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Abstract—This paper presents the first wireless and pro-
grammable neural stimulator leveraging magnetoelectric (ME)
effects for power and data transfer. Thanks to low tissue
absorption, low misalignment sensitivity and high power transfer
efficiency, the ME effect enables safe delivery of high power
levels (a few milliwatts) at low resonant frequencies (~ 250
kHz) to mm-sized implants deep inside the body (30-mm depth).
The presented MagNI (Magnetoelectric Neural Implant) consists
of a 1.5-mm? 180-nm CMOS chip, an in-house built 4 x
2 mm ME film, an energy storage capacitor, and on-board
electrodes on a flexible polyimide substrate with a total volume
of 8.2 mm>. The chip with a power consumption of 23.7 pW
includes robust system control and data recovery mechanisms
under source amplitude variations (1-V variation tolerance). The
system delivers fully-programmable bi-phasic current-controlled
stimulation with patterns covering 0.05-to-1.5-mA amplitude, 64-
to-512-ys pulse width and 0-to-200-Hz repetition frequency for
neurostimulation.

Index Terms—Wireless neurostimulator, implantable device,
bioelectronics, magnetoelectric effect, wireless power transfer

I. INTRODUCTION

EUROSTIMULATION holds significant promise as a
Ntool to modulate nerves for both neuroscience research
and clinical therapies. Peripheral nerve stimulation (PNS) is
a common approach to treat neuropathic pain. For example,
devices can be implanted to deliver electrical pulses to the
spinal cord, which can help prevent pain signals from reaching
to the brain [1], [2].

A fundamental challenge in developing miniature neural im-
plants is delivering power to devices inside the body. The use
of a wired power supply causes failures for neural implants,
as lead wires increase the risks of infections, restrict device
deployment and affect subject mobility [3], [4]. Batteries add
considerable weight and increases device footprint [5]. They
are also required to be replaced or recharged frequently, which
limits their long-term clinical applications. Compared to wired
or battery powered implants, wirelessly powered battery-free
neural stimulators have the potential to provide less invasive,
longer lasting interfaces to nerves. Ideally, these implants
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Fig. 1. Conceptual diagram showing a wearable spinal cord neurostimulation
system for pain relief, the implant is remotely powered via magnetic fields.
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Fig. 2. Comparison of wireless power transfer modalities for bioelectronic
implants. (RF: radio-frequency field. NF: near-field inductive coupling. US:
ultrasound. OP: optoelectronics. MT: magnetothermal nanoparticles. ME:
magnetoelectric effects.)

would be programmable so that they can be reconfigured to
suit user needs. Fig. 1 illustrates the concept of the proposed
spinal cord stimulation system. The wireless implant receives
power and data from the portable battery powered transmitter
(TX) via magnetic field; the microcontroller, magnetic field
driver, and the battery are assembled in a wearable belt.
While various wireless neural implants exploiting radio-
frequency (RF) electromagnetic (EM) [6], [7], inductive cou-
pling [8]-[16], ultrasonic [17]-[21], and optical [22], [23]
power transfer have been reported, achieving safe and reliable
wireless power transfer with the size and power constraints
to neural implants is still challenging. Existing technologies
cannot simultaneously satisfy all the desired properties as
summarized in Fig. 2. Radio-frequency EM waves are capable
of delivering power to implants deep in the tissue [6], [7].
However, they wrestle with size limitations of the receiver’s
antenna since efficient power delivery with electromagnetic
waves requires antenna sizes comparable to the wavelength.
Higher frequency RF is necessary for mm-scale implants,
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Fig. 3. Illustrations of the proposed neurostimulation implants.

