
IEEE TRANSACTIONS ON BIOMEDICAL CIRCUITS AND SYSTEMS, VOL. 15, NO. 5, OCTOBER 2021 1079

A Comprehensive Study on Magnetoelectric
Transducers for Wireless Power Transfer Using

Low-Frequency Magnetic Fields
Sujay Hosur , Student Member, IEEE, Rammohan Sriramdas, Sumanta Kumar Karan, Na Liu, Shashank Priya ,

and Mehdi Kiani , Senior Member, IEEE

Abstract—Magnetoelectric (ME) transducers, comprising of lay-
ered magnetostrictive and piezoelectric materials, are more effi-
cient than inductive coils in converting low-frequency magnetic
fields into electric fields, particularly in applications that require
miniaturized devices such as biomedical implants. Therefore, ME
transducers are an attractive candidate for wireless power trans-
fer (WPT) using low-frequency magnetic fields, which are less
harmful to the human body and can penetrate easily through
different lossy media. The literature lacks a comprehensive study
on the ME transducer as a power receiver in a WPT link. This
paper studies the impact of different ME design parameters on
the WPT link performance. An accurate analytical model of the
ME transducer, operating in the longitudinal-transverse mode,
is presented, describing both temporal and spatial deformations.
Nine ME transducers with different sizes (ME volume: 5-150 mm3)
were fabricated with Galfenol and PZT-5A as magnetostrictive
and piezoelectric layers, respectively. Through the modeling and
measurement of these ME transducers, the effects of the ME
transducer dimension, DC bias magnetic field, loading (RL), and
operation frequency on the resonance frequency, quality factor,
and received power (PL) of the ME transducer are determined.
In measurements, a 150 mm3 ME transducer achieved > 10-fold
higher PL for a wide RL range of 500 Ω to 1 MΩ at 95.5 kHz,
compared to an optimized coil with comparable size and operation
frequency.

Index Terms—Biomedical implants, efficiency, inductive
coils, low-frequency operation, magnetic field, magnetoelectric
transducers, wireless power transfer.

I. INTRODUCTION

W IRELESS power transfer (WPT) can be used in a wide
variety of applications that require contactless energy
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transfer for either direct powering or battery charging [1]–[3].
In particular, WPT is of paramount importance in implantable
medical devices (IMDs) to eliminate their batteries, which re-
sults in further miniaturization and an increase of their overall
lifetime [4]–[6]. In WPT, delivering the required power with
high efficiency within safety limits is key. The most conventional
method for WPT is the inductive coupling that operates using
magnetic fields [7]–[10].

When the IMD size is in the centimeter (cm) range and
the WPT distance is short, multi-coil inductive links (often
operating with MHz-range magnetic fields) can deliver a large
amount of power (PL) to a load (RL) with high power transfer
efficiency (PTE) [9]. To further reduce the tissue damage and
improve the IMD longevity, it is preferable to miniaturize the
IMD to millimeter (mm) scales [11]. To achieve high PTE
with mm-scale coils, the operation frequency (fp) should be
increased to several hundreds of MHz or even GHz [12]–[17].
However, WPT links using high-frequency magnetic fields are
potentially more harmful to the human body as they cause more
tissue heating [18], and therefore, they are strictly limited by the
specific absorption rate (SAR) [19]. We showed in [17] that the
SAR is proportional to (fp×I1)2, where I1 is the peak current of
the transmitter coil (related to the transmitted power). Therefore,
the transmitted power level is strictly limited at higher fp for a
given SAR limit.

For low-frequency WPT to IMDs, a capacitive link that op-
erates with electric fields can be employed. A capacitive WPT
link, formed with two pairs of parallel plates (size of each plate:
20 × 20 mm2) spaced by > 70 cm, has been developed in [20]
to deliver up to ∼ 287 mW with a PTE of 54% at a powering
distance (d) of 5 mm. Despite these promising results with large
plates and small d, to the best of our knowledge capacitive links
for WPT to small IMDs at large d have not been investigated
yet.

Recently, ultrasonic links with a pair of ultrasonic transducers
have been studied and developed for WPT to mm-scale IMDs
that need to be implanted in deep tissues [21]–[24]. Ultrasonic
waves enjoy lower acoustic loss in tissue, smaller wavelength
(better focusing capability), and higher safety limits, compared
to electromagnetic waves. Despite all their advantages, ultra-
sonic WPT links suffer from high ultrasound loss in bone and
air, sensitivity to ultrasonic transducers’ misalignments, and the
need for intimate skin contact [25].
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Fig. 1. A conventional ME transducer geometry (and axes convention) with
layered magnetostrictive and piezoelectric materials.

Fig. 2. Generic block diagram of a WPT link for IMDs with a ME transducer
as the power receiver.

Over the past decade, magnetoelectric (ME) composites have
attracted significant attention for magnetic field sensing and
energy harvesting from low-frequency ambient magnetic fields
(e.g., 60 Hz) [26]–[30]. In the most common form of ME
transducers, magnetostrictive and piezoelectric materials are
layered to form a strain-coupled composite as shown in Fig. 1.
ME transducers convert an incident AC magnetic field (HAC)
into an AC voltage in two steps: 1) The magnetostrictive material
generates mechanical strain in response to the applied HAC; 2)
The strain field is converted to electric charge through the piezo-
electric layer. An optimal DC bias magnetic field (HDC) is also
applied along with HAC as magnetostriction is a second-order
effect, and the bias field induces piezomagnetic coupling. For
a given operation frequency, electromagnetic waves have much
larger wavelengths than acoustic waves. Therefore, small and
low-frequency ME transducers are more effective in convert-
ing magnetic fields to electric fields as compared to inductive
coils [31].

ME transducers can be utilized in WPT with low-frequency
magnetic fields, which can penetrate easily through different
lossy media. Low-frequency magnetic fields are also safer (less
absorption, less heating), thereby allowing more transmitted
power. Fig. 2 shows a generic block diagram of a WPT link
for IMDs using the ME transducer as the power receiver. An
external transmitter coil generates an AC magnetic field, which
is converted into an AC voltage by the implanted ME transducer
(power management and IMD core are modeled as an equivalent
AC load, RL, for simplicity).

