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Abstract—This paper presents a hardware platform including
stimulating implants wirelessly powered and controlled by a
shared transmitter for coordinated leadless multisite stimulation.
The adopted novel single-transmitter, multiple-implant structure
can flexibly deploy stimuli, improve system efficiency, easily scale
stimulating channel quantity and relieve efforts in device syn-
chronization. In the proposed system, a wireless link leveraging
magnetoelectric effects is co-designed with a robust and effi-
cient system-on-chip to enable reliable operation and individual
programming of every implant. Each implant integrates a 0.8-
mm2 chip, a 6-mm2 magnetoelectric film, and an energy storage
capacitor within a 6.2-mm3 size. Magnetoelectric power transfer
is capable of safely transmitting milliwatt power to devices placed
several centimeters away from the transmitter coil, maintaining
good efficiency with size constraints and tolerating 60-degree,
1.5-cm misalignment in angular and lateral movement. The SoC
robustly operates with 2-V source amplitude variations that spans
a 40-mm transmitter-implant distance change, realizes individual
addressability through physical unclonable function IDs, and
achieves 90% efficiency for 1.5-to-3.5-V stimulation with fully
programmable stimulation parameters.

Index Terms—Multisite stimulation, neural stimulation, car-
diac pacing, bio-electronics, implantable device, magnetoelectric,
wireless power transfer.

I. INTRODUCTION

MULTISITE biomedical stimulations that synchronously
modulate activities of specific cells have shown excit-

ing promise in clinical therapies. As two representative exam-
ples, multisite spinal cord stimulation shows the ability to re-
store patients motor function by stimulating different segments
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Fig. 1. Various configurations of the multisite biomedical stimulation: (a)
Implant with integrated electrode or µLED array, (b) Implant with wired
electrodes or µLEDs, (c) TXs and implants pairs and (d) the proposed multiple
implants powered and controlled by a single TX.

of the spine [1], [2], and synchronized multisite cardiac pacing
can modulate contractions of different chambers to treat heart
failures [3]–[5]. To reduce infection risks, surgery complexity,
and restrictions in subject mobility, implantable biomedical
stimulators need to have a miniaturized and untethered form
factor. Moreover, for coordinated multisite stimulation, it is
highly desirable that the system can flexibly deploy stimuli
without leads, synchronize the operations of all the implants,
and easily scale the number of stimulation channels.

While significant progress has been made to develop bio-
implants for multisite stimulation, there remain critical lim-
itations to existing approaches. Equipping an implant with
electrode/LED arrays is a straightforward approach to add
extra stimulation channels [6]–[8], but the deployment of
stimuli is limited by physical dimensions of the device, which
are usually on the millimeter scale (Fig 1 (a)). Another
bottleneck is the fixed channel quantity of the electrode/LED
array, which makes it infeasible to cheaply change the number
of stimulating sites. While attaching leads to the implant
can improve the flexibility of stimuli deployment [9], it may
increase the risk of infection and interfere with the natural be-
havior of subjects (Fig 1 (b)). Recently, a two-site heart pacing
system was proposed with two independently powered and
controlled implants to flexibly deploy stimuli without leads
[4]. However, the implants are inductively powered by two
separate transmitters (TXs) through frequency multiplexing,
as a result, they may face stricter electromagnetic exposure
constraints for power transmission, more challenging device
synchronization, and hence suffer limited capacity to support
more implants (Fig 1 (c)).
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Fig. 2. The proposed implants for coordinated multisite stimulation.

To circumvent these problems, we propose a coordinated
multiple-site bio-stimulating system whose implants are wire-
lessly powered and controlled by a single TX, as illustrated in
Fig 1 (d). Since multiple wireless implants are employed, stim-
uli can be flexibly deployed without device size constraints.
Furthermore, the shared power and control link can signifi-
cantly reduce difficulties in synchronizing all the implantable
devices, improves overall power efficiency of the system and
easily scale the number of stimulating sites. In realizing the
proposed technology, we need to tackle the following major
challenges. First, the wireless power transfer mechanism must
safely and efficiently deliver power to multiple implants deep
inside the body. Second, body-movement-induced variations
of TX-implant distance and misalignment are unavoidable in
practice, especially when powering multisite implants using
a single TX; they lead to varying input voltage and power
for different implants. Lastly, every implant needs to be
individually addressable and programmable with the shared
transmitter for flexible and effective therapies.

To address these challenges, we developed a 6.2-mm3, 30-
mg implantable stimulator with a system-on-chip (SoC) that
exploits magnetoelectric (ME) mechanisms for robust and
efficient wireless powering, programming, and coordinated
stimulation (Fig. 2). The presented stimulation implants fea-
ture: (1) reliable and synchronized operation under 2-V source
variations, demonstrating a tolerance of 40-mm TX-implant
distance variations; (2) robustness against up to 50-degree
angular misalignment, 1.5-cm lateral misalignment with a 3-
cm TX-implant separation; (3) individual addressability and
programmability enabled by on-chip physical unclonable func-
tion (PUF) IDs; (4) 90% efficiency for stimulation with more
than 1.5 V amplitude; and (5) fully programmable stimula-
tion patterns covering 0.3-to-3.5-V amplitude, 0-to-1000-Hz
frequency, 0.15-to-1.2-ms pulse width and 0-to-0.8-ms delay.
These features make the proposed work suitable for clinical
multisite spinal cord stimulation and multisite cardiac pacing,
which usually require large stimulation amplitude (≥ 0.5 V)
[1], [4], [5] and centimeter-scale implantation depth [10], [11]
and stimulating site separation [5], [12].