but suffers from higher tissue absorption [24], limiting the
amount of power that can be safely delivered. Near-field
inductively coupling has been well developed in wireless
power transfer [8]-[16]. It has less tissue absorption than
RF because of the lower operating frequency. However, its
power delivery is sensitive to perturbations in the distance
and angle, especially when the coil is small. Ultrasound is
another promising method to further reduce implant size and
body absorption [18]-[21]. Compared to inductively coupled
coils, its efficiency is more robust to the source-receiver
misalignment [25]. However, it must overcome significant
path loss caused by reflections at the boundaries between air,
bone and tissue, which have different densities and acoustic
properties. To alleviate the reflection between the air and the
body, ultrasound gel is typically required for the transmitter.
The need for frequent replacements of the ultrasound gel
and the need for the transmitter to be in contact with the
skin can be inconvenient and unreliable for long-term clinical
treatments. Further, the gel cannot mitigate the in-body path
loss, which is 22-dB cm™! MHz ! in the skull [26]. Optical
power delivery is also advantageous in the miniaturization of
neural implants [22], [23], but it suffers energy loss due to
scattering and may have difficulties in supporting the neural
stimulation with higher power requirements.

Among the various modalities of wireless power transfer,
low-frequency magnetic field is believed to be one of the
best mechanisms to safely deliver power deep inside body,
because of its low absorption and strong penetration. Re-
cently, magneothermal deep brain stimulation using magnetic
nanoparticles has been demonstrated by [27]. However, the
system has limited capabilities because of difficulties in the
integration with other bio-electronics, especially with CMOS
based devices. As an emerging alternative approach for im-
plants [28], [29], magnetoelectric (ME) power transfer has
several key merits, including: (1) low tissue absorption owing
to the low carrier frequency; (2) less sensitivity to changes in
the alignment (in comparison with inductive coupling); and
(3) high output power and efficiency with miniaturization,
which will be further discussed in Section II. The first use
of ME laminates for wireless neural stimulation was recently

demonstrated by Singer et al.; however, this proof-of-concept
The first use of ME laminates for wireless neural stimulation
was recently demonstrated by Singer et al. [29]; however, like
some other analog neural stimulators [11], [27], this proof-of-
concept lacks stable control of the stimulation parameters and
thus is highly sensitive to changes of coupling between the TX
and the implants. For clinical applications, the stimulation tim-
ing and amplitude must be well controlled and programmable
by the user to ensure the safety and reliability of the stimulator.
Furthermore, due to the lack of complex functionalities, such
as energy storage and charge balancing technique, this work
has difficulty in providing large power stimulation pulses
and eliminating residual charge. Therefore, there is a critical
need to create wireless neural stimulators that simultaneously
achieve clinical safety, miniaturization, operation reliability
and flexibility, and programmable stimulation parameters.

To meet all the desired properties and circumvent problems
mentioned above, we present MagNI (Magnetoelectric Neural
Implant), the first untethered and programmable neural stimu-
lator exploiting ME effects, which integrates a 1.5 mm? 180-
nm CMOS system-on-chip (SoC), an in-house built 4 mm
x 2 mm ME film, a single energy storage capacitor, and 1-
mm? on-board electrodes on a flexible polyimide substrate, as
shown in Fig. 3. The proposed device features: (1) a miniature
physical dimension of 8.2 mm? and 28 mg, (2) adaptive system
control and data transfer mechanisms robust under source
amplitude variations, (3) a 90% chip efficiency due to its
low static power down to 23.7 uW, and (4) the capability
to perform fully programmable bi-phasic current stimulation
covering 0.05 to 1.5 mA amplitude, 64 to 512 ps pulse width,
and 0 to 200 Hz frequency ranges, making it appropriate for
spinal cord stimulation to treat chronic pain.

This paper is an extended version of [30]. The rest of the pa-
per is organized as follows: Section II provides the qualitative
and quantitative analysis of safety, misalignment sensitivity
and efficiency for the ME power transfer for miniaturized
neural implants, which are merely briefly discussed in our
previous work [30]; Section III presents the more detailed SoC
design of the proposed neural stimulator; Section IV gives
experimental results, including stimulation variability, charge
imbalance, impedance of on-board electrodes, and updated
power transfer efficiency which extend on [30]; Section V
concludes this paper.