Several groups have so far employed ME transducers for
WPT to IMDs [32]–[38]. In [32], a disc-shaped (10 mm di-
ameter) ME transducer has been fabricated and tested at 200

kHz to demonstrate mW-level power delivery with an mT-
level AC field. In [33], [34], the effectiveness of ME and
mechano-magnetoelectric (MME) transducers, as a wireless
power receiver, has been compared. Their lumped equivalent
circuit models have also been developed, concluding that ME
transducers generate much higher power density than MME
transducers. Two cm-scale ME transducers with Galfenol-PZT
and Metglas-PVDF layers (ME area: 1×2 cm2) at 70.7 kHz
and 99.3 kHz have been fabricated to verify the model, which
has been inaccurate in predicting the received power [33]. In
[35]–[37], small ME transducers (ME area: 8-16 mm2) with
Metglas and PVDF/ PZT layers have been fabricated to power
neurostimulators at ∼ 180-250 kHz with 0.5-2 mT AC fields.
Specifically, the Metglas-PZT ME transducer (8 mm2 area) in
[36] can receive 1.35 mW of power at a depth of 3 cm with a 0.55
mT AC field at 250 kHz. Ultrasmall (250×174 μm2) self-biased
ME transducers with thin-film FeGaB-AlN layers have been
demonstrated in [38] for energy harvesting at 2.5 GHz.

Despite these recent efforts, the literature still lacks a compre-
hensive study and detailed modeling of the ME transducer as a
power receiver in a WPT link. Compared with the prior work, the
contributions of this paper are: 1) Present an accurate analytical
model of the ME transducer, describing both temporal and
spatial displacements; 2) Comprehensive study on the effects
of the ME transducer dimension, HDC, loading (RL), and fp
on the resonance frequency (fn), quality factor (Q), and received
power (PL) of the ME transducer through accurate modeling and
measurement of 9 ME transducers with different dimensions
(ME area: 5-75 mm2; volume: 5-150 mm3); 3) Compare the
performance of the ME transducer with an optimized coil of
similar volume and frequency in measurements at different
alignment and loading conditions. Unlike the lumped model
in [33] with fixed Q and piezomagnetic stress constant, it will
be shown that these two parameters can change with the ME
transducer dimension and HDC, and therefore, an optimization
with fixed parameters is not sufficient.

The rest of the paper is organized as follows. The ME analyt-
ical model is discussed in Section II. The fabrication process for
the ME transducers and the measurement setup are discussed
in Section III. The study on the ME transducer design param-
eters with modeling and measurement results is provided in
Section IV, followed by discussion and future work in Sections
V and conclusion in Section VI.

II. MAGNETOELECTRIC TRANSDUCER MODELING

The ME transducers in our study consist of a piezoelectric
bar sandwiched between two magnetostrictive bars, as shown in
Fig. 1. The piezoelectric bar is polarized through the thickness,
while the magnetostrictive bars are polarized along the length,
resulting in a longitudinal-transverse (L-T) mode of operation
of the ME transducer [39]. Fig. 1 also shows the axes convention
for our analysis, in which x, y, and z (or 1, 2, and 3) relate to
length, width, and thickness of the ME transducer, respectively.

The bar geometry has been analyzed in the literature by
constructing a lumped equivalent circuit model [33], [40]. The
electromechanical resonance-based modeling of the layered
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composite has also been investigated, particularly when the
transducer size is smaller than the electromagnetic wavelength
[41]. However, the lumped circuit model is inadequate to de-
scribe the spatial deformation that occurs along the length of
the ME transducer. In this section, both temporal and spatial
deformations are described for the ME transducer by coupling
the magnetostrictive and piezoelectric effects. Moreover, the
effect of variations in the material properties with HDC [42]
is explicitly described in the present analysis.

The equations of motion are derived from the constitutive
relations, force balance, and boundary conditions of the ME
transducer. The stress-strain in the magnetostrictive and piezo-
electric materials along the x axis in Fig. 1 are denoted by
T11m-S11m and T11p-S11p, respectively. The significant stress
and strain components are in the x direction for the L-T mode,
and thus, only T11 and S11 are considered in both piezoelectric
and magnetostrictive materials. The AC magnetic field along x
in the magnetostrictive material and the AC electric field along
z in the piezoelectric material are represented by H1 and E3,
respectively. It is assumed that H1 and E3 are uniform throughout
the respective materials.

The elastic stiffness for the piezoelectric material at a con-
stant electric field, the permittivity at the constant strain in the
piezoelectric material, and the elastic stiffness at a constant
magnetic field for the magnetostrictive material are denoted by
cE11p, εS33p, and cH11m, respectively. The effective piezoelectric
and piezomagnetic stress constants of interest (for the relevant
stress components) for the piezoelectric and magnetostrictive
materials are e31p and e11m, respectively. The constitutive rela-
tions among the significant stress components and the electric
displacement D3 within the composite are given by [43], [44]:

T11m = cH11m S11m − e11mH1 (1.1)

T11p = cE11p S11p − e31pE3 (1.2)

D3 = e31pS11p + εS33E3 (1.3)

The length and width of the ME transducer and thickness
of the magnetostrictive and piezoelectric bars are denoted by
l, w, hm, and hp, respectively, as shown in Fig. 1. Let the
displacement of the infinitesimal element of lengthdxbeu(x, t),
and the density of magnetostrictive and piezoelectric materials
be denoted by ρm and ρp, respectively. The equation of motion
for the displacement of ME transducer using the force balance
over dx employing Newton’s second law is derived as [40]:

(hpρp + 2hmρm)
∂2u

∂t2
= 2hm

∂T11m
∂x

+ hp
∂T11p
∂x

(2)

Let us define thickness ratio ν = hp / h, where h = hp
+ 2 h m is the total thickness of the ME transducer. It is
assumed that the deformation is uniform throughout the thick-
ness of the composite resulting in a longitudinal strain com-
ponent given by ∂u/∂x. The solution to (2) is obtained by
using the Separation of Variables method employing (1) with
the Heaviside step function [45] for both electric and mag-
netic fields. Let the solution for displacements be written as
u (x, t) =

∑∞
i = 0Xi(t)ψi(x), where Xi(t) is the temporal

displacement and ψi(x) is the spatial displacement, for the

ith mode. The assumed modal solutions for the temporal and
spatial displacements are Xi (t) = Aicos(ωit) +Bisin(ωit)
and ψi (x) = Cicos(ωix/a) +Disin(ωix/a) [46], where a is:

a =

√
c11pν + c11m (1− ν)

ρpν + ρm (1− ν)
(3)

The resonance (or natural) frequency in the ith mode (ωi) is
estimated (neglecting the damping in the structure) as:

ωi = iπa/l; i = 1, 2, 3, . . . ∞ (4)

To describe the equations of motion succinctly in the funda-
mental mode of vibration (i = 1), the integral ∫ l0 ψ2dx, temporal
displacement, and the resonance frequency are denoted by κ,X ,
andωn = 2πfn, respectively. The magnitude ofωn is determined
using the free-free boundary conditions at x = 0 and l for the
ME transducer. The voltage developed by the ME transducer,
V, is dependent on RL connected to the ME transducer. From
Gauss’s law, integrating the (1.3) gives an estimate of the charge
and the differential of that is the current flowing through RL.
By substituting temporal and spatial displacements into (2), the
governing equations of motion for the ME transducer operating
in L-T mode are derived as [47]:

MẌ + CẊ +KX +GV = LH1 (5)

V +RLCpV̇ −RLG Ẋ = 0 (6)

where, M = (2hmρm + hpρp)wκ, C = 2ζ(2hmρm + hpρp)
wκωn, K = (2hmc11m + hpc11p)wκω

2
n/a

2, G = we31p
ψ|x=l

x=0, L = 2hmwe11mψ|x=l
x=0, and Cp = εS33wl/hp.