This paper is an extended version of [13], with more
comprehensive qualitative and quantitative analysis of ME
power transfer to multiple devices, detailed discussions on
circuit implementations, and additional experimental results on
the system robustness. The rest of the paper is organized as
follows: Section II presents the design of the proposed system;
Section III gives detailed implementations of the implant
SoC; Section IV shows the experimental results, including
functional validations, in-vitro tests and in-vivo experiments
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Fig. 3. (a) Conceptual view of multiple ME films in a coil generated magnetic
field and (b) operating principles of the PZT/Metglas-based ME transducer.
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with animal models; Section V concludes this paper.

II. SYSTEM DESIGN

The proposed multisite stimulation system is enabled by
exploiting (1) an emerging wireless power transfer mechanism
using magnetoelectric (ME) effects [14], [15] to safely and
efficiently deliver sufficient power for all the implants at
different locations, and (2) a SoC that reliably and efficiently
interfaces with the ME transducer to deliver consistent, syn-
chronized, and individually programmed multisite stimulation,
under significant motion-induced variations of TX-implant
distance and misalignment.

A. Magnetoelectric Power Transfer to Multiple Implants

Magnetoelectric (ME) thin-film transducers convert low-
frequency alternating magnetic fields into electrical energy via
mechanical coupling between the magnetostrictive (Metglas)
and piezoelectric (PZT) laminates, as shown in Fig. 3 [14],
[22]. Because of the mechanical coupling, a 2x3-mm2 ME
film resonates at merely 330 kHz, while generating a voltage
greater than 7 Vpp when the magnetic field strength is larger
than 5 Oe, with a purely resistive source impedance around
800-Ω. These properties make ME a promising candidate
for efficient and safe wireless power transfer to miniaturized
bio implants with low tissue absorption and reflection [15],
[23], [24]. This work quantitatively studies and exploits the
efficiency, robustness, power limits, and scalability of the ME-
based wireless power transfer to realize the proposed multisite
stimulation system.

1) High Power Transfer Efficiency to Miniaturized Re-
ceivers: The ME voltage coefficient (unit: V/Oe) determining
the ME induced voltage magnitude for a given magnetic field
strength is independent of film width and length; shrinking
film area only changes the resonant frequency and the intrinsic
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TABLE I
COMPARISONS WITH VARIOUS WIRELESS POWER TRANSFER FOR

MM-SIZED RXS.

Mechanism PTE at Depth fcarrier RX Size

ME
(This Work)

1.67% at 10 mm
0.28% at 30 mm 0.33 MHz 6 x 0.2 mm3

Inductive [17] 1.42% at 10 mm 187 MHz 4.4 mm2 (4-Turn)

Inductive [18] 2.04% at 10 mm 144 MHz 8.6 mm2 (2-Turn)

Inductive [19] 3.39% at 10 mm 144 MHz 8.7 mm2 (3-Turn)

Inductive [20] 4.1% at 5 mm 60 MHz 4.9 mm2 (6-Turn)

Ultrasound [21] 0.06% at 18 mm 1.85 MHz 0.52 mm3
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Fig. 5. Illustrations for (a) the ideal alignment; the angular misalignment with
rotations (b) along the Z-axis, (c) in the YZ-plane, (d) in the XZ-plane; and
(e) the lateral misalignment with movement along the X-axis and the Y-axis
in the ME power transfer.

impedance, which are inversely proportional to the film length
and width, respectively [15], [26]. As a result, the ME films
have great potential to maintain good efficiency with minia-
turized dimensions. In comparison with the most relevant low-
frequency magnetic-field-based inductive coupling, the ME
power transfer efficiency (PTE) displays a slower declining
rate with area reduction and outperforms the inductive cou-
pling when the area is below 10 mm2 (Fig 4). The PTE is
defined as the ratio of power received at the receivers (RX coils
or ME transducers) through power consumed by the TX coil.
The ME efficiency reported here is simulated in COMSOL,
and several measurement results of ME film samples are
also added. The inductive coupling curve is simulated and
optimized in HFSS using methods introduced by [16], where
the maximum efficiencies at the optimal operating frequencies
are utilized for fair comparisons. Furthermore, we compare
the ME with various wireless power transfer mechanisms
exploited by recent work for mm-sized RXs in Table I [17]–
[21]. The ME shows comparable or better PTE at a cm-scale
implantation depth but operates at a much lower frequency
than the inductively powered work, resulting in alleviated EM
exposure constraints. This advantage will be further discussed
in the following part.

