muscle. The source was a magnetic
dipole, with the implant location relative to the transmitter
defined by Configuration #2. The applied field levels were set
to the maximum allowed by the SAR limit. Clearly, the core
loss is negligible compared to the tissue loss for the nominal
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Fig. 8. (a) Power loss generated in the ferrite core (red) and the tissue (blue),
assuming a cylindrical core with diameter and length of 0.5 and 2.5 mm,
respectively. (b) Peak core loss, measured across a range of frequencies
of 1 MHz–1 GHz, plotted versus implant volumes. (c) Power density asso-
ciated with core loss (red) and tissue loss (blue). (d) Maximum frequency
represents the frequency above which the core loss exceeds the tissue loss.
The source was a magnetic dipole in Configuration #2. The implant depth
was zo = 2 cm for (a)–(c).

device consisting of a cylindrical core with diameter, length,
and volume of 0.5, 2.5, and 0.5 mm3, respectively [Fig. 8(a)].
Next, the volume of the implant was increased and the peak
heating that was observed across frequency (1 MHz–1 GHz)
[Fig. 8(b)]. For increasing volume size, we maintained the
aspect ratio at 5:1 in order to ensure the demagnetization factor
remained unchanged at N = 0.08. Only for relatively large
volumes exceeding 100 mm3 does the peak heating of the core
begin to approach the magnitude of the tissue loss, suggesting
that efficiency will be largely unaffected by core loss.

Aside from efficiency, another consideration is whether the
core loss can generate power density levels that are unsafe for
the surrounding tissue. This will depend partly on the thermal
design of the device, and its ability to redirect or absorb heat
generated from the core and prevent it from reaching the tissue.
But in order to keep the analysis simple, we will assume that
unsafe levels will occur when the heat density levels from the
core, in W/cm3, approach that of the tissue heating at field
levels set by the SAR limit.

We show that the core loss density generally increases
with frequency while the tissue loss density remains relatively
flat at ≈1 mW/cm3, a level determined by the SAR limit
[Fig. 8(c)]. For an implant depth of zo = 2 cm, the power
density associated with core loss will exceed that of the
tissue loss for frequencies above 20 MHz. Such heat could
potentially be unsafe if this excess heat was to flow into
the tissue, and therefore, we define a maximum frequency of
safe operation. This maximum frequency is not dependent on
volume, but it is dependent on implant depth [Fig. 8(d)]. For
shallower implants, the magnetic field impinging on the core
is larger than for deeper implants, and thus, the core loss is
greater for shallow implants, bringing the maximum frequency
lower. For example, at 1.5 cm depth, the maximum frequency
is ∼10 MHz, suggesting that the frequencies should be kept

Fig. 9. Optimal frequency and peak value of efficiency (a and b) and power
(c and d) are shown, with an air and a ferrite core, over a range of implant
depths. The frequencies were constrained to <1 GHz when ferrite cores were
included, and <10 GHz when an air core was used. Results are for a magnetic
dipole source with muscle tissue, assuming an implant location defined by
either Configuration #1 or #2. The diameter and length of the ferrite core
were 0.5 and 2.5 mm, respectively (N = 0.08).

below 10 MHz in order to ensure the power density generated
in the core remains below that of the tissue loss. For implant
depths >2.5 cm, the heat density levels were below the tissue
heating for all frequencies. This suggests that for very shallow
implants (<2.5 cm), the optimal frequency of operation can
be constrained by the heating of the core rather than by direct
heating of the tissue.

F. Effect of Implant Depth (zo) on Efficiency and Power
To examine the effect of implant depth (zo) on effi-

ciency (ηd) and received power (Prd ), we varied the depth
from 1 to 5 cm, using a magnetic dipole source. The implant
location relative to the transmitter is defined by Configura-
tions #1 and #2, defined above. The optimal frequency for
efficiency was found to be relatively high for both Configura-
tions #1 and #2 (>300 MHz), showing a slight decrease for
deeper implants [Fig. 9(a)]. The abrupt transitions in optimal
frequency resulted from the fact that the efficiency versus
frequency curves exhibited multimodal peaks whose relative
amplitudes varied with implant depth. Across all implant
depths, the presence of a ferrite core resulted in a significant
increase in the overall efficiency of the link as compared to an
air core [Fig. 9(b)]. For shallow implants (<3 cm), there was a
significant benefit to working on Configuration #2, where the
1/r component of the H -field contributed to power transfer.

