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A Wireless Batteryless Deep-Seated 
Implantable Ultrasonic Pulser-Receiver 

Powered by Magnetic Coupling
sai chun Tang, Ferenc a. Jolesz, and Gregory T. clement

Abstract—This study tests a deep-seated implantable ultra-
sonic pulser-receiver, powered wirelessly by magnetic coupling. 
A 30-cm energy-transmitting coil was designed to wrap around 
the body, and was driven by a current of 1.2 A rms at a fre-
quency of 5.7 MHz to generate a magnetic field. A 2-cm re-
ceiving coil was positioned at the center of the primary coil for 
receiving the magnetic energy and powering the implantable 
device. A capacitor-diode voltage multiplier in the implant-
able circuit was used to step-up the receiving coil voltage from 
12.5 to 50 V to operate an ultrasonic pulser. FEA magnetic 
field simulations, bench-top, and ex vivo rabbit measurements 
showed that the magnetic energy absorption in body tissue 
is negligible and that the magnetic coupling is not sensitive 
to receiving coil placement. The receiving coil and the power 
conditioning circuits in the implantable device do not contain 
ferromagnetic material, so a magnetic-resonance-compatible 
device can be achieved. A 5-MHz ultrasound transducer was 
used to test the implantable circuit, operating in pulse-echo 
mode. The received echo was amplified, envelope-detected, fre-
quency-modulated, and transmitted out of the rabbit body by 
a radio wave. The modulated echo envelope signal was received 
by an external receiver located about 10 cm away from the pri-
mary coil. The study concludes that operation of a batteryless 
and wireless deep-seated implantable ultrasonic pulser-receiver 
powered by coplanar magnetic coupling is feasible.

I. Introduction

advances in microelectronics and medical technolo-
gies have prompted research efforts on developing im-

plantable devices for diagnosis [1]–[5]. such devices, once 
encased in biocompatible materials, are designed to stay 
in the body indefinitely. In ultrasound, implantable devic-
es have the potential to monitor deep-seated tissues; par-
ticularly those that are unreachable using external devices 
because of proximity to air or bone [6]. This potential has 
motivated a variety of studies on applications of implant-
able ultrasound devices for diagnosis [1]–[4].

one such application is designed for use as a blood-
flow monitor in artificial vascular grafts, to extend the 
life of the graft [4]. This device uses a specially-designed 
transducer embedded in the wall of an artificial graft to 
monitor the graft flow daily and communicate to a physi-
cian if the flow suggests impending failure. another appli-
cation is aimed at monitoring patients with chronic heart 
diseases [1]–[3]. The implantable device in this application 

monitors a patient’s hemodynamic function, such as heart 
chamber volume and blood flow velocity. The ultrasound 
transducer can be positioned close to [1] or inside [2], [3] 
the heart, and is powered by embedded batteries which 
require replacement after several years.

In addition to previously-studied applications, there are 
clearly potential uses that have yet to be realized. one 
such application, which has motivated the present study, 
is the use in monitoring organs after transplant surgery. 
For example, after renal transplantation there is risk of 
acute rejection [8]–[11] or thrombosis of the renal artery 
[12]. acute thrombosis occurs hours or days after surgery; 
kidney rejection commonly occurs within the first few 
weeks after kidney transplantation and is uncommon after 
the first year [9]. Here, implantable ultrasound could po-
tentially be used to detect the diameter decrease (throm-
bosis) or increase of the deep-seated renal artery, which is 
regarded as a sign of acute renal rejection.