II. MAGNETOELECTRIC POWER AND DATA TRANSFER FOR
NEURAL IMPLANTS

A. Principles and Fabrications of the Magnetoelectric Trans-
ducers

The ME laminates consist of a piezoelectric layer (pink),
which is a nickel coated lead zirconate titanate (PZT), and a
Metglas, a magnetostrictive layer (blue), as shown in Fig. 4(a).
The Metglas is made up of magnetic grains, whose domain
boundaries shift with applied AC magnetic field, which causes
the overall material to change shape. The resulting vibrations
are transferred to the PZT material, which develops a voltage
in response to the induced strain [31], [32]. Thus, a thin-film
laminate converts an applied low-frequency AC magnetic field
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Fig. 4. Diagrams of (a) structure of the PZT/Metglas-based magnetoelectric
film; (b) principles of the magnetoelectric effects.
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Fig. 5. Measured electrical characteristics of the ME transducers.

into a voltage across the film via mechanical coupling between
magnetostrictive and piezoelectric materials (Fig. 4(b)). The
ME films are fabricated as laminates of Metglas (Metglas
Inc.) and PZT (APC International, Ltd.). The Metglas is cut
into the desired geometry from a ~100 pum thin sheet, while
PZT is cut into the desired shape with a razor blade from a
ceramic square plate (~ 120 pm thick). The two thin films
are then coupled together with an adhesive non-conductive
epoxy. Epoxy has been shown as an economical and simple
solution to tightly couple the layers together for efficient
energy transfer and yielding high ME voltage coefficients [33].
The resonant frequency of the ME films depends on the length
and thickness ratio between the two laminates [34], [35]. Thus,
the specific carrier frequency of ME power link can be selected
by precisely controlling the film physical dimensions. Fig. 5
shows that at resonance, PZT/Metglas ME films generate high
output voltage (greater than 7 Vop) with low resistive source
impedance (~ 800 ), under a magnetic field of 0.57 mT,
making it suitable for efficient energy harvesting.

B. Safety Analysis

Body-area wireless power transfer via high frequency elec-
tric, magnetic or EM fields can cause safety issues such as
heating, due to the power deposition in the human tissues.
With such concerns, the field strength and frequency need to
be chosen carefully to ensure safe operations in all cases.
For example, when utilizing RF field to deliver power to
implants, the carrier frequencies must be at GHz to match

Frequency = 250 kHz
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Fig. 6. Multilayer human tissue model for safety analysis and material

properties of each layer for the EM frequency of 250 kHz.
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Fig. 7. Local safety analysis of the 250-kHz magnetic field in COMSOL, a
magnetic field strength of 0.55 mT at 30-mm depth is achieved under safety
limitations.

the resonant wavelength of small antennas [6], [7], which
causes high EM absorption in the body and is subject to strict
safety limits. Near-field inductively powered devices mostly
work at 13.56 MHz or higher frequencies to improve the
quality factor of the miniaturized receiver (RX) coil for better
efficiency [11]-[16], which also results in energy absorbed
by the body and requires operation under certain restrictions.
The ME film works at a lower resonant frequency, which is
around 250 kHz in this work. Low-frequency magnetic fields
(100 kHz to 1 MHz) can penetrate the body without substantial
body absorption, resulting in alleviated safety limitations for
power delivery [36].