2) Low Sensitivity to Misalignment: Guaranteeing an ideal
alignment is difficult, especially in the single-transmitter,
multiple-receiver scenarios. Because of this issue, stability
with misalignment becomes an essential consideration in es-
tablishing the wireless link in this work. Near-field inductive
coupling is known to be sensitive to perturbations in orien-
tation when the coils are small [25], [27]. Theoretically, in
a uniform magnetic field, RX coil voltage is proportional to
cos(θ ), where θ is RX’s rotating angle [25]. The ME voltage
is proportional to the magnetic field strength in the direction of
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Fig. 6. Measured normalized ME voltage with (a) angular rotation in the XZ-
plane, (b) angular rotation in the YZ-plane, (c) lateral movement along the
x-axis and (d) lateral movement along the y-axis at three different distances;
angular misalignment sensitivity of ultrasonic [21] and inductive coupling [25]
power transfer are included for comparisons.

the transducer’s long axis. Due to the ME transducer’s physical
characteristics, angular misalignment can happen when the
film rotates along the Z-axis, in the YZ-plane ,or in the XZ-
plane, (Fig 5 (b), (c), and (d)), while the first case will not
affect the voltage owing to the symmetry of the magnetic field.
In addition to these, misalignment can happen when the ME
films laterally move from the TX coil center (Fig 5 (e)).

Because of the high permeability of Metglas, the ME
laminates own significant magnetic flux concentration effect,
which can change the direction of the magnetic flux line inside
the materials and make the angle between the transducer’s long
axis and the flux line smaller than θ [15], [28]. This feature
can alleviate the influences of angle rotations and lead to a
voltage higher than V0×cos(θ ), where V0 is the voltage with
ideal alignment. Here, for a comprehensive study, we measure
the ME voltage when the film rotates in the XZ- or YZ-plane
at different vertical distances from the TX coil, as given in Fig.
6 (a) and (b), in which the function cos(θ ) curve is added for
reference as well. In all conditions, the ME demonstrates a
less-than-20% voltage reduction if angle rotation is smaller
than 60 degrees, and much slower decline rate than cos(θ ).
It also shows less sensitivity to angular misalignment when
compared to state-of-the-art ultrasonic [21] and inductive
coupling [25] power transfer. Effects of lateral movements
of the ME films are studied as well, which show ∼ 20%
reduction in voltage for a lateral distance of 1.5 cm (Fig.
6 (c) and (d)). No substantial difference is observed in the
measurement curves when moving along the x-axis and y-
axis. We will further appraise the misalignment sensitivity of
the proposed devices in Section IV-A.

3) High Power Transmission under Safety Limits: In this
work, the ME films have acoustic resonant frequencies near
330 kHz. The low carrier frequency leads to low tissue
absorption, allowing a more than ten times stronger magnetic
field to penetrate the body without violating the safety limits
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Fig. 7. (a) Illustration for simulation to evaluate the limitations on ME
device distance and (b) simulated magnetic flux density of film A versus
RX separation.

[29] (in comparison with a magnetic field at 13.56 MHz).
As a result, order-of-magnitude higher power can be safely
transmitted deep inside the body through ME compared to the
13.56-MHz near-field inductive coupling. At a 3-cm distance,
the ME film can receive 3.8-mW peak power without safety
issues, while the 13.56-MHz inductive coil at 3 cm obtains
0.4 mW (calculation based on simulations of the maximum
allowed magnetic field strength and power transfer efficiency).

4) Good Scalability: The ME transducers generate voltage
relying on the magnetic field strength and will not affect
the TX’s working conditions. As a result, including more
devices in the system does not require increasing the power
consumption in TX. Thus, the maximum number of ME
devices mainly depends on the dimensions of the region where
devices can reliably work, implant size, and the minimum
distance between implants. Thanks to the strong penetration
and the lateral misalignment robustness of the ME link and
the mm-scale miniaturization of the RXs, the proposed sys-
tem simultaneously achieves a large operating region and a
small implant size, bringing benefits to include more devices.
Considering the ME laminates can concentrate the magnetic
flux, some interactions between the closely placed films may
exist, which may influence the flux density inside the films
and limit the minimum implant distance. To evaluate this, we
conduct a COMSOL simulation, in which we move film B
towards film A at (0, 2 cm), and simulate the average magnetic
flux density inside film A (Fig.7 (a)). While a decrease in
the magnetic flux density of film A is observed when the
spacing is smaller than 8 mm, it is less than 3% and should not
affect the ME transducer’s regular operation (Fig.7 (b)). This
result is consistent with our experimental observations that
no noticeable input voltage changes happen when placing the
ME devices close together. Therefore, the proposed technology
has favorable scalability properties for supporting multiple
implants.

B. Overview of the Implant SoC

The SoC interfaces with the ME transducer to harvest
energy through ME effects. It consists of power management,
control, data recovery and stimulation generation modules to
allow each implant to receive data from the external TX and
generate programmable stimulation.

In the power management, the ME induced voltage is
rectified to Vrect and then converted by an adaptive switched-
capacitor power converter (SCPC). The SCPC generates a
proper voltage and buffers energy on the off-chip capacitor
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for stimulation and provides a high-voltage supply VDD H for
the reference generator and the low-dropout regulator (LDO).
A 1-V supply VDD L is generated by LDO for the control
and data recovery circuitry and a power-on-reset (POR) signal
is triggered when VDD L stabilizes. Supply-invariant reference
voltages for the entire system are generated by a ultra-low-
power reference circuit with a native NMOS and stacked
diode-connected PMOS transistors [30].