arguably, the most challenging aspect of designing a 
deep-seated implantable device is providing a long last-
ing and reliable power source for the device. Percutaneous 
plugs, wires, or conduits can deliver power, but the treat-
ment pierces the patient’s skin and increases the risk of 
infection [13]. another method entails embedding a bat-
tery in the implantable device to avoid the problems asso-
ciated with the percutaneous parts, but the battery could 
be a barrier to device miniaturization [14]. Moreover, the 
lifetime of a battery is limited and a battery replacement 
surgery is required after several years. Wireless energy 
transfer using a transcutaneous transformer is preferred 
for reliability in long-term implantable devices because it 
eliminates the drawbacks of the previous methods [13]–
[18]. However, there are still many difficulties in using the 
transcutaneous transformer, because the magnetic field 
coupling coefficient is diminished by the transformer air 
gap, which is determined by the thickness of the patient’s 
skin and subcutaneous fat [18]. The transformer primary 
coil, positioned outside the body and connected to an ex-
ternal driving circuit, is used to generate a time-varying 
magnetic field. The secondary coil is located inside the 
body and connected to the implantable circuit, which is 
used to receive the magnetic field and convert it to electri-
cal energy for powering the implantable circuit. The two 
coils are coaxial and facing each other, so the magnetic 
coupling coefficient is sensitive to the variation of the coil 
separation and misalignment [15], [16]. Unfortunately, the 
air gap is not constant and the induced voltage at the 
receiving coil varies during operation [18]. Moreover, be-
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cause the magnetic coupling and power transfer efficiency 
of a transcutaneous transformer drop proportionally with 
the coil separation [14], [19], the depth of an implantable 
device could be significantly limited.

In this paper, a different approach is used to deliv-
er sufficient power to operate an implanted ultrasonic 
pulser, receiver, and transmitter. The primary loop is 
designed to wind around the body. The secondary coil 
is positioned on the plane, and at or around the center 
of the primary loop. In this configuration, the secondary 
coil is naturally deep-seated in the body to power the im-
plantable circuit. The diameters of the primary and sec-
ondary coils are 30 cm and 2 cm, respectively. Thus, the 
separation between the two coil wires is 14 cm, which is 
much larger than that provided by commonly used face-
to-face type transcutaneous transformers. This wireless 
approach may provide a long-term and reliable power 
source for implantable ultrasound devices for monitoring 
chronic diseases or acute organ rejection. along with the 
general evaluation of this approach, we introduce a new 
implantable device, which was developed and evaluated 
as part of this study.

The problem of magnetic energy absorption in body 
tissue, which is proportional to the magnetic field frequen-
cy, is considered in the system design. It was found that 
magnetic energy absorbed by body tissue at a magnetic 
field frequency of 12 MHz was 1.5% of the transmitted 
energy [20]. at higher frequencies, the absorption rate is 
higher. In our prototype design, the magnetic field fre-
quency is chosen to be 5.7 MHz with the consideration of 
the bandwidth, linearity, and stability of the rF power 
amplifier, and the limited available values of the low-loss 
capacitors Cr in the lc resonance network in the energy 
receiving circuit. Finite-element-analysis (FEa) simula-
tions and animal experiments are performed to verify the 
energy absorption by conductive body tissue is negligible 
at this frequency and would not significantly affect the 
amount of energy transferred to the receiving coil, such 
that the implantable device could be powered by the pri-
mary with a reasonable current level. The FEa simula-
tion is also used to analyze the magnetic field intensity 

distribution and the receiver coil output signal sensitivity 
to coil placement error.

The receiving coil used in this study has no ferromag-
netic core, and the power converter circuits in the implant-
able device do not contain inductors. This has particular 
importance for magnetic resonance (Mr) compatibility, 
because the implanted device does not contain ferromag-
netic material. This may be contrasted with the use of 
transcutaneous transformers for power delivery.

The operating principle of the implantable device is 
outlined in this paper. The induced voltage at the re-
ceiving coil is converted to the desired voltage levels for 
supplying power to different parts of the device. The op-
erating sequence of the device is determined by a micro-
controller unit. a 5-MHz ultrasound transducer is used to 
convert electrical energy from the pulser to an acoustic 
wave and also to convert the acoustic echo back to an 
electrical signal. The echo signal is amplified, envelope-
detected, frequency-modulated (FM) onto a carrier, and 
transmitted out of the body through a monopole antenna. 
an external receiver circuit is developed to demodulate 
the FM signal. From the recovered signal obtained at the 
external receiver output, an object can be wirelessly moni-
tored and the distance between the transducer and the 
object evaluated.