For maximizing power transfer (Prd ) rather than effi-
ciency (ηd ), the optimal frequency was found to depend
strongly on the position of the implant [Fig. 9(c)]. In Con-
figuration #2, where the 1/r component of the H -field con-
tributed to power transfer, frequencies in the UHF band were
optimal. But for Configuration #1, where the power was
transferred only through the 1/r2 and 1/r3 components of
the H -field, the optimal frequency was as low as possible
over the frequency range evaluated (≥1 MHz). Importantly,
the peak power transferred was comparable between Config-
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Fig. 10. Peak value of (a) received power and (b) efficiency, with an
air and ferrite core, over a range of implant depths. To minimize core
heating, the frequencies were constrained to <10 MHz when ferrite cores
were included, while frequencies of <10 GHz were used for an air core.
Results are for a magnetic dipole source with muscle tissue, assuming an
implant location defined by either Configuration #1 or #2. The diameter and
length of the ferrite core were 0.5 and 2.5 mm, respectively (N = 0.08).

urations #1 and #2 at implant depths of 3–5 cm [Fig. 9(d)],
suggesting that there is no significant benefit to working at low
versus high frequencies for optimizing received power. As with
efficiency, shallow implants showed a slight preference for
Configuration #2. The overall power transfer was greatly
increased when a ferrite core was included for both config-
urations as compared to an air core.

Next, we considered the case where the heating was
minimized by operating the ferrite core at lower frequen-
cies (<10 MHz). Note that heating only reaches unsafe levels
for shallow implants and relatively high field strengths (Fig. 8).
We will compare two cases: 1) the ferrite core is powered
at frequencies spanning 1–10 MHz and 2) the air core is
powered at frequencies spanning 1 MHz to 10 GHz. The
peak received power and efficiency were plotted in Fig. 10.
These results show an increase in the peak received power
that can be achieved by using a ferrite core as compared to an
air core, even when the ferrite is powered at low frequencies
[Fig. 10(a)]. Interestingly, the peak efficiency is greater with
the air core than the ferrite core, at least for shallow implants
[Fig. 10(b)]. This suggests that there is a particular application
where air cores would be beneficial over ferrite cores; namely,
for shallow implants and high field levels where efficiency
takes priority over received power.

IV. DISCUSSION

The model presented provides a framework for assessing
the impact of a ferrite core on the performance and safety
of wirelessly powered implantable devices. For maximizing
efficiency, the optimal frequency with a ferrite core remains
in the UHF band, although results depend strongly on tissue
composition. Conversely, when maximizing received power
rather than efficiency, the results depend on the source. For a
plane wave source, the optimal frequency for received power
remains in the UHF band with a ferrite core. However, for a
magnetic dipole source, there was no clear optimal frequency,
yielding comparable power transfer at 1 MHz and 1 GHz.
Because the magnetic dipole source accounts for both the
evanescent and radiating components of the source, this model
more accurately represents the transmitter for biological appli-
cations. Therefore, these results show that: 1) maximizing

power transfer does not exhibit a clear optimal frequency and
2) the near-field components of the source play a critical role
in enhancing the power transfer at low frequencies.

A. Applications of Ferrites for Wireless Power
Transfer to Implantable Devices

One example where ferrite cores could find use is in the
ultraminiaturization of medical implants. Such devices are
finding expanding applications in neural stimulation, drug
delivery, and blood glucose monitoring [37]–[39]. When
device size is on the order of ≈1 mm3, it becomes difficult
to deliver sufficient wireless power to operate the device,
and therefore maximizing the total power delivered becomes
critical. Previous modeling work shows the large boost in
power transfer that is associated with the inclusion of a
ferrite [10], [40], [41]. In these applications, the benefits of
ferrite cores must be weighed against the associated MRI
restrictions. Depending on the size of the core and the field
levels of the scanner, such implants can be safe for MRI use,
although they can cause image artifacts near the implant [42].