The downlink data is modulated through the amplitude
shift keying (ASK) and will be detected and decoded in data
transmission phase by the demodulation circuit, whose input is
the rectified voltage. Considering the settling time of the ME
transducers, 64 resonance cycles are assigned to transmit one
bit for reliable downlink data transfer, resulting in a data rate of
5.16 kbps. The clock recovery circuits extract the global clock
CLKG at 330 kHz from the film transducer and provide timing
references at desired frequencies for other functionalities (10.3
kHz for data recovery and 82.5 kHz for stimulation). A central
controller is in charge of switching the operating phases of
the SoC. It also checks the recovered data with the device
ID to determine whether to update the data stored in the
register file. The accepted data will set the stimulation recipe
by programming the stimulation controller, which contains a
voltage digital-to-analog converter and a finite-state-machine
to provide fully changeable patterns, covering amplitude, pulse
width and delay. Desired stimuli is driven by the stimulation
driver powered by VDD Stim and delivered to the target tissue
through the on-board electrodes.

III. IMPLANT SYSTEM-ON-CHIP IMPLEMENTATION

To achieve the desired coordinated multisite stimulation, we
implement the implant SoC with technical emphasis on adap-
tively and efficiently managing power for low-loss stimulation,
operating with source-variation robustness and synchroniza-
tion among all the implants, and individually addressing and
programming each device.

A. Adaptive Power Conversion and Highly-Efficient Stimula-
tion Generation

Power recovery and stimulation generation should be insen-
sitive to source amplitude variations, especially when using
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multisite implants due to the high degree of variability of dis-
tance and misalignment with the TX. Regulation of stimulation
pulses is also desired to precisely control charge deposition
into the tissue for safety. Furthermore, high efficiency in
generating stimulation can help to alleviate heat generation
of the devices.

Simply generating a high enough supply may ensure suf-
ficient stimulation power even with source variations but
will suffer from huge power loss and thus heat dissipation
(Fig. 9 (a)) [21]. Alternatively, unregulated voltage stimula-
tion by directly driving electrodes with charged capacitors is
efficient (Fig. 9 (b)) [31]. However, it sacrifices precise control
of stimulation pulse width and waveform, which are important

for stimulation effectiveness and safety [32], [33], and the
capacitor bank may occupy a large area. Previous work demon-
strated regulating the stimulation with low power loss through
real-time electrode voltage sensing [34]. However, complex
implementation and high power consumption might be added
by the feedback and reconfiguration loop (Fig. 9 (c)). Here,
we propose a design to adaptively recover power to improve
stimulation efficiency, where the same reference controls the
generation of stimulation supply and amplitude, as shown in
Fig. 9 (d). The supply voltage is set to be 10% higher than
the stimulation amplitude, which ensures a 90% efficiency
with good regulation. The voltage reference can be simply
programmed by the downlink data with low overhead.

The adaptive power converter employs a switched-capacitor
topology with a core of 4X charge pump, which ensures
sufficient supply for stimulation even with low input voltage
(Fig. 10 (a)). A ring oscillator generates a 900-kHz clock
for the power converter. Regulation of the stimulation supply
is realized by disconnecting the energy storage capacitor
Cstore from the power converter. Considering the charging and
discharging of Cstore is slow due to the large capacitance, low-
speed clock CLKL is utilized in the charging controller for
low-power design. The always-on voltage selector connects
the output to the higher one of the rectified voltage Vrect and
the stimulation supply VDD stim. It not only enables cold startup
using Vrect but also guarantees that the system has a sufficient
voltage source, especially when the ME voltage amplitude
changes for ASK modulation.

The stimulation driver adopts a LDO-based structure with
high-speed amplifiers, as shown in Fig. 10 (b). Those am-
plifiers are only powered in stimulation phase, consuming
negligible power in comparison with stimulation. Considering
that the amplifiers require proper supply to maintain good
performance and device heating is not a substantial problem in
low-power stimulation, the minimum supply of the stimulation
driver is set as 1.5 V. As a result, stimulation holds less than
10% power loss in 1.5-to-3.5-V voltage range. The driver can
work in either monophasic or biphasic mode programmed by
the downlink data. While monophasic pulses may lead to a
lower threshold and shorter latency, the biphasic stimulation
can balance charge and prevent undesired electrochemical re-
actions on electrodes [35]. After each stimulus, the electrodes
are shorted to remove the residual charge for stimulation
safety.

B. Synchronized Operation with Robustness

To realize synchronization, we adopt a strategy that the
operation of all the implants are fully controlled by a shared
TX. The command to switch the implant’s operating phases
is represented as the absence of the magnetic field. This
absence can be a 100-µs short notch. In one operating cycle,
the first notch signifies the beginning of data transmission,
and the second one triggers the generation of the stimulation
(Fig. 11 (a)). This notch-based control scheme is robust
with TX-implant distance changes and misalignment, since it
disregards the received voltage of each device, ensuring all the
implants to work in the same phase. To detect these notches,
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outputs of the 4-input comparators in the active rectifier [36]
are reused as watchdog signals WDa and WDb, as shown in
Fig. 11 (b). The comparator outputs track the envelope of Vrect
during the charging and become zero if the the magnetic field
is absent, in which case the ME induced voltage disappears
and the rectifier stops charging the load.