II. Wireless Energy Transfer and Magnetic Field 
distribution

The wireless energy transfer is based on magnetic field 
coupling from a primary coil that wraps around the hu-
man body to the secondary receiving coil implanted inside 
the body to power the implantable circuit. The secondary 
coil, which is located on or near the plane of the primary 
coil, receives the time-varying magnetic energy and con-
verts it to electrical energy by electromagnetic induction. 
a block diagram of the system is shown in Fig. 1. In the 
diagram, the amplitude modulated (aM) sinusoidal cur-
rent exciting the primary coil is generated by a signal gen-
erator (33250a, agilent Technologies, santa clara, ca) 

Fig. 1. a block diagram of the pulser-receiver system.
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and amplified by an rF power amplifier (240l, Electron-
ics & Innovation, rochester, ny). The carrier frequency of 
the aM signal is set to 5.7 MHz in the prototype system. 
The primary coil has a single turn in an approximately 
circular shape with a diameter of 30 cm and is designed to 
surround the waist of a human body. The coil is made of 
a copper wire with a diameter of 0.5 mm.

The magnetic field intensity expected by the primary 
coil was simulated by FEa using ansoft Maxwell in 3 
dimensions (ansys Inc., canonsburg, Pa). In the simula-
tion, the primary coil wound around a cylinder filled with 
a material that has the same conductivity as physiological 
saline (1.4 s·m−1) [21], to approximate the conductivity 
properties of the human body. a controlled simulation 
experiment with air replacing the conductive material in 
the cylinder was performed to compare the effects of the 
conductivity of human tissues on the magnetic energy 
absorption and energy transfer. The magnetic field was 
simulated in a cylindrical boundary with a diameter of 
1 m and a height of 2 m, and the primary coil was located 
at the middle of the cylinder filled with air. Fig. 2 shows 
the magnetic field intensity, along the coil’s axial (z-axis) 
and the radial (x-axis) directions, induced by the primary 
current of 1 a rms at 5 MHz. Because the magnitude of 
the magnetic field is symmetric about the coil center, the 
plots in Fig. 2 only show the fields in the positive sides 
of the axes. With the controlled simulation, the magnetic 
field plots show that the impact of the conductive tis-
sue on the attenuation of the magnetic field is negligible, 
because the frequency of the magnetic field is less than 
12 MHz [20]. In Fig. 2(a), the maximum magnetic field 
intensity is located at z = 0, i.e., on the plane of the pri-
mary coil, and the magnetic field intensity decreases slow-
ly as z increases from 0 to about 2 cm. When z increases 
further (from about 2 cm), the magnetic field intensity 
reduces rapidly. The field intensity drops from 97% of its 
maximum at z = 2 cm to 35% at z = 15 cm (distance 
equivalent to one radius of the coil). This phenomenon 
implies that optimization of magnetic field coupling, and 
hence energy transferring to the implantable device, can 
be achieved by placing the secondary receiving coil on or 
near the primary coil plane. also, from the result, we can 
see that this arrangement allows a few centimeters of coil 
placement error in the direction normal to the primary 
coil plane.

From the simulation in Fig. 2(b), it is predicted that 
the magnetic field on the plane and around the center of 
the primary coil is relatively even and does not vary sig-
nificantly compared with that near the coil. The variation 
of the magnetic field within a region of 10 cm diameter at 
the center of the primary coil is less than 10%. It is then 
predicted that when the secondary coil is placed on the 
plane and near the center of the primary coil, the coupled 
magnetic field and induced voltage in the receiving coil are 
more predictable and less sensitive to the coil placement 
error in the direction parallel to the primary coil plane.

aligning the primary coil with the receiver coil is re-
quired because the output voltage of the receiver coil drops 

proportionally to the cosine of the angle between the axes 
of the coils. If such alignment is not feasible, three receiv-
ing coils with mutually orthogonal axes could be utilized.

III. Implanted circuit description

A. Energy Receiving

a 2-cm-diameter secondary coil with 5 turns is used to 
receive the magnetic energy and convert it to electrical 
energy. Unlike traditional transcutaneous transformers, 
which utilize ferromagnetic core [18] to transfer energy to 
the implantable devices, the receiving coil used in the pro-
posed implantable device does not utilize ferromagnetic 
material, allowing the implantable device to be Mr-com-
patible. The secondary coil is made of a copper wire with 
a diameter of 0.5 mm, its inductance, measured at 5 MHz 
using an HP4194a impedance analyzer (Hewlett-Packard, 
santa clara, ca), is 802 nH, and its quality factor is 130. 
a resonance technique is used to significantly increase the 
received voltage by connecting a high-frequency, low-loss 
capacitor, Cr, in parallel to the secondary coil as shown in 
Fig. 3. The receiving network resonant frequency, which 
is selected to be the same as the primary current fre-
quency (5.7 MHz) to achieve maximum energy transfer, 
is given by