To assess the safety of ME power transfer for implants
deep inside the body, we analyze the specific absorption rate
(SAR) and induced electric fields with respect to a exposure
to magnetic fields in COMSOL. The 4-layer tissue model
representing spinal cord stimulation (skin, fat, muscle and
bone) is built, as shown in Fig. 6 [37]. The flat TX coil with
5.6-cm diameter, 1-mm trace width and 15 turns is employed
to create the 250-kHz magnetic field. A 0.55-mT magnetic
field strength is achievable, which is adequate for the ME film
to generate a 7-Vp,, output, at a depth of 30 mm with a safe
magnetic field shown in Fig. 7. In the 4-layer tissue model,
the maximum SAR is in the muscle, which is 0.3 W/kg, and
the strongest electric field of 51.9 V/m is at the surface of
skin, both of which satisfy the IEEE standard for humans
in unrestricted environments (2 W/kg, 52.2 V/m) [24]. For
the 250-kHz magnetic field, safety limits are dominant by the
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TABLE I
COMPARISON OF THE MAXIMUM ALLOWED STRENGTH FOR 0.25 AND
13.56-MHZ MAGNETIC FIELDS WITH SAFETY LIMITATIONS.

Frequency Skin Fat Muscle Bone
0.25 MHz 5.79 mT 427 mT 273 mT 0.56 mT
13.56 MHz 0.35 mT 0.26 mT 0.17 mT 0.03 mT

Wy

MR

(=]

Fig. 8. Simulations of magnetic flux concentration effects of the ME film
with angle rotations, colors indicate the difference of magnetic flux density.

maximum allowed electric field, while the maximum SAR is
still far below the limit.

We also test the maximum allowed magnetic field strength
under the SAR limitation [24] for the frequency of 13.56 MHz.
The comparison given in Table I shows that the lower fre-
quency magnetic field can be much stronger without exceeding
the safety limits. Therefore, compared to inductive coupling
and RF, the ME effect has great potential to safely deliver
more power to deep implants.

In addition, due to the fact that ME wireless power transfer
couples magnetic fields, we wanted to assess the potential
for ME power transfer to be used with magnetic resonance
imaging (MRI). A study by Shellock et al., evaluated the
MRI compatibility of the microstimulator RF BION, which
is an inductively powered stimulator with a ~30-mg ferrite
core [38]. The results demonstrate that patients can safely
undergo MRI imaging at 1.5 T with minimal heating and
artifacts being an issue only if the area of interest for imaging
is proximal to the implant. In our case, Metglas will also
generate artifacts; however, the amount of Metglas used in
our device (~ 0.3 mg), which is 10% of the amount of ferrous
material in BION, will not pose as a hazard to MRI patients
implanted with the device. While not fully MRI compatible
as imaging artifacts may need to be considered for certain
applications, ME implants should be MRI safe and clinically
viable.

C. Angular Misalignment Sensitivity Analysis

Misalignment can lead to failure for most wirelessly pow-
ered implants by negatively affecting the stability of power
and data links, especially for inductively coupled approaches.
The direction of the RX to the TX affects the effective area
of the RX coil to catch magnetic flux, and therefore changes
the output voltage and power. Theoretically, in a uniform
magnetic field, the output power of the RX coil is proportional
to cos?(8), where @ is the angle rotation. A misaligned device
is often unable to maintain correct functionality due to the
insufficient levels of received power or data errors.
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Fig. 9. Sensitivity tests of angular misalignment of ME films, in comparison
with inductive coils [16]
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Fig. 10. Simulations of the voltage coefficient of ME films with different
sizes (W x L) and simulations of the impedance at resonance of ME films
with different widths (L = 6 mm).

ME films are deformed by the alternating magnetic field
with the generation of stress by the magnetostrictive layer.
This stress is then transferred to the PZT material, followed by
crossing voltage changes, which means its output is primarily
determined by the magnetic field strength instead of flux. On
the contrary to inductive coils, the ideal alignment for ME
is placing the film in parallel with magnetic induction lines.
In addition, because of the high permeability (greater than
45000), the Metglas material has significant magnetic flux
concentration effects, which enhance the magnetic flux density
locally [39]. We simulate the magnetic flux concentration
effects of Metglas in COMSOL. Fig. 8 shows that the flux
density inside the film is much higher than that in the free
space even with angle rotations, which means the decrease in
flux density due to misalignment can be partially compensated
by the magnetic flux concentration effect. As a result of these
unique characteristics, compared to the inductive coil, the ME
transducer is less sensitive to angular misalignment.