Meanwhile, the global clock signals of all implants are
recovered from the same source to provide synchronized
process-invariant timing references for data sampling and
stimulation, as illustrated in Fig. 12 (a). Like inductive coils,
the ME films also have a ring-up behavior that requires nearly
15 response cycles to settle to the desired voltage when the
magnetic field resumes. Consequently, the source amplitude
might be small during ramping up, especially for those films
far from the external TX, introducing challenges in recovering
clocks for all the implants at the same time. Fig. 12 (b) shows
when turning the magnetic field on, the voltage of a film that
is 4-cm away from the TX can be as small as 160 mV.

In order to avoid missing any clock cycles, the comparator
here is designed with PMOS as input transistors, achieving a
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high sensitivity when the input amplitude is low. As shown in
Fig. 12 (c), it successfully detects the voltage difference of a
100-mV source and generates pulses at 330 kHz as expected.
The pulses may be produced at a different time due to the
dependence on source amplitude, leading to potential phase
variations in the clocks of implants at various positions. The
worst case is that one implant generates its first clock pulse
when the phase of the ME sinusoidal output is close to 0
degrees while another implant starts recovering the clock when
ME voltage reaches the peak of a single cycle. However, even
considering the worst case, the timing difference between these
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two clocks is merely 0.75 µs, i.e., a quarter of the carrier
period. It is negligible compared to the pulse width of a single
data bit and the minimum stimulation pulse duration, which
are 194 µs and 50 µs. The simulation results in Fig. 12 (d)
show that the clock can be correctly extracted with a source
amplitude as low as 90 mV in five process corners. To further
ensure the clocks for data recovery and stimulation generation
are synchronized among all implants, the frequency divider
is reset at the beginning of data transmission and stimulation
phases.

C. PUF Enabled Individual Programming

Individually programming each implant is critical for effec-
tive and flexible stimulating therapies. To achieve this with a
shared TX, we design a data packet containing 8-bit ID for
device addressing (Fig. 13 (a)). The data packet also has a
preamble for autonomous demodulation threshold calibration
to enable successful data recovery with different ME voltages
and a 19-bit data payload to calibrate the voltage reference
affected by the process variations and program the stimulating
settings. The demodulation threshold is extracted by a low-
pass filter and a track-and-hold circuit. Once the data is
recovered, the update controller will check the received ID
against the on-chip ID to decide whether to accept the new
payload data (Fig. 13 (b)).

The on-chip 8-bit ID is realized with CMOS physical
unclonable functions (PUF) instead of non-volatile memory.
The PUF leverages transistor intrinsic variations to cheaply
generate and store device-specific IDs. Fig. 14 (a) gives the
design of the PUF cell adopting an inverter chain based
topology and a native NMOS for the local supply regulation
of 0.8 V [37]. In the simulation with 0.85-to-1.25-V VDD L,
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the PUF cell’s virtual supply changes from 0.792 V to 0.807
V, demonstrating robustness against large supply voltage fluc-
tuations. Instead of using a level shifter, a skewed inverter
built by a I/O PMOS and a core NMOS is utilized in the
PUF cell to properly convert the voltage level within an ultra
compact area. Based on 5,000 simulation iterations, its output
demonstrates same 50 percent of ”0” and ”1”. Thermal noise
may flip the PUF cell’s output and affect the bit stability. As a
solution to this, we adopt the temporal majority voting (TMV)
technique in the 8-bit PUF circuit to ensure its reliability
(Fig. 14 (b)). Because of the narrow operating temperature
range required by the target applications and the adopted native
voltage regulation, a 15-cycle TMV is sufficient to filter out
the flipping error of each cell caused by thermal noise, as
illustrated in Fig. 14 (c). Signal Y represents the final output
of the PUF cell with the filtered flipping errors and will be
sampled by RW after each TMV cycle. RW also resets the
counting circuitry that is shared by eight PUF cells to save
the occupied area. The ID generation is triggered by the POR
signal at a steady supply, ensuring correct generation when the
system turns on. It is clock gated after the IDs are loaded to
registers, making the power consumed by the PUF negligible
in the entire system.

IV. EXPERIMENTAL RESULTS

The implant’s SoC is fabricated in TSMC 180-nm CMOS
technology with a 0.8 mm2 area (Fig. 15 (a)). We conduct all
the tests with the custom TX consisting of a portable magnetic
field driver (Fig. 15 (b)), a 6-cm 10-µH TX coil to generate the
330-kHz alternating magnetic field (Fig. 15 (c)), and a 12.3-
cm3 permanent magnet for the DC biasing magnetic field.
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A. Functional Validations of the Proposed System

Fig. 16 shows the measured operating waveform of the
implant. The stimulation supply VDD stim is charged up and
regulated to 2.75 V by the adaptive voltage converter, then
drops to 2.15 V after powering the 2.5-V, 1.2-ms biphasic
stimulation pulse with 1-kΩ load. The implants demonstrate a
wide programmable amplitude range from 0.25 V to 3.5 V
with 4-bit resolution in Fig. 17. Thanks to the adaptive
voltage conversion for the stimulation supply, 90% stimulator
efficiency (= (stimulation amplitude × simulation current) /
(stimulator supply × simulator current)) is achieved when
the stimulation amplitude is larger than 1.5 V. The SoC
merely consumes 9 µW without stimulation generation. When
conducting high-power stimulation at therapeutic frequencies
(20 - 200 Hz) [14], the entire system’s power is dominated
by the average stimulation power (= PStim × Pulse Width ×
Frequency), resulting in maximum efficiency of around 90%
of the whole system. To test the implant’s robustness against
source variations, we intentionally change ME film voltage
(VME) by altering the magnetic field strength. It is verified by
Fig. 18 that the implant maintains its operation with maximum
stimulation amplitude of 3.5 V under 1.5-to-3.5-V ME source
voltage variations, demonstrating reliability of the system.