 f
LC

r
r eq

=
1

2π
, (1)

where Lr is the inductance of the receiving coil, and Ceq 
is the equivalent capacitance of the capacitor Cr in paral-
lel with the resulting capacitance of the voltage converter 
and the junction capacitance of the rectifier diodes. Be-
cause the equivalent capacitance of the voltage converter 
and the rectifier is about 150 pF and the inductance of the 
receiving coil is 802 nH, from (1), the required capacitance 
value of Cr is 820 pF to achieve a resonant frequency of 
5.7 MHz.

B. Power Conditioning

The rectified voltage from the lc resonant circuit is 
about 12.5 V when the receiving coil is placed at the cen-
ter of the primary coil. The supply voltage for the Mos-
FET driver circuit is set to about 8 V. Because the pulser 
circuit requires a voltage level of about 50 Vdc to generate 
a 50 V pulse for the ultrasound transducer excitation, a 
4× voltage multiplier is needed to step up the receiving 
coil voltage. Fig. 4 shows a 2-stage Greinacher cascade 
voltage multiplier that steps up and rectifies the receiving 
coil voltage to about 50 Vdc. other parts of the implant-
able circuit require lower voltage levels. a step-down volt-
age converter made of energy-efficient capacitive voltage 
dividers is used to step down the coil voltage to about 
±6 V (Fig. 5). low-dropout linear voltage regulators are 
used to adjust the voltage to the desired levels for differ-
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ent parts of the circuit. Both the step-up and step-down 
converters are made of simple capacitor-diode networks, 
instead of buck or boost power converters which contain 
inductive components that are generally made of mate-
rial which is not Mr-compatible. Moreover, non-ferrite 
inductors which are Mr compatible are not practical in 
boost converters, and are particularly unsuited for size-

restricted devices, because of their bulky size. rather, in 
the present design, the receiving coil could come into close 
proximity with the primary coil wire. In that configura-
tion, the induced voltage into the receiving coil could be 
significantly larger than normal. To prevent excessive cur-
rent flow, a resettable fuse [22] in series with the resonat-
ing receiving coil can provide protection.

Fig. 2. simulated magnetic field intensity along the (a) axial and (b) radial direction of a 30-cm-diameter current-carrying coil winding around cyl-
inders filled with air and a material that has the same conductivity of physiology saline, mimicking the conductivity of body tissue.
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C. Pulser-Receiver Circuit

The operation sequence of each circuit module in the 
pulser-receiver and the pulser triggering are controlled by 
a microcontroller unit (McU). In the prototype device 
shown in Fig. 3, a low-power consumption 8-bit McU 
Mc9s08 (Freescale semiconductor inc., austin, TX) is 
employed. The pulser is made of two MosFETs in half-
bridge configuration and generates a positive pulse with 
50 V amplitude, 500 ns pulse width, and 10 Hz repetition 
frequency to drive a 5-MHz transducer. The transducer is 
used to convert the electrical pulse to a mechanical wave 
and also converts the ultrasound echo back into an electri-
cal signal. The received signal from the transducer typical-
ly contains several oscillations at the transducer resonant 
frequency confined in an approximately Gaussian-shaped 
envelope. The received signal is amplified by 20 dB using 
an oPa890 operational amplifier in soT-23 package from 
Texas Instruments (dallas, TX) and its envelope is ex-
tracted by an envelope detector. The amplifier is protected 
by a voltage-limiting circuit to prevent it from being dam-
aged by the high-voltage pulse generated by the pulser. 
The echo envelope is then modulated to 125-MHz carrier 
by a frequency modulator using a voltage-controlled oscil-
lator (Vco). The modulated signal is amplified by 35 dB 

using a two-stage rF amplifier and transmitted through a 
monopole antenna with a length of about 4 cm.