The equivalent mass, stiffness, damping coefficient, piezo-
electric coupling coefficient, piezomagnetic coupling coeffi-
cient, and the piezoelectric layer capacitance are denoted by
M, K, C, G, L, and Cp respectively. The type of damping in the
composite is assumed to be viscous dissipation with a damping
ratio, ζ. It may be noted that ψ|x = l

x = 0 represents the spatial
displacement difference at the boundaries, i.e., ψ(l)− ψ(0).
The solution to (5) and (6) is obtained by assuming harmonic
excitation for the AC magnetic field asH1 = |H| ejωt. The ME
transducer voltage and temporal displacement are also harmonic
functions represented by V = |V | ejωt and X = |X| ejωt,
respectively:

|V | =
∣∣∣∣∣∣

jωGL

jωG2 +
(

1
RL

+ jωCp

)
(K −Mω2 + jωC)

∣∣∣∣∣∣ × |H|

(7)

|X| =

∣∣∣∣∣∣∣∣∣
L(

(K−Mω2+jωC)+jωG2(
1

RL
+jωCp

)
)
∣∣∣∣∣∣∣∣∣
× |H| (8)

For simplicity, let us introduce nondimensional parameters:
frequency ratio ω/ωn (operation frequency ω = 2πfp), piezo-
electric coupling factor k2p = G2/(MCpω

2
n), quality factor Q

≈ 1/2ζ, and voltage factor Υ . The amplitude of the open-circuit
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voltage |Voc| is obtained by setting RL → ∞ in (7) and rear-
ranging the terms as:

|Voc| =
e11m
e31p

h |Υ | × |H| ; (9)

where,

|Υ | =
∣∣∣∣∣∣

k2p(1− v)

1−
(

ω
ωn

)
+ k2p + j

(
ω
ωn

)
/Q

∣∣∣∣∣∣
Note that the piezomagnetic stress constant e11m is a function

of the applied HDC. Thus, the ME voltage is dependent on both
HAC magnitude (|H|) and HDC. It should also be noted that kp is
inherently dependent on the thickness ratio ν. Thus, the voltage
factor Υ is an explicit non-dimensional indicator of the voltage
generated by the ME transducer as a function of ω and ν for a
given Q and provides the range of frequencies, over which the
desired voltage can be achieved for a given ν.

The ME transducer’s received power, PL = |V |2/2RL , can
be calculated using |V | in (7) as:

PL = 0.5

(
hω

e11m
e31p

|H|
)2

RL¯
ρ; (10)

Where
¯
ρ is given by the equation at the bottom of this page.

Using (10), the optimal resistance (RL,opt), where PL is
maximized, is given by:

RL,opt =

√(
1−

(
ω
ωn

)2)2

+
((

ω
ωn

)
/Q
)2

ωCp

√((
ω
ωn

)
/Q
)2

+

(
1 −

(
ω
ωn

)2
+ k2p

)2

(11)
With RL,opt from (11), the optimal received power PL,opt

from the ME transducer can be found as:

PL,opt = ωnCp

(
e11m
e31p

h |H|
)2

Π; (12)

where,

Π =
k4
p ( ω

ωn )(1−ν)2Q2

8

√(
( ω

ωn )
2
+Q2

(
( ω

ωn )
2−1

)2
)(

Q2
(
1−( ω

ωn )
2
+k2

p

)2
+( ω

ωn )
2
)

=
k4
p (1−ν)2Q2

8
√

1 + Q2k4
p

∣∣∣∣
ω = ωn

Replacing device capacitance Cp and kp in (12) with their
aforementioned equations related to the ME transducer dimen-
sion, one can find that PL,opt is linearly proportional to the ME
transducer width (w) and thickness (h; only for constant ν). It
may be noted that both Q and e11m in (12) change with varying

Fig. 3. The effect of frequency ratio (ω/ωn) and thickness ratio (ν) on the
ME transducer (a) voltage factor Υ in (9) and (b) ωnCp|Π | in (12) related to
the ME transducer received power. In the model, Q = 100, l = 15 mm, and w
= h = 1 mm.

the ME transducer dimension, which will also be discussed in
detail in Section IV.

Figs. 3a and 3b show the effect of ω/ωn and ν = hp /
h on Υ in (9) and ωnCpΠ in (12), which are related to the
ME transducer voltage and received power, respectively. These
results are shown for an ME transducer with Q = 100, l =
15 mm, and w = h = 1 mm. Fig. 3a shows that the ME peak
voltage occurs at differentω for different ν values. Nevertheless,
the absolute maximum voltage is achieved around ν = 0.5
(corresponding to kp ≈ 0.23) at ω slightly above ωn (ω/ωn =
1.02). A similar observation has also been made in [48]. Fig. 3b
shows that, unlike the voltage factor (Υ ), the absolute maximum
of the power-related parameter ωnCpΠ occurs at the ν range of
0.12-0.19 at ω very close to ωn. All these conclusions are made
with the assumption of constant Q.

III. MAGNETOELECTRIC TRANSDUCER FABRICATION PROCESS

AND MEASUREMENT SETUP

For ME transducer fabrication, PZT-5A (PSI-5A4E, Piezo
System, Inc.) and FeGa alloy (also known as Galfenol) were used
for the piezoelectric and magnetostrictive layers. The fabrication
process, shown in Fig. 4a, is as follows. First, the Galfenol was

¯
ρ =

(1− ν)2k4p(
1
Cp

−
(ω/ωn

)2

Cp
−

(ω/ωn

)2
ωnRL

Q

)2

+

(
ωk2pRL +

(ω/ωn

)
QCp

+ ωRL −
((

ω
ωn

)2
ωRL

))2
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TABLE I
SPECIFICATIONS OF THE FABRICATED ME TRANSDUCERS AND THEIR MEASURED CHARACTERISTICS

∗DC capacitance of the ME transducer. ∗∗Measured using an AC magnetic field (HAC) of 1.41 Oe peak corresponding to an input power of 279 mW.