To test the angle dependence of the ME, we measure 12-
mm? ME films with a 25-mm cylindrical TX coil with angle
rotations. For comparison, both simulations and measurements
of inductive coils are conducted with the same TX but oper-
ating at 13.56 MHz. RX coils used for the experimental test
are built in boards with a diameter of 4 mm, the number of
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Fig. 11. Measurements of ME power transfer efficiencies over various TX-
RX distances, in comparison with RF, inductive coupling and ultrasonic power
transfer [7], [8], [16], [21], [40].
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Fig. 12. (a) System diagram and (b) operation waveforms of the MagNI SoC.

turns of 10 and a quality factor of 30.6. The simulated and
experimental results of the inductive coil match well with the
theoretical value. Measurement results reported by [16] are
also added as a reference, whose RX coil is 10.5 x 7 mm?2, 7
turns with a Q of 23.05. Fig. 9 shows a 3X maximum improve-
ment of ME in angular misalignment robustness compared to
inductive coupling.

D. Power and Efficiency Analysis

Miniaturization of the wireless powered implant can influ-
ence the overall power efficiency of the link. With far-field
power transfer taking advantage of EM wave radiations, the
received power is quite weak when the antenna is smaller
than one-tenth of the wavelength [41]. As another example, in
the near field, the voltage and power of the RX coil is also

highly dependent on the size. Faraday’s Law gives the induced
voltage of the coil as

2 _axniE (1)
dt t

where A is the effective area of the coil, B is the magnetic
flux density and N is the number of turns. By assuming that
the coil is flat and circular, an estimation of the output power

can be given as

VeoilRx =N

n’NBR® dB

4p “dr
where R is the diameter of the coil and p is the permeability.
Shrinking down the coil size not only reduces the amount
of captured flux, but also degrades the quality factor, which
causes a significant decrease in the received power.

Previous studies [34], [35], [42] developing the equivalent
circuit model of ME laminated composites have shown that its
voltage coefficient & (defined by dV/dH with units of V/Oe) is
independent of width and length, which means scaling down
the ME film area does not reduce the output voltage. However,
the resonant frequency is inversely proportional to the film
length while the source impedance at resonance is inversely
proportional to the width. As a result, the theoretical maximum
output power of the ME film is linearly related to its width.
Interestingly, in comparison to inductive coupling, the ME re-
ceived power demonstrates less dependency on the transducer
size, which demonstrates the potential for superior scalability
in miniaturizing the device. These phenomena are verified by
simulation results given in Fig. 10 and measurements of [29].

To evaluate the efficiency of ME against inductive coupling,
both of which are based on low-frequency magnetic fields,
we measure the ME and inductive coupling power transfer
efficiency (PTE) across TX-RX distances in air (Fig. 11) using
custom built 12-mm? ME films and 12-mm? 10-turn coils
on PCB. As expected, PTEs of both modalities decrease as
the distance increases, but ME consistently presents a higher
PTE across the range and a maximum efficiency of 1.1% is
achieved when the ME film is at the center of the TX coil.
Additionally, reported PTE of various miniaturized devices
[71, [8], [16], [21], [43] are included in Fig. 11 for comparison.
Among them, [7], [40] utilize RF, [8], [16] adopt inductive
coupling power transfer and [21] establishes the power link
by ultrasound. It is worth noting that the decrease of PTE
at larger TX-RX distances is solely caused by the decline of
magnetic field strength, the ME energy conversion efficiency
(magnetic to mechanical, mechanical to electrical) that relies
on the coupling between laminates depends solely on intrinsic
material properties and thereby remains the same at varying
distances [44].