D. Time Sequence of the Implantable Circuit

The whole implantable circuit operates inside a high-
frequency current-carrying primary coil which generates a 
magnetic field for power transfer. This field may signifi-
cantly interfere with the received ultrasound signal and 
the rF amplifier in the implantable circuit. To solve this 
potential problem, an idle time window for energy transfer 
is introduced when the ultrasound receiver is in operation. 
Inside this time window, the primary coil current and its 
induced magnetic field are temporarily turned off. The 
length of this time period is determined by the maximum 
detectable distance of the pulser-receiver system. In the 
system design, we set the maximum detectable object dis-
tance to be 15 cm. Because the speed of sound in soft 
tissue is about 1540 m/s, the corresponding time-of-flight 

Fig. 3. a block diagram of the implanted device. labeling of the MosFET switch model is added for completeness.

Fig. 4. a 4× voltage multiplier used in the implantable device to boost 
the receiving coil voltage to about 50 V. labeling of the diode model and 
capacitor sizes is added for completeness.

Fig. 5. a step-down voltage converter used to convert the receiving coil 
voltage to ±6 V for the amplifiers and the microcontroller in the im-
plantable circuit. labeling of the diode model and capacitor sizes is 
added for completeness.
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of the ultrasound signal is about 195 µs. Therefore, the 
operating time period of the ultrasound receiver ampli-
fier, which is the same as the idle time window for energy 
transfer, is set to 200 µs.

as shown in Fig. 3, the timing signals are generated 
by a low-power-consumption microcontroller. The micro-
controller operates continuously when it is supplied with 
sufficient power from the receiving coil. The power con-
sumption of the microcontroller is about 12 mW. a 2.2-
µF ceramic capacitor with a footprint of 1.6 × 0.8 mm2 
is used to maintain a constant voltage during the idle 
time window. The implantable circuit sends and receives 
ultrasound signals 10 times every second and its operation 
is synchronized with the amplitude-modulated primary 
current. Fig. 6 shows the time sequence of each pulsing-
receiving cycle. Each pulsing-receiving cycle is initiated 
by the sync pulse of the aM signal. after the implantable 
circuit is synchronized with the primary signal, the power 
regulators for supplying voltage to the amplifiers and the 
MosFET driver in the implantable device are enabled. at 
200 µs after the regulators are enabled, the pulser is trig-
gered and sends a 50 V pulse to the ultrasound transduc-
er. This 200 µs time period allows the regulator outputs to 
reach the desired voltage levels before the pulser and the 
receiver operates. The voltage regulator for the MosFET 
driver is shut down after sending the pulse to save the 
energy received by the receiving coil. at the same time, 
the echo and rF amplifiers are enabled for 200 µs. This 
200 µs period is the same as the idle time window for the 
energy transfer from the primary coil. during this period, 
the ultrasound receiver picks up the echo signal, amplifies 
and extracts the echo envelope, and the echo envelope is 
frequency-modulated onto a carrier and transmitted out 

to the external base receiver. after this period, the ampli-
fiers and the voltage regulators are disabled once again 
and the capacitors at the rectifier outputs are charged for 
99.58 ms before the next pulsing-receiving cycle.

IV. Base station signal receiver

The rF signal transmitted from the implantable circuit 
is received by a custom-made external base receiver lo-
cated outside of and about 10 cm away from the primary 
coil. a monopole antenna with a length of approximately 
10 cm is used to receive the rF signal. a parallel lc reso-
nant network, which is comprised of an inductor, a fixed 
capacitor, and a variable capacitor, is used to increase the 
amplitude of the signal received from the base receiver 
antenna, as shown in Fig. 7. The resonant frequency of 
the lc network is adjusted to the carrier frequency of the 
modulated rF signal (125 MHz) by tuning the variable 
capacitor. The received rF signal is amplified by 70 dB 
with an rF amplifier and demodulated by a phase-locked 
loop (Pll). The high-frequency noise in the demodulated 
echo envelope signal is filtered out by a low-pass-filter with 
a cut-off frequency of 150 kHz. The echo envelope signal, 
with sufficiently high signal amplitude of 4 V maximum, is 
recovered at the output of the baseband amplifier.