Fig. 4. (a) The step-by-step process for the fabrication of ME transducers.
(b) Cross-section view of a fabricated ME transducer along with the images of
three of the fabricated ME transducers (out of nine ME transducers).

polished using sandpaper and diced as per required dimensions
using a dicing saw. Once cut, the second round of polishing
was done using higher grade sandpaper until a relatively smooth
surface was achieved. Then, standard PZTs with thicknesses of
508 µm, 196 µm, and 127 µm were cut to the required dimensions
using a dicing saw. The PZT layer was then sandwiched between
the two polished Galfenol layers having the same length and
width. For adhesion between Galfenol and PZT layers, epoxy
(DP-460, 3M) was used. To maintain electrical contact between
the layers, a dab of silver paste (Leitsilber 200 Silver Paint,
Ted Pella) was introduced between the layers. To cure the
adhesive, appropriate weights were placed over the sample at
room temperature for 18 hours. Since the silver paste cured
quicker than the epoxy, there was no mixing of the two, and a
good electrical conductivity was ensured among all the layers.

To achieve the required dimensions, the top and bottom
Galfenol layers were again polished using a 1200/P4000 grade
sandpaper. Finally, for electrical contacts, two copper wires were
soldered at the center on top and bottom of the ME transducer,
as shown in Fig. 4b. This solder blob was placed at the center
to ensure optimal performance. The soldering temperature (300

°C) was kept below the curie temperature of Galfenol (600 °C)
and PZT-5A (360 °C) to prevent any damage to these materials.

To study the effect of different ME design parameters on the
WPT link performance, 9 ME transducers with different dimen-
sions were fabricated. Fig. 4b shows the cross-sectional view of
the fabricated ME transducer with various layers, and images of
three fabricated ME transducers (out of 9). The specifications of
all the ME transducers with their measured characteristics are
listed in Table I.

These ME transducers can be divided into 4 groups: 1) ME1,
ME2, and ME3 with a total volume of ∼ 15 mm3 (l = 15 mm,
w = h = 1 mm) and different PZT thicknesses (hp) of 508 µm,
196 µm, and 127 µm, respectively; 2) ME4, ME5, and ME6 with
a total volume of ∼ 5 mm3 (l = 5 mm, w = h = 1 mm) and
different hps of 508 µm, 196 µm, and 127 µm, respectively; 3)
ME7 with a total volume of ∼ 150 mm3 (l = 15 mm, w = 5 mm,
h = 2 mm, hp = 508 µm); 4) ME8 and ME9 with a total volume
of ∼ 75 mm3 (l = 15 mm, w = 5 mm, h = 1.1 mm) and different
hp of 196 µm and 127 µm, respectively.

Fig. 5 shows the experimental setup used to characterize the
ME transducers. The ME transducer was placed at the center
of the Helmholtz coils, generating a uniform AC magnetic
field (HAC), and a pair of electromagnet coils, generating an
adjustable DC bias magnetic field (HDC). The Helmholtz coils,
separated by 20 mm and each with 30 mm diameter and 15 turns,
were built with a magnet wire (AWG-24) on a 3D-printed plastic
frame and holder. The HAC magnitude and frequency were
controlled using a signal generator followed by a power amplifier
driving the Helmholtz coils. Since the generated magnetic field
is linearly proportional to the driving current, an ammeter was
used to indirectly measure the HAC magnitude. The HDC was
also monitored using a gaussmeter (Model 475, LakeShore,
Westerville, OH) by placing its probe close to the center of one
of the electromagnets. The voltage across each ME transducer
for different RL values was measured with an oscilloscope and
transferred to a computer.

IV. MODELING AND EXPERIMENTAL RESULTS

For modeling each ME transducer, the material properties
listed in Table II were used. For more accuracy, the measured
Q in Table I was used to calculate the damping ratio ζ for each
ME transducer. Since the piezomagnetic constant (e11m) of the
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Fig. 5. The experimental setup used for accurate characterization and study
of the ME transducers with different dimensions, HAC, and HDC. .

TABLE II
MATERIAL PROPERTIES USED IN OUR MODEL

∗Different value for each ME transducer (details in Section IV.C).
∗∗At constant strain. +Calculated from measured Q.

ME transducer depends on different parameters, such as HDC

and dimension, different e11m values were used for different
ME transducers (discussed in detail in Section IV.C). Also, (9)
and (10) were used to find the modeled resonance frequency fn
(where |Voc| is maximum) and received power PL of the ME
transducer for any given RL, respectively.

In experiments, the operation of each fabricated ME trans-
ducer was first verified by measuring their impedance vs. fre-
quency. Fig. 6a shows the measured impedance profiles (real
and imaginary at HDC = 0) of ME1-3, which resembles the
impedance profile of a PZT transducer with resonance and anti-
resonance frequencies. All 9 ME transducers showed similar
profiles, where the magnitude of the impedance was directly
proportional to the thickness of the PZT layer (hp). As shown

Fig. 6. (a) Measured impedance profile (real and imaginary) of ME1, ME2, and
ME3 at 0 Oe HDC and whose specifications are listed in Table I. (b) Measured
impedance profile (real and imaginary) of ME3 under different HDC conditions.

in Fig. 6a, ME1 with the largest hp = 508 µm has the largest
impedance at resonance. Fig. 6b shows the measured impedance
response of the ME3 transducer, as an example, at different HDC

of 0-400 Oe (1 Oe = 1 G = 100 µT in air). Thus, HDC can affect
the impedance profile of an ME transducer.

Using the setup in Fig. 5, initially two experiments were
performed for each ME transducer. In both experiments, the
HAC magnitude was fixed at 1.41 Oe at the center of the
Helmholtz coils, where the ME transducer was placed. Based
on the Helmholtz coils specifications, it was estimated that an
AC peak current of 431.3 mA (input power Pin of 279 mW)
would generate approximately the required peak HAC of 1.41
Oe across all measured frequencies.