To validate the system’s capabilities of individual addressing
for coordinated stimulation, we use a single TX to power
and program multiple implants placed at different distances
of 15 mm and 25 mm. Stimulating patterns of the implants
A and B are separately programmed in different operating

 

60 70 80
Plane (º)

0.01

0.1

 P
ea

k 
P

T
E

 
 

60 70 80
Plane (º)

0.1

1

 P
ea

k 
P

T
E

 (
%

)

20
Lateral Distance to Coil Center (mm)

  

0.01

0.1

1
 P

ea
k 

P
T

E
 (

%
)

0.01

0.6
0.8

1
1.2
1.4
1.6

 

V
re

ct
 (

V
)

0 10 20 30 40 50 60 70 80
Angle Rotation in the XZ-Plane (º)

0.01

0.1

1

 

 P
ea

k 
P

T
E

 (
%

)

Tolerance > 50º 
(Vrect > 1.4V)

(a)

0.4
0.6
0.8

1
1.2
1.4
1.6

 

0 10 20 30 40 50 60 70 80
Angle Rotation in the YZ-Plane (º)

0.1

1

 P
ea

k 
P

T
E

 (
%

)

V
re

ct
 (

V
)

Tolerance > 40º 
(Vrect > 1.4V)

0 10 20
0.6
0.8

1
1.2
1.4
1.6

Lateral Distance to Coil Center (mm)

  

0.01

0.1

1

 P
ea

k 
P

T
E

 (
%

)

V
re

ct
 (

V
)

Tolerance > 1.5cm 
(Vrect > 1.4V)

Y

Z

X
Y

Z

Lateral 
Misalignment

X

Z

Implant

Implant

Implant

TX Coil

(b)

(c)

0.01

Fig. 21. Tests of implant’s operation with (a) angular misalignment in the XZ-
plane, (b) angular misalignment in the YZ-plane and (c) lateral misalignment.
All tests are conducted at 30 mm away from the TX.

cycles by the downlink data containing corresponding device
IDs (11010111 for implant A and 01111000 for implant B).
Fig. 19 shows that stimulation amplitude of the implant A is
changed from 1 V to 2 V without affecting the stimulation
generated by the implant B. Since data transferred in the
allocated cycles for the implant B does not alter, stimulation
of the implant B maintains a voltage of 2 V as expected. In
this procedure, powering multiple implants does not add extra
power consumption to the TX, which means higher system
efficiency can be reached by involving more devices.

To account for the uncertainties in implantation, such as
variances in device placement during surgery and tissue move-
ment over time, the implants are supposed to be robust against
varying TX-RX distance and misalignment. In order to assess
this, we test the devices at different distances from the TX
with angular and lateral misalignment, as shown in Fig. 20
and Fig. 21. Since perturbations in distance and alignments
can affect the power link stability, the received voltage Vrect is
reported here as an indicator, whose insufficiency may cause
failures in operation. Plots of measured PTE in these cases
are included as well for channel quality evaluation. As shown
by Fig. 20, the implants can reliably operate with a source
amplitude as low as 1.5 V, demonstrating tolerance of 40-
mm TX-implant distance change; The highest power transfer
efficiency of 1.03% is achieved when the implant is at the
center of the TX coil with ideal alignment. In tests of angular
misalignment sensitivity that are conducted at 30 mm from
the TX coil, contributed by ME and robust SoC design, the
proposed devices demonstrate robustness against a 50-degree
angle rotation in the XZ-plane (Fig. 21 (a)) and a 40-degree
angle rotation in the YZ-plane (Fig. 21 (b)). Additionally,
Fig. 21 (c) demonstrates that the implantable devices are
capable of operating with a 1.5-cm lateral misalignment, when
the TX-implant distance is 3 cm.



IEEE JOURNAL OF SOLID-STATE CIRCUITS 9

Implants with
Testing Pins 

Porcine Tissue

Magnetic 
Driver

Diameter: 6cm
Turns: 15

Porcine Tissue 
Thickness: 2cm 30

X (mm)10 20 30

10

20

Y (mm)

TX Coil

Lateral & Longitudinal 
Operating Distances

40

40

TX Coil

Osciloscope

Power Supply AFG

6cm

(a)

(b)

Implants with
Testing Pins 

Porcine Tissue

Magnetic 
Driver

Diameter: 6cm
Turns: 15

30

Lateral 
Distance 

(mm)

10 20 30

10

20

Longitudinal Distance (mm)

TX Coil

40

40

TX Coil

Osciloscope

Power Supply AFG

6cm

(a)

(b)

Operating Space

Porcine 
Tissue 

(20,22.5)

(15,30)

Implants with
Testing Pins 

Porcine Tissue

Magnetic 
Driver

Diameter: 6cm
Turns: 15

Porcine Tissue 
Thickness: 2cm 30

10 20 30

10

20

Longitudinal Distance (mm)

TX Coil

Operating Space
40

40

TX Coil

Osciloscope

Power Supply AFG

6cm

(a)

(b)

Lateral 
Distance (mm)

Fig. 22. (a) In-vitro test setup and (b) shmoo plot showing the operating
space with the porcine tissue.