V. Testing and Verification

A. Prototype Testing Setup

The wireless and batteryless pulser-receiver system was 
designed and implemented in-house. Both the implantable 
device and the external base receiver were made of off-the-
shelf electronic components. The circuits were fabricated 
on double-sided printed-circuit-boards with a thickness of 
0.8 mm. surface-mounted components were adopted to re-
duce the size of the implantable device. The dimensions 
of the implantable circuit board (Fig. 8) are about 3 × 
3.8 cm. The implantable pulser was tested with a 5-MHz 
lead zirconate titanate planar ultrasound transducer with 
a diameter of 1 cm. The transducer was air-backed and 
fabricated in a water-proof protective housing. The ultra-
sound transducer was used both to generate an ultrasound 
wave and receive ultrasound echoes. during operation, the 

Fig. 6. Time sequence of the pulser-receiver system.

Fig. 7. a block diagram of the external base receiver.
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receiving coil was placed at the center of the primary coil. 
The external base receiver was about 10 cm outside the 
primary coil. The diameter of the primary coil was 30 cm 
and the wire diameter was 0.5 mm. The excitation fre-
quency of the primary current was 5.7 MHz. The ampli-
tude-modulated primary current was set to 1.2 a rms to 
generate a pulse with 50 V in amplitude at the pulser 
output for the ultrasound transducer excitation. The am-
plitude and the width of the pulse generated by the pulser 
were about 50 V and 500 ns, respectively.

B. Bench-Top Prototype Verification

Fig. 9 shows the measured modulated primary coil 
current waveform, the sync signal demodulated from the 
receiving coil voltage, and the output waveforms of the 
voltage regulators for the amplifiers and the MosFET 
driver in the implantable device. The waveforms were cap-
tured with an oscilloscope (Tektronix, dPo 3034, Beaver-
ton, or). When the microcontroller in the implantable 
device detected a sync pulse signal, it delivered turn-on 
signals to enable the voltage regulators for the amplifiers 
and the MosFET driver. In this prototype, it took about 
120 µs and 25 µs, respectively, for the voltage regulators 
for the amplifiers and the MosFET driver to reach the 
desired output voltage levels. after a 200 µs period in 
which the implantable device was synchronized with the 
primary signal, the primary coil current excitation was 
then disabled for 200 µs. The energy-transfer idle time 
in the latter 200 µs period was intended to diminish the 
interference from the primary current to the ultrasound 
echo signal. The primary coil current resumed after the 
energy transmission idle time (200 µs) to charge up the 
rectifier capacitors for the next pulsing-receiving cycle. 
Meanwhile, the voltage regulators were disabled so that 
the amplifiers, modulation circuit, and the pulser did not 
consume the power being received by the receiving coil. 
When the regulator was disabled, the output voltages of 

Fig. 8. a photograph of the implantable ultrasound pulser-receiver pro-
totype.

Fig. 9. Measured current of the primary coil, sync signal, amplifier supply voltage, and MosFET driver supply voltage in the implantable device. 
The waveforms are replaced with those in which interfering noise sources are eliminated.
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the voltage regulators for the amplifier and the MosFET 
driver were discharged as shown in Fig. 9. The discharging 
rate of the output of the regulator for the amplifiers was 
faster than that for the MosFET driver, because the am-
plifiers shared the same power regulator with the modula-
tor, which did not have an enable/disable function and its 
power consumption was higher than that of the MosFET 
driver.

The system was tested by immersing the transducer in 
a water tank and aligning the transducer in parallel to the 
tank wall. The distance between the transducer and the 
wall was 12.5 cm. The transducer was connected with a 
coaxial cable to the implantable circuit, which was placed 
at the center of the primary coil. The base receiver was 
positioned about 10 cm from the primary coil. The tuning 
capacitor in the LC resonant network in the base receiv-
er shown in Fig. 7 was adjusted to obtain the maximum 
signal amplitude at the rF amplifier output. The center 
frequency of the Vco in the phase-lock-loop was adjusted 
to the carrier frequency of the signal transmitted from the 
implantable circuit. The envelope of the echo signal re-
ceived by the ultrasound transducer was reconstructed at 
the base receiver output and is shown in Fig. 10. The first 
pulse, with a peak of 4 V in the received signal, represents 
the envelope of the clamped pulser voltage in the implant-
able circuit when the transducer was excited with the 
50 V pulse. The envelope of the ultrasound echo reflected 
from the tank wall was detected at 172 µs after the 50 V 

pulse was sent to the transducer. Using a tabulated sound 
speed value of 1482 m/s, the calculated distance between 
the transducer and the tank wall is 12.7 cm, which agrees 
with the measured distance.