In the first experiment, both HDC value and HAC frequency
(called operation frequency, fp, hereafter) were swept for each
ME transducer, and the open-circuit voltage of the ME trans-
ducers (Voc) was measured. The HDC was varied from 30 Oe
to 1000 Oe in steps of 45 Oe (the step size was reduced to 15
Oe in the vicinity of each ME transducer’s fn). At each HDC,
the Voc amplitude (|Voc|) was measured for a 10 kHz bandwidth
near fn with 100 Hz resolution. This experiment gives insight
into how HDC affects |Voc|, fn, and Q of the ME transducer,
and determined the HDC for each ME transducer in our studies.
Fig. 7 shows the results of this experiment (|Voc| vs. fp at different
HDC) for ME1, indicating that HDC affects all three |Voc|, fn,
and Q values. For instance, the largest |Voc| was achieved at 180
Oe with fn = 100.4 kHz (ME1).

In the second experiment, each ME transducer was loaded
by a resistance RL, and the voltage across RL was measured at
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Fig. 7. Measured amplitude of the open-circuit voltage (|Voc |) of ME1 vs. the
operation frequency (fp) for different HDC values, showing the effect of HDC

on |Voc |, fn, and Q of the ME transducer (HAC,peak = 1.41 Oe).

Fig. 8. Measured voltage amplitude of ME1 (normalized) vs. the operation
frequency (fp) for different RL values, indicating that increasing RL can also
increase the optimal fp of the ME transducer.

different fp, using the HDC values that maximized |Voc| in the
first experiment. This experiment helps to understand the effect
of RL on the optimal fp of the ME transducers, and also provided
the optimal fp at each RL for each ME transducer in our studies.
Fig. 8 shows the measured normalized ME1 voltage amplitude
vs. fp at different RL. The optimal fp increased from 97.9 kHz
to 100.4 kHz by increasing RL from 50 Ω to 1 MΩ, indicating
the need to operate at optimal fp for a given RL.

In the following subsections, modeling and measurement
results will be used to study the effect of the ME transducer
dimension, HDC, and RL on the fn (and optimal fp), Q, and PL

of the ME transducer. The discussion is presented in a way that a
designer could optimize an ME transducer as the power receiver
in a WPT link for a given application.

A. Effect of DC Bias Magnetic Field and Loading on
Resonance Frequency and Optimal Operation Frequency

When operating the ME transducer in L-T mode, it is well
established that its resonance frequency fn is inversely propor-
tional to its overall length (l), as also seen in (4) [35]. As shown
in Table I, ME1-3 and ME7-9 with approximately similar l = 15
mm achieved fn in the range of 94.8-100.2 kHz, while ME4-6

Fig. 9. Measured results of the resonance frequency fn vs. HDC of (a) ME1-3

with l = 15 mm and (b) ME4-6 with l = 5 mm.

with reduced l = 5 mm achieved higher fn in the 298.1-312.2
kHz range (there are slight variations in l due to fabrication
limitations). This indicates that reducing l by 3-fold increases fn
by almost the same factor. Apart from l, HDC can also affect the
fn of the ME transducer. Fig. 7 shows these effects for ME1.

To further illustrate this effect, Figs. 9a and 9b show the
measured fn values vs. HDC for ME1-3 (l = 15 mm) and ME4-6

(l = 5 mm). In all measurements, the frequency, at which the
ME transducer generated the highest |Voc|, was considered as
fn at that HDC. The measured fn values slightly increased with
HDC and then saturated at large HDC values of ∼ 400 Oe for
ME1-3 and 900 Oe for ME4-6. This phenomenon of increasing
and saturation of the fn is due to the variation in the elastic
stiffness of the magnetostrictive material (c11m), which is known
to be a function of HDC [49].

The modeled and measured results in Figs. 10a and 10b for
ME1-3 and ME4-6, respectively, show that the optimal fp for
driving ME transducers also slightly increased with RL and then
saturated at large RL. For instance, ME1 achieved measured
optimal fp of ∼ 98.2 kHz for RL < 1 kΩ, and optimal fp
increased to ∼ 100.4 kHz for RL > 20 kΩ (Fig. 10a). Or
ME5 achieved measured optimal fp of ∼ 301.1 kHz for RL

< 200 Ω, and optimal fp increased to ∼ 305.6 kHz for RL

> 1 kΩ (Fig. 10b). The modeled and measured optimal fp
values match well for all ME transducers. The slight discrepancy
(up to 6.7%) could potentially be due to the material prop-
erty variations and imperfections involved in fabrications and
measurements.

These results reveal that the ME transducer’s fn can change
at different HDC, and the optimal fp for driving ME transducers
at different RL could be different. Thus, one should sweep fre-
quency to find the optimal fp = fn for a given HDC and RL. Since
this eventually affects ME transducer’s PL, an optimization in
three dimensions of HDC, RL, and fp is needed.

Authorized licensed use limited to: Penn State University. Downloaded on May 10,2022 at 18:38:44 UTC from IEEE Xplore.  Restrictions apply. 



1086 IEEE TRANSACTIONS ON BIOMEDICAL CIRCUITS AND SYSTEMS, VOL. 15, NO. 5, OCTOBER 2021

Fig. 10. Modeled and measured optimal fp (for driving ME transducers) at
different RL of (a) ME1-3 with l = 15 mm and (b) ME4-6 with l = 5 mm.

B. Effect of Dimension and DC Bias Magnetic Field on
Quality Factor

The quality factor Q of the receiver in a WPT link has a
considerable impact on the link’s bandwidth, optimal loading,
and more importantly PTE [9]. The Q of small ME transducers
is significantly high (compared to small coils), particularly at
low frequencies (Table I) [17]. It is important to study the effect
of design parameters, such as dimension and HDC, on the Q of
the ME transducer. Table I lists the measured unloaded Q of all
ME transducers at optimal HDC and fn.

The Q was calculated as the ratio of measured fn to the half-
power bandwidth. Table I implies that for the same overall ME
thickness (h = 1 mm) in ME1-3 or ME4-6, decreasing the PZT
thickness (hp) increases the Q. But this could be misleading as
PL in Table I shows an opposite trend, i.e., the higher hp led
to higher PL in ME1-3 or ME4-6. This is due to the changes in
the piezomagnetic stress constant (e11m), which also depends
on the dimension (discussed in Section IV.C). Thus, one should
be careful in relating the Q of ME transducers to their capability
in receiving power.

Fig. 11 shows the effect of HDC on the measured Q of ME1-6.
The Q increased with HDC and then saturated at very large HDC.
For instance, the Q of ME2 started to increase from ∼ 20 to
200 for HDC increase from ∼ 150 Oe to 600 Oe and beyond
(Fig. 11a). Or the Q of ME4 started to increase from ∼ 45 to
100 for HDC increase from ∼ 400 Oe to 700 Oe and beyond
(Fig. 11b). This increase in Q with HDC is due to the increase in
tensile stresses within the ME transducer [50]. From Fig. 11, one
would prefer to operate the ME transducer at higher HDC where
the Q is higher. However, the piezomagnetic stress constant
e11m also changes with HDC. Thus, both Q and e11m should

Fig. 11. Measured Q of (a) ME1-3 and (b) ME4-6 at different HDC values.

be considered in the optimization of HDC, which is detailed in
the following sub-section.