Stim.:A

Stim.:B

Stim.:A
1.2ms

1.2ms

0.6ms

3.25V

1.5V

2.5V

1.5V

Stim.:A

1.2ms

0.8ms

1V

3.25V

0.4ms

1.2ms

3.25V

1V

Stim.:B

0.6ms

Stim.:B

Stim.:A

Stim.:B

(a) (b)

Fig. 23. Measured (a) synchronized stimulation without delay and (b)
stimulation with programmable delays of two implants in-vitro.

B. In-Vitro Tests and Safety Analysis

To evaluate the proposed devices’ performance in biological
tissue, we performed in-vitro tests with a 2-cm thick porcine
tissue as a medium (Fig. 22 (a)). The implants can receive
sufficient power transmitted through the porcine tissue and
reliably operate with a TX-implant separation up to 3.5 cm
(there is a gap of air between the TX and the implants when
the longitudinal distance is greater than 2 cm). In addition,
they can operate at a 3.5-cm lateral distance if the ME films
are close to the TX coil (around 5mm) and tolerate a 1.5-
cm lateral misalignment when they are 3 cm away from the
TX (Fig. 22 (b)). Synchronized stimuli of multiple implants
powered by a shared TX with programmable amplitudes, pulse
width, and start delays are also demonstrated in-vitro, as given
by Fig. 23.

To analyze the EM exposure safety of the system for
implantation, the specific absorption rate and the electric field
induction in a coil-generated 330 kHz magnetic field are
studied in COMSOL. A multiple-layer human tissue model
consisting of skin, fat, muscle and bone is built for this
analysis. With the coil dimension in our TX, a magnetic
strength of 0.1 mT, which is enough to sustain implant’s

Bone

3.16

Muscle

Skin+Fat

Air

1.00

0.32

0.10

0.032

mT

0.1mT

Simulated
IEEE Standard 

(Unrestriced)

Simulated

(Localized)

IEEE Standard 

(Unrestricted)

Skin 67.1 0.00913

Fat 56.2 0.15

Muscle 36.6 0.51

Bone 10.6 0.00819

Max. Electric Field (V/m)

69.05

(IEEESTD.

2019.8859679)

Max. SAR (W/kg)

2

(IEEESTD.

2019.8859679)

Fig. 24. Local safety analysis of the coil-generated 330-kHz magnetic field
in COMSOL, a 0.1-mT field strength at 60-mm depth is achieved with safety
constrains.

0

200

400

600
Stimulation

On

10sec10sec 10sec
0 100 200

Δ
F

/F
 (

%
)

Time (s)

Hydra 
GCaMP7b 

Fluorescence

Permanent 
Magnet (Bias)

Implants

Microscope

Objective
Stereotrode

TX 
Coil

(a)

0 1.2

-3.5

0

3.5

V
o

lt
ag

e 
(V

)

Time (ms)
0.6 1.8

1.75

-1.75

0 100 200

 Hydra A
 Hydra B

Spontaneous
Contractions 

0

200

400

600

Δ
F

/F
 (

%
)

(b)

(c)

Fig. 25. (a) Experimental setup of the Hydra test, (b) waveform of the applied
stimulation pulse and (c) synchronous muscle activation in response to the
electrical stimuli.

functionality, can be achieved at 60 mm without violating
IEEE safety standards in the body model (Fig 24). In our
experiments, we use a smaller power TX and demonstrate a
maximum TX-implant distance of 40 mm in air with margins
on safety limits. This simulation result also suggests that larger
distance up to 60 mm is feasible, which could be useful for
applications requiring large implantation depth, such as the
cardiac pacing.

C. In-Vivo Experiments

1) Hydra Experiments for Muscle Stimulation: To further
assess the system’s bio-stimulation capability, we test this
work with Hydra vulgaris as a model for coordinated muscle
stimulation, using the experimental setup shown in Fig. 25 (a).
Considering the millimeter size of these animals, we use
stereotrodes attached to the device to precisely deliver stimuli
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TABLE II
COMPARISONS WITH STATE-OF-THE-ART BIOMEDICAL STIMULATING SYSTEM AND COMMERCIAL STIMULATORS

This
Work

ISSCC 16
[6]

ISSCC 18
[7]

Nat.
Commun. 19

[9]

Scientific
Reports 20

[4]

Nat. Biomed.
Eng. 20

[21]
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Leadless

Pacemaker [38]

Commercial
Dual-Chamber
Pacemaker [39]
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Application

Spinal Cord,
Cardiac

Spinal
Cord Brain Cardiac Cardiac Peripheral

Nerve Cardiac Cardiac

Process (nm) 180 180 350 N/A 180 65 N/A N/A

Power Source Magnetoelectric Inductive Inductive Inductive Inductive Ultrasonic Battery Battery

Carrier Freq. (MHz) 0.33 2 60 13.56 13.56, 40.68 1.85 N/A N/A
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Multi. Implants
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Electrodes
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Two Implants N/A N/A Wired
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Max. Stim. Amp.
/ Resolution