The effects of receiving coil placement error in the coil’s 
axial and radial directions were examined. When the sec-
ondary receiving coil was situated on the plane and at the 
center of the primary coil, with their axes more or less 
parallel, the measured dc voltage at the voltage supply 
for the pulser was 50 V. When the receiving coil moved 
5 cm away from the center in the radial direction, the 
measured supply voltage for the pulser varied less than 
5 V. When the receiving coil moved 2 cm away from the 
primary coil center along the coil axis, a voltage drop of 
1.2 V was observed. In other words, the received voltage 
had a secondary coil placement error of 2%/cm in the ra-
dial direction, and 1.2%/cm in the axial direction within 
±2 cm in radial and ±5 cm in axial directions from the 
center of the primary coil.

C. Verification in an Ex Vivo Model

design simulations predicted a negligible effect on the 
power transfer as a result of tissue conductivity. To verify 
this under more realistic conditions, measurements were 
acquired in a rabbit, ex vivo, to test the feasibility of ener-
gy transfer by magnetic coupling via conductive biological 
tissues. In this demonstration, the prototype circuit was 

Fig. 10. Measured envelope voltage of the echo signal measured at the output of the base receiver.
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implanted and then operated inside the body of a rabbit 
(Fig. 11). The whole circuit was protected by a water re-
sistant plastic membrane and placed into the abdominal 
cavity of the rabbit, under the large intestine and small 
intestine, and positioned on the surface of the posterior 
abdominal wall. The primary coil was put around the rab-
bit. The excitation current of the primary coil and the 
transducer setup were the same as those in the bench-top 
measurements. The dc voltage supplied to the pulser was 
measured and its value was found to be similar to that 
recorded in air without implantation. In addition, the en-
velope signal recorded at the output of the base receiver 
was found to be similar to bench-top measurements, as 
shown in Fig. 10.

VI. discussion

This study demonstrated the operation of a deep-seat-
ed implantable ultrasonic pulser-receiver powered wire-
lessly through magnetic coupling. The device starts to 
operate when the secondary coil receives sufficient power 
from the magnetic field generated by the primary current. 
The circuit was tested when the receiving coil was located 
on the plane and at the center of the primary coil. The 
separation between the two coil wires was about 14 cm, 
suggesting that the method can transfer energy wireless-
ly into a deep-seated circuit placed in the body. Because 
such an implantable device would not contain a battery, 
the device could be operated as needed over an indefinite 
period without the need for periodic battery replacement 
surgeries.

The implantable device design uses capacitor-diode 
networks to step up the voltage at the receiving coil from 
12.5 to 50 V, allowing for ultrasound transducer excita-
tion. conversely, networks step down the voltage to about 
6 V, which is then regulated to the desired voltage levels 
for the microcontroller and the amplifier circuits. The use 
of a capacitor-diode network, as opposed to more tradi-
tional buck and boost power converters, eliminates the 
use of ferromagnetic inductors, allowing the implantable 
device to be made Mr-compatible. likewise, the receiv-
ing coil is coreless and made of copper wire, so there is 
no ferromagnetic material involved in the energy-receiving 

circuit. Thus, an Mr-compatible implantable device can 
be achieved with the proposed energy transfer method.

one of the main advantages of using implanted device 
is to improve the signal integrity and the resolution of 
deep-seated tissue detection using a higher-frequency ul-
trasound, which is challenging when applied externally 
because of signal attenuation. The implantable pulser-
receiver device was designed to monitor deep-seated tissue 
or organs that are surrounded by other tissues that high-
frequency ultrasound cannot penetrate efficiently. Though 
not studied here, placement behind bone, including the 
skull bone, during surgery could provide a straightforward 
method for continuous monitoring in areas that are not 
readily accessible to ultrasound because of high beam at-
tenuation [7].