C. Effect of DC Bias Magnetic Field, Operation Frequency,
ME Dimension, and Loading on Received Power

In a WPT link, the receiver should be able to capture the max-
imum power (PL). Conventionally, the parameters that affect PL

are the receiver dimension, fp, and RL. For the ME transducer
as a power receiver (shown in Fig. 2), HDC can also affect PL

in addition to dimension, fp, and RL. Therefore, the effects of
these parameters on the PL of the ME transducer are studied for
an incident HAC of 1.41 Oe peak.

Figs. 12a and 12b show the measured peak open-circuit
voltage |Voc| of the ME1-3 and ME4-6 at different HDC values,
respectively. At each HDC, the maximum |Voc| for the optimal fn
was measured (as discussed in Fig. 7). Fig. 12 indicates that peak
|Voc| of each ME transducer is maximized at an optimal HDC,
in which the piezomagnetic coupling is maximum. The optimal
HDC depends on the ME transducer’s geometry (particularly its
magnetostrictive material thickness hm), and it increases with
hm. For example, the measured optimal HDC for ME1 with hm
of ∼ 250 µm was 180 Oe, while ME3 with the same volume
but larger hm of ∼ 437 µm required the optimal HDC = 295
Oe (Fig. 12a). A similar trend can also be seen for ME4-6 in
Fig. 12b.

Figs. 13a and 13b show the modeled and measured PL of the
ME1-3 and ME4-6 at different fp using the HDC and RL values
in Table I, respectively. For each ME transducer, the peak PL

values from modeling and measurement matched very well, but
they occurred at slightly different fp as described previously in
Fig. 10. Fig. 13 shows the importance of operating at the optimal
fp to achieve the highest PL.

Figs. 14a and 14b show the modeled and measured PL of
ME1-3 and ME4-6 for different RL using HDC values in Table I
and optimal fp in Figs. 10a and 10b. The peak PL was observed at

Authorized licensed use limited to: Penn State University. Downloaded on May 10,2022 at 18:38:44 UTC from IEEE Xplore.  Restrictions apply. 



HOSUR et al.: COMPREHENSIVE STUDY ON MAGNETOELECTRIC TRANSDUCERS FOR WIRELESS POWER TRANSFER 1087

Fig. 12. Measured peak open-circuit voltage |Voc | of (a) ME1-3 and (b) ME4-6

at different HDC values (HAC,peak = 1.41 Oe).

Fig. 13. Modeled and measured received power PL of (a) ME1-3 and (b)
ME4-6 for different fp using HDC and RL values in Table I (HAC,peak = 1.41
Oe).

an optimal RL for each ME transducer. Some transducers, such
as ME1, showed two peaks for PL (Fig. 14a), resulting from the
high piezoelectric coupling factor for the ME transducer com-
pared to the mechanical damping ratio [51]. The modeled and
measured PL values matched very well for most ME transducers,
showing the accuracy of our model. There is some discrepancy

Fig. 14. Modeled and measured received power PL of (a) ME1-3 and (b)
ME4-6 for different RL using their HDC values in Table I and optimal fp values
in Fig. 10 (HAC,peak = 1.41 Oe).

for ME4 that could potentially be due to the variation of material
properties and fabrication or measurement imperfections, which
is evident from its low Q.

Fig. 14 also shows that ME transducers can achieve high
PL for a wide RL range. For instance, ME1 and ME4 with
different dimensions could achieve > 50% of their peak PL of
370 µW and 128.6 µW for wide RL ranges of ∼ 0.25-75 kΩ and
∼ 0.35-30 kΩ, respectively.

For simplicity, the HDC for each ME transducer in Table I
was determined based on peak |Voc| with infinite RL (Fig. 12).
However, as shown in Fig. 6b, the impedance profile of the ME
transducer can change with HDC. Therefore, the optimal HDC

that maximizes PL can vary with RL. For example, by reducing
the HDC of ME3 from 295 Oe to 230 Oe, its PL was increased
by ∼ 45% at RL = 2 kΩ thanks to better impedance matching.
Thus, for achieving the highest possible PL one needs to find
the optimal HDC at a given RL.

Table I lists the optimal PL values and PTEs of all ME trans-
ducers with different dimensions (l×w×h), from which several
lessons can be learned. First, PL is almost linearly proportional
to the ME transducer width (w), as the model predicted. For
example, for the same PZT thickness (hp) of 127 µm, h = 1
mm, and l = 15 mm, ME9 with larger w of 5 mm achieved ∼
6-fold higher PL = 1.4 mW compared with PL = 231.4 µW in
ME2 with w = 1 mm. Note that ME9 and ME2 have comparable
piezomagnetic stress constant e11m of 130 N/A.m and 112.2
N/A.m and Q of 110.4 and 98.8, respectively. Thus, the model
prediction was accurate.

Second, comparing PL values of ME2 and ME5 (or ME3 and
ME6) with almost similar hp, h, and w but different l (lME2,3

= 15 mm vs. lME5,6 = 5 mm) and thereby different fn reveals
that PL also changed with l (or fn). This is mainly due to the
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Fig. 15. Estimated piezomagnetic stress constant e11m, measured Q, and
measured PL at different thickness ratios (ν) for (a) ME1-3 and (b) ME4-6.

difference in e11m (e.g., e11m,ME2 = 162 N/A.m and e11m,ME5

= 100 N/A.m), which will be explained later in Fig. 15. Thus,
assuming constant e11m in the model for different l could be
misleading.

Third, comparing PL values of ME8,9 and ME7 with ME
volumes of ∼ 75 mm3 and 150 mm3, respectively, suggests that
increasing the total ME volume with h not necessarily improves
PL (note that thickness ratio ν is different in ME7-9). Thus, it is
important to study the effect of h on PL. Since the input power
remained constant for characterizing all 9 ME transducers (i.e.,
Pin = 279 mW), these discussions about PL can be extended to
PTE as well.