Another example where ferrite cores could find use is in
decreasing the recharge time of implantable batteries. Primary
cell batteries will continue to be used for life-critical appli-
cations, such as pace makers, but there are many applications
where rechargeable (secondary) batteries find use as well [43].
For example, there are several emerging areas of therapy that
involve neural stimulation that requires implantable batteries.
Decreasing the recharge time with a ferrite core could help
with patient compliance, and could influence the manufactur-
ers or clinician’s decision on whether the secondary battery
would be a better choice than primary cells.

There are other factors besides efficiency and power transfer
that must be taken into account when designing a full wireless
system. For example, lower frequencies will generally involve
higher field levels, necessitating higher current levels. This can
lead to larger power amplifiers and heat sinks that preclude
their use as wearable transmitters, such as those used to
power implantable neural stimulators for treating pain [44].
These issues can be mitigated at higher frequencies, where
the transmitter could be made lightweight and even wearable.
However, the downside of very small transmitters is that the
power delivery will be very sensitive to the position of the
transmitter. For example, if the implant and the transmitter
are both on the order of 1 cm3, then even small movements
of the transmitter can result in large changes in field levels
at the implant. In contrast, an inductive link could involve a
large (>5 cm) transmit coil, yielding a link that is relatively
insensitive to transmitter position, although it would be sen-
sitive to the relative orientation of the coils. These tradeoffs
must be considered for each specific application.

B. Limitations to the Model
There are some limitations to the model presented here.

First, we considered the tissue to have homogeneous electrical
properties rather than incorporating different layers of tissue
into the model (e.g., skin, fat, and muscle layers). Second,
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we did not incorporate the properties of air between the
transmitter and tissue. These two approximations allowed
us to derive simple analytical expressions for efficiency and
received power, which is not trivial for a multilayered structure
with a source region around the transmitter. The design of any
specific implantable system would likely involve finite element
modeling, which allows easy incorporation of these effects,
including any dispersive properties of the tissue. Therefore,
we consider any errors associated with these approximations
to be a worthwhile tradeoff for achieving a simple, analytical
model. Third, we do not answer what is the theoretical limit
of maximum power transfer that can be delivered for a given
volume of the implanted device. Answering this question
would require an exploration of a number of factors, including
the size and shape of the implant, the number of turns in
the implanted coil, the size of the transmitter, the matching
network, and the particular type of ferrite being employed.

Finally, because the model presented here is intended to
be independent of the specific design of the implanted device,
we did not include any detailed analysis on the winding loss or
matching network [45]. The winding loss can become appre-
ciable in the UHF band, and therefore should be accounted
for in the design of an implant once its size and materials
are established. In terms of matching, our model assumed a
conjugate-matched network, yielding a frequency-independent
(real-valued) load impedance. In reality, there will be some
frequency dependence associated with this matching network
that will depend on many factors, such as size of the implanted
coil and any size restrictions on the matching network. This
matching can become complex because it involves not only
the self-inductance of the implanted coil but also coupling
between the transmitter and implanted coil. Such coupling
could be via pure mutual inductance at lower frequencies [46],
as well as more complex interactions higher frequencies where
midfield coupling occurs [7]. Further work will be needed to
evaluate the impact of the matching network on the optimal
frequency for the case when the implant includes a ferrite core.

V. CONCLUSION

A simple theoretical model is presented that provides a
framework for assessing the impact that a ferrite core will have
on the wireless power transfer to implantable devices. We illus-
trate the importance of distinguishing designs optimized for
efficiency—i.e., minimizing the transmitter power for a given
received power—from designs optimized for received power—
i.e., maximizing received power within the SAR limit. The
model results suggest that when a ferrite core is incorporated
into the implant, the optimal frequency for efficiency remains
at relatively high frequencies, in the UHF band. Conversely,
when optimizing for received power, there is little benefit to
working at UHF versus traditional inductive coupling at lower
frequencies.
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