The resonant frequency of the ultrasound transducer 
tested in this study is 5 MHz, so even for a high-q trans-
ducer, selected for efficiency over bandwidth, 1 to 2 mm 
axial resolution would be expected, assuming up to a 
6-cycle pulse length. This would be sufficient to detect 
abnormalities of the renal artery (typically 5 mm-diame-
ter), which are characterized by greater than 50% change. 
Because overall kidney dimensions typically range 100 to 
130 mm long and 50 to 70 mm in width, an exemplar 
10-mm-diameter focused transducer with 75 mm radius 
of curvature, would produce an elongated beam (2-mm 
waist) with peak intensity near the center of the kidney 
(peak at 50 mm, −3-dB 100 mm on-axis). Estimating a 
blood-kidney reflection coefficient of 5%, a 10% scatter-
ing cross-section, tissue absorption of 0.115 np/cm, and 
transducer efficiency of 50%, received signals on the order 
of 1 to 10 mV might be expected in our operation range 
of 50 V. This order of magnitude is much higher than the 
sensitivity of the receiving circuit.

results verified the design simulation’s prediction that 
the magnetic field intensity around the center of the pri-
mary coil does not vary significantly along the coil axis 
and the maximum field occurs on the plane of the primary 
coil. This indicates that locating the receiving coil on the 
primary coil plane could result in optimal magnetic field 
coupling and also allows a few centimeters of coil place-
ment error in the axial direction. These results also show 
that the magnetic field on the plane and around the center 
of the primary coil is approximately homogeneous and 
that the induced voltage at the receiving coil is not sensi-
tive to the placement in the radial direction.

FEa magnetic field simulation also predicted that the 
effect of body tissue conductivity on the magnetic energy 
absorption would be negligible at the operation frequency 
of 5 MHz. This was verified by an ex vivo animal experi-
ment. When implanted inside the abdomen of a rabbit, 
the implantable device displayed results comparable to 
operation in open air.

The operating frequency for energy transfer and the 
repetition frequency of the pulser-receiver were arbitrarily 
chosen in this study. a higher operating frequency for en-
ergy transfer could be chosen with the consideration of 
magnetic energy absorption in body tissue to minimize 

Fig. 11. a photograph showing the ex vivo rabbit experiment.
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the size of the energy-receiving coil. a lower pulser repeti-
tion frequency could also be selected to reduce the power 
consumption of the pulser, receiver, and the rF amplifiers 
to reduce the size of the receiving coil.

The implantable pulser-receiver circuit was implement-
ed on a double-sided printed-circuit board (PcB) with off-
the-shelf components with standard packages for experi-
mental and demonstration purposes. Further work could 
be done on reducing the size of the implantable circuit by 
using a multilayer PcB and implementing some parts of 
the circuit, such as the pulser, amplifiers, and the modu-
lator, into an integrated circuit. likewise, the ultrasound 
transducer could be incorporated into the circuit by, for 
example, using a cMUT design [23]. The size of an op-
timized device could reasonably be on the order of one 
square centimeter.

VII. conclusions

a wireless, batteryless deep-seated implantable ultra-
sonic pulser-receiver is demonstrated in this paper. The 
implantable device is powered by magnetic coupling be-
tween two co-planar coils. The primary coil, driven by a 
5.7 MHz current, is designed to wrap around the body to 
generate magnetic field. The secondary coil is located near 
the center of and in the same plane as the primary coil 
to receive the magnetic energy and convert it to electrical 
energy for powering the implantable circuit. Both FEa 
simulation and experimental results show that the mag-
netic coupling is not sensitive to coil placement in either 
axial or radial directions. an ex vivo rabbit experiment 
was performed to verify the simulation to show that con-
ductive biological tissues do not have obvious impact on 
the attenuation of the magnetic energy transfer, and the 
implantable device operated normally in both bench-top 
and ex vivo conditions.

The implantable pulser-receiver was tested with a 5-MHz 
ultrasound transducer in pulse-echo mode. The received 
echo reflected from the object to be detected was ampli-
fied, envelope-detected, modulated and transmitted outside 
the rabbit body through a radio wave. an external radio 
receiver was used to receive and demodulate the radio sig-
nal and recover the echo envelope. The distance between 
the transducer and the object was evaluated based on the 
arrival time of the echo signal recovered by the external 
receiver, and the evaluated result was consistent with the 
distance measurement. Further work is suggested for min-
iaturizing the implantable device by fabricating parts of the 
circuit into an integrated circuit and minimizing the receiv-
ing coil by increasing the magnetic field frequency with the 
consideration of energy absorption of body tissues.
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