Table I shows that within three sets of transducers, ME1-3,
ME4-6, and ME8,9, with l×w×h of ∼ 15×1×1 mm3, 5×1×1
mm3, and 15×5×1 mm3, respectively, PL increased with hp. To
evaluate the thicknesses of piezoelectric and magnetostrictive
layers (hp and hm) relative to each other, Figs. 15a and 15b show
the estimated (confirmed with measurements) e11m, measured
Q, and measured PL at different ν = hp / (hp + 2hm) for
ME1-3 and ME4-6, respectively. Three lessons can be learned
from Fig. 15. First, with increasing ν (decreasing hm) in ME
transducers, e11m also increased. As hm decreases, the magnetic
induction occurs at a lower HDC, which can be seen from optimal
HDC values in Table I. Second, ME2 and ME5 (or ME3 and ME6)
with similar ν but different lME2,3 = 15 mm vs. lME5,6 = 5 mm
showed different e11m of 162 and 100 N/A.m (or 112 and 80
N/A.m), i.e., l also affected e11m. And third, the effect of Q and
e11m on PL should be considered together. Fig. 15 shows that

Fig. 16. Measured received power PL vs. RL of ME7 in Table I and
an optimized solenoid coil with similar volume of 150 mm3 (HAC,peak

= 1.41 Oe).

the measured Q of ME1-3 and ME4-6 reduced by increasing ν,
but PL increased mainly due to the higher e11m at larger ν.

The results in Fig. 15 are different from what our model
predicted in Fig. 3b (i.e., highest ωnCpΠ for ν range of 0.12-
0.19) because Q was assumed to be constant in the model (Q =
100) while changing ν. However, comparing ME7-9 with almost
similar Q in Table I reveals that ME8,9 (volume:∼ 75 mm3) with
ν of 0.12-0.17 achieved higher PL (1.7 mW, 1.4 mW) than that
of ME7 (1.2 mW) with higher ν of 0.25, even though ME7 has
larger volume of ∼ 150 mm3. It should also be noted that using
correct values of Q and e11m in our model for ME1-6 resulted in
accurate PL values in Fig. 14. Therefore, our model with correct
Q and e11m (from measurements) can be used to accurately
optimize ME transducers.

D. Effect of Misalignment and Surrounding Tissue Medium in
Comparison With Inductive Coil

To show the advantage of small ME transducers in converting
low-frequency magnetic fields to electric fields in comparison
to inductive coils (with comparable size and frequency), the
performance of the ME7 transducer in terms of its received
power, effect of the surrounding tissue medium, and misalign-
ment conditions are discussed here.

Using our design procedure for optimizing inductive links in
[17], a wire-wound solenoid coil (Fig. 16 inset) was optimized
with HFSS (Ansoft, Pittsburgh, PA). For a fair comparison to
ME7 with l×w×h of ∼ 15×5×2 = 150 mm3 (Table I), the
coil diameter (Do) and volume were limited to 5 mm and 150
mm3, respectively. Following the design flowchart in [17], the
wire width (wc) and the number of turns (n) of the coil were
optimized to maximize k2Q (i.e., maximizing received power),
where k is the coupling coefficient (considering the Helmholtz
coils in Fig. 5 as the transmitter) and Q is the quality factor of
the receiver coil. The optimal wc = 0.22 mm and n = 31 were
found. The coil was fabricated with the closest magnet wire
(AWG-31) on a 3D-printed plastic frame. To resonate the coil
with a measured inductance of 3.34 µH at 91.8 kHz (close to fn
= 95.5 kHz of ME7), a 1 µF capacitor was connected in parallel.
The measured impedance at resonance was 7.75 Ω.

Using the setup in Fig. 5, the received power PL of both ME7

and coil was measured for different RL from 50 Ω to 10 MΩ
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at HAC, peak of 1.41 Oe. Fig. 16 shows that for the RL range
of 1 kΩ to 100 kΩ (typical implant power range: ∼ 0.1-10
mW), ME7 could harvest at least 20-fold higher power than
the coil. For instance, at RL = 1 kΩ, ME7 and coil achieved
PL of 984.8 µW and 48.4 µW, respectively, while the available
power from them was 1.22 mW and 1.4 mW. Furthermore, at
RL = 1 kΩ, ME7 and coil achieved measured PTE of 0.34% and
0.02%, respectively. This shows that for given device size, ME
transducers can harvest much higher power at low frequencies,
and they can potentially outperform coils even more as the size
and frequency are both reduced.

The low PL of the coil is mainly due to its small 7.75 Ω
impedance at resonance, which is challenging to match to a
large RL in a small implant [17]. The resonant impedance of a
mm-sized coil (and its link PTE) can be improved by increasing
its fp at the cost of elevated SAR values (more heat dissipation
in tissue) and limited allowable transmitted power (discussed in
Section V). Also, adding a magnetic core to a mm-sized coil can
further increase its PTE and PL [52].

To verify the effect of the surrounding tissue medium on the
ME transducer, PL at different RL and Q were measured in the
presence of tissues. A piece of chicken breast was wrapped with
a thin piece of plastic, and the ME transducer was placed inside
it. The average thickness of the tissue on the top/bottom and sides
of the ME transducer was 6.5 mm and 2.5 mm, respectively. In
all measurements with the tissue, PL and Q only changed< 10%
and < 7.5%, respectively, compared to those in air. Since there
is negligible attenuation of low-frequency magnetic fields by the
tissue, such slight losses are most likely attributed to the solid
loading of the tissue on the ME transducer. This should further
be studied in future and potentially be avoided by proper design
of the IMD’s package.

Since our ME transducers operate in the L-T mode, for
optimal performance the face of the Helmholtz coils needs to
be perpendicular to the length of the ME transducer, i.e., ME
transducer should be along the x axis as shown in Figs. 1 and
5. This also applies to the coil for the maximum flux to pass
through it. Therefore, for any misalignment in the form of ME
transducer (or coil) rotation along the x axis, PL did not change
in our measurements, as expected. But for rotation of the ME
transducer (or coil) for the angle of θ in the xy plane in Figs. 1
and 5, such that θ = 0° and 90° results in ME7/coil along the
x and y axes, respectively, PL drastically reduced for both ME7

and coil. Fig. 17 shows the measured PL (RL = 4.8 kΩ) for both
ME7 and coil vs. different θ, indicating that PL dropped by ∼
15-fold for both ME7 and coil when θ was changed from 0° to
60°. However, for small θ of < 45°, ME7 performed better than
the coil. For example, PL dropped by 2.2 times in ME7 vs. 3.6
times in coil at θ = 30°.