3.5 V /
4 bits

0.5 mA /
7 bits N/A 3 V /
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SoC Power (µW) 9 864 300 N/A 3 4 N/A N/A

Chip Area (mm2) 1 x 0.8 5.7 x 4.4 1 x 1 N/A 0.85 x 0.45 1 x 1 N/A N/A

Implant Size (mm3) 6.2 500 12.2 N/A 10.1 1.7 800 16050

Max. TX-Implant
Distance (mm) 40 N/A 7 30 60

66 (Min.
Distance: 42) N/A N/A

Max. Distance
/ Implant Size 6.45 N/A 0.57 N/A 5.94 38.82 N/A N/A
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Misalignment
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Fig. 26. (a) Illustration of the rat experiment and (b) EMG responses of the
rat with 3-V and 1-V stimulation amplitude.

to individual animals. While Hydra naturally express voltage-
gated ion channels making their tissue electrically excitable
[40], we use a transgeneic line that expresses a calcium-

sensitive fluorescent protein (GCaMP7b) to visualize stimu-
lation of epithelial muscle cells [41]. To model synchronous
stimulation of muscle tissue as is necessary in biventricular
cardiac pacing, we use two nearby animals to demonstrate
simultaneous stimulation of motes at varying heights with a
single transmitting coil. Hydra are known to have spontaneous
and often asynchronous contractions. In order to synchronize
the muscle contractions, herein, we provide 3.5 V, 20 Hz,
1.2 ms pulse width, biphasic stimulation pulse trains to
synchronize the Hydra’s muscle contractions (Fig. 25 (b)).
The synchronous stimuli results in GCaMP7b fluorescence
increases greater than 200% that demonstrates activation of
the voltage-gated ion channels resulting in stimulus aligned
epitheliomuscle contractions at the same time in both organ-
isms, as shown in Fig. 25 (c).

2) Rat Experiments for Nerve Stimulation: The device is
also validated in vivo with rat as a model for nerve stimulation
(Fig. 26 (a)). The rat is anesthetized using 5% isoflurane
in oxygen before being transferred to a heated pad and 2%
isoflurane in oxygen for the subsequent surgery to expose the
sciatic nerve. Two electromyography (EMG) needle electrodes
are placed in the rat’s foot with a third reference needle placed
in the shoulder region to record any resulting muscle activity.
The TX is placed out of the body and aligned to the implanted
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device at around 2 cm. The implant is encapsulated with
parylene C coating. To demonstrate programmability, varying
charge injection can allow stimulators to recruit a different
number of muscle motor units. We apply 1.2 ms, 3 Hz biphasic
stimulation with different amplitudes through the wirelessly
powered implanted device to the rat’s sciatic nerve and then
observe and record any resulting leg kicks and corresponding
EMG signals. When various stimulation voltages are applied,
we observe graded responses in the intensity of the rat leg kick
with EMG of the plantar muscles. As shown in Fig. 26 (b),
the EMG response with 3-V stimulation pulses shows a much
stronger magnitude than that with 1-V stimulation pulses.

D. Performance Summary and Comparison

As given in Table II, in comparison with state-of-the-art
for biomedical stimulation [4], [6], [7], [9], [21], this work
proposes a novel multisite stimulation strategy of using a
single TX to power and control multiple implants, which si-
multaneously achieves flexible deployment of stimuli, leadless
structure, synchronized device operation and highly scalable
channel quantity. Each implant is individually programmed
through ID check with the PUF IDs and efficiently generates
stimulation with fully programmable parameters covering am-
plitude, frequency, pulse width and delay. In comparing the
figure-of-merit of the ratio between the maximum distance
and the implant volume [21], the proposed ME implants show
a better value than these inductively powered state-of-the-arts
[4], [7]. While the ultrasonic device can operate at a larger
distance, it requires a minimum TX-implant separation of
around 4.2 cm [21], tolerating smaller distance variations and
probably limiting its applications. In addition, [21] shows a
higher sensitivity to lateral misalignment than the ME device.
Compared to the mostly advanced commercial pacemakers
[38], [39], the proposed devices show comparable pacing
capability with batteryless structure and significantly smaller
volume and weight, making them more advantaged in wireless
coordinated cardiac pacing.

V. CONCLUSION

In conclusion, this work presents a proof-of-concept demon-
stration of multiple millimeter-sized implants remotely pow-
ered and controlled by a single TX for coordinated multisite
bio-stimulation. Compared to previous work exploiting inte-
grated electrode array, wired electrodes or frequency mul-
tiplexed TXs-implants pairs, the proposed novel single-TX
multiple-implant strategy realizes more flexible stimuli deploy-
ment, easier synchronization, higher efficiency and improved
scalability. Magnetoelectric wireless power and data link is
adopted and optimized in this work, because of its good
efficiency under size constrains, low misalignment sensitivity
and low tissue absorption in power delivery. The robust and ef-
ficient SoC design enables the implants to operate reliably with
a 2-V source amplitude change, perform individual program-
ming through PUF IDs, and generate synchronized stimulation
with a maximum efficiency of 90% and fully programmable
patterns. The implantable devices hold robustness against 50-
degree angular misalignment and 1.5-cm lateral misalignment

at a 30-mm implantation depth. These key features bring great
advantages to the proposed work for clinical applications.
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