V. DISCUSSION AND FUTURE WORK

Since ME transducers operate based on both DC and AC mag-
netic fields (HDC and HAC), compliance with different safety
limits is needed. Based on the IEEE standard [19], the dosimetric
reference limit (DRL) of 167 mT (corresponding to 1670 Oe) is
the maximum allowable HDC. All the ME transducers in Table I

Fig. 17. Measured received power PL of ME7 and solenoid coil vs. angle of
rotation (θ) in the xy plane in Figs. 1 and 5(HAC,peak = 1.41 Oe).

require HDC well below this limit (highest HDC is 890 Oe for
ME6).

For the maximum allowable HAC at 100 kHz ≤ fp ≤ 5
MHz (the case in this work), there are two IEEE limits: one
for avoiding electrostimulation, which is the DRL limit of
0.209×10-3×fp V/m, and one for tissue heating, which is the
SAR limit of 2 W/kg [19]. It has already been shown in [36]
that at fp = 250 kHz and depth of 30 mm inside soft tissue
(indicating ME transducer’s viability for deep implants), HAC

of 550 µT rms (∼ 7.78 Oe peak) is permissible under the DRL
limit. Our measurements were conducted with the HAC of 100
µT rms (1.41 Oe peak). Thus, at an implant depth of 30 mm,
our reported PL values for each ME transducer in Table I could
potentially be ∼ 25-fold higher by increasing the HAC if the
DRL is concerned. Obviously, the WPT distance (i.e., implant’s
depth) can further be increased if the required PL is lower for
each ME transducer in Table I.

The average SAR over a volume of 10 g tissue (based on
the standard) was also simulated in HFSS using the Helmholtz
coils in our setup. At fp = 100 kHz and HAC of 1.41 Oe peak,
the simulated SAR was as low as ∼ 19.3 μW/kg (<< 2 W/kg
limit). Thus, DRL is the main safety limit for the ME transducers
in this work. The SAR was also simulated with our optimized
transmitter coil in [17] at fp = 100 MHz, which is the low-end
frequency for miniaturized coils. When the coil was spaced 2
mm from tissue, HAC should be below 39.2 µT rms (0.55 Oe
peak) to limit the SAR at 2 W/kg at 100 MHz. Also, it has been
shown in [36] that the allowed magnetic field inside the body
at a depth of 30 mm is 30 µT rms at fp of 13.56 MHz. Thus,
the allowable transmitted power is drastically lower at higher
fps (even with elevated SAR). This can significantly limit the
implant’s PL, which may even be more important than PTE when
the implant is miniaturized [17]. This shows the advantage of
ME transducers for WPT using low-frequency magnetic fields.

For optimizing the ME transducer as the power receiver, our
results suggest the following process. First, one should measure
the piezomagnetic stress constant (e11m) of the magnetostrictive
material and the quality factor (Q) of the piezoelectric material
(preferably loaded with adhesive and magnetostrictive layers)
for a range of their dimensions (l, w, h) and HDC. The limited
measured values of e11m and Q can be extrapolated and fed
into our model in Section II. Then, PL in (10) is used to
sweep the ME transducer geometry (l, w, hp, hm), considering
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constraints from application and fabrication, to maximize PL at
a given RL with highest possible HAC imposed by the DRL
limit of 0.209×10-3×fp V/m up to frequencies (fn ∝ 1/l) at
which the increased SAR reaches 2 W/kg. This ensures that both
the optimal ME transducer geometry and the highest allowable
transmitted power are achieved, significantly improving PL.

To realize functional IMDs with ME transducers, additional
steps for packaging the IMD, transforming the experimental
setup in Fig. 5 into a battery-operated wearable system, and pro-
viding HDC without the electromagnet are necessary for future.
Similar to ME-based devices in [35], IMDs with electronics,
electrodes, and PZT-based ME transducers must be encapsulated
with biocompatible materials, such as parylene-C or PDMS
[24]. This can also avoid direct contact of toxic PZT with sur-
rounding tissue. Our preliminary measurements show minimal
to no change in the response of ME transducers coated with
parylene-C or PDMS. In the future, alternative biocompatible
piezoelectric materials, such as BaTiO3 or AlN, can also be used
instead of PZT at the cost of lower PL. It is worth mentioning
that the small ME transducers fabricated with AlN in [31] have
still outperformed coils.

A battery-operated system in the form of a wearable belt has
recently been demonstrated in [53] for operating ME transduc-
ers. The wearable unit includes a small permanent magnet for
HDC generation, and a coil driven by a power amplifier for gener-
ating the required HAC. One can also package the ME transducer
with a small hard neodymium magnet as shown in [35]. It is
worth noting that the ME response can also be achieved without
the use of a hard magnet using self-biased ME composites. The
non-zero ME response at zero HDC could arise from intrinsic
magnetization hysteresis [54] or an exchange coupling magnetic
field [55]. For example, a self-biased thin-film ME transducer
with a high Q of 930 has been fabricated in [31] with HDC

elimination.
Finally, depending on the power requirement, implant’s size,

and implantation depth, ME transducers as power receiver can be
used in a wide variety of IMD applications. For instance, small
ME transducers have already been used for powering (multisite)
neural stimulation and recording systems in [32], [35]–[38]. In
general, miniaturized IMDs for sensing and actuation applica-
tions (e.g., recording and stimulation) in both the central and
peripheral nervous systems can benefit from low-frequency ME
transducers for mW-level power delivery at short distances (sev-
eral mm) and sub-mW-level power delivery at large distances
(several cm) [56]–[58]. Our future work includes the use of ME
transducers for wireless power delivery to small gastric implants
[57]. In [36], it has been shown that an ME transducer does not
affect MRI scanning, while there could be potential remnant
imaging effects in the vicinity of the ME transducer.

VI. CONCLUSION

A comprehensive study on different characteristics of the ME
transducer as a power receiver in a WPT link was presented.
An analytical model of the ME transducer, consisting of a
piezoelectric bar sandwiched between two magnetostrictive bars
(operating in the L-T mode), was developed describing both
temporal and spatial deformations (the model was also verified

with measurements). Through the modeling and measurement of
9 ME transducers with different dimensions, several effects were
studied: 1) Effect of DC bias magnetic field (HDC) and loading
(RL) on ME resonance frequency (fn) and optimal operation
frequency; 2) Effect of ME transducer dimension and HDC on
the ME quality factor; 3) Effect of HDC, operation frequency,
dimension, and RL on the received power of the ME transducer.
The performance of the ME transducer as a power receiver was
also compared to that of an optimal coil with comparable size
and frequency. By the optimal choice of the ME transducer
dimension, HDC, fn, and RL, the received power by a small
ME transducer can be much higher than that of a coil; especially
in applications that the size and frequency of the receiver need
to be reduced.
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