2)

Feoil,Rx =~

ITIT. MAGNI SYSTEM-ON-CHIP DESIGN
A. System Overview

The MagNI SoC, consisting of power management, data re-
covery, and stimulation modules, interfaces with a ME film to
receive power and data and drives programmable stimulation,
as shown in Fig. 12(a). The SoC cycles through charging, data
receiving, and stimulation phases at the desired stimulation
frequency set by the external transmitter (Fig. 12(b)).
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Fig. 13. Schematics of (a) the active rectifier with 4-input comparator and
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Fig. 14. Schematic of the proposed adaptive operating scheme.

1) Power Management: AC voltage induced on the ME film
is first converted to a DC voltage (Viect) by the active rectifier
(Fig. 13(a)) [45]. Energy is then stored in an off-chip 4.7-
WF capacitor for the high-power stimulation. The low-dropout
regulator (LDO) provides a constant 1-V supply Vipo for
digital control and data transfer to reduce power consumption.
Temperature and supply-invariant reference voltages for the
entire system are generated on chip by a reference circuit
with native NMOS and stacked diode-connected PMOS tran-
sistors [46]. Three different voltage references of 1 V, 0.6 V
and 0.3 V are provided by the ultra low power circuit shown
in Fig. 13(b).

2) Data Recovery: Downlink data is transmitted by ampli-
tude shift keying (ASK) modulation of the magnetic field and
is used to program stimulation patterns. To save energy, we
reuse the rectifier to detect data amplitudes. However, the large
energy storage capacitor prohibits the rectified voltage change
in a short time. To solve this problem, a dual path architecture
is adopted, which has an auxiliary path enabled by a global
control signal ENgqy, for data communication.

3) Stimulation: The 5-bit current DAC, which is only
enabled in the stimulation phase to save power, programs
stimulation amplitudes with a 50-pA resolution. A finite-
state machine (FSM), also configured by the received data,
controls the stimulation timing. Its operating phases include
initialization, anodic stimulus, inter-phasic pause, cathodic
stimulus and electrodes shorting. Bi-phasic stimulation, unlike
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Fig. 15. Simulated waveform of ENy,, generation for operation phases
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Fig. 16. (a) Schematic of the 2-input compactor of active rectifier and

its simulated output WD with 23-mV offset; (b) Schematic of the 4-input
compactor of active rectifier and its simulated output WD with 23-mV offset;
the WD generated by 2-input comparator fails in tracking V.

a mono-phasic pulse, is charge-balanced and prevents unde-
sired electrochemical reactions on electrodes. It is realized by
the H-bridge based stimulation driver controlled by ®; and ®,.
The inter-phase pause with a fixed duration of 32 ps allows
the stimulation driver to stabilize after the phase switching
and reduces the threshold for bi-phasic stimulation [47]. By
the end of stimulation, electrodes are shorted by ENgoy to
completely remove the residual charge.

B. Design Considerations for Robust Operation

In order to maintain system operation robustness under
varying conditions, such as amplitude changes due to varying
distances and misalignment between device and transmitter,
we make the device operation adaptive, calibration free, and
fully controllable by the TX. Fig. 14 shows the proposed
architecture to realize the robust operating scheme.

First, the enabling of the data transfer phase is controlled
by changing the ME amplitude, so that scheduling of the
implant is fully controlled by the external TX with accurate
timing references and computation resources. Because the
large energy storage capacitor prevents Ve to quickly change,
the existing comparator in the active rectifier is employed as
a watchdog to monitor the ME induced voltage change. It
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Fig. 17. (a) Monte Carlo simulations of the duty cycle of the recovered clock; (b) Measured shmoo plot for data recovery with different source amplitudes;

and (c) stimulation current measurement under varying ME induce voltage.
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generates a train of pulses WD tracking Ve, during charging
phase and stops once the input’s amplitude is below the voltage
of the energy capacitor. By comparing the watchdog signal
with divided Viece and extracting the envelop, a rail-to-rail start
signal for data transfer (ENgy,) is created, as shown in Fig. 15.
Comparator offset may cause a failure in tracking Vie: and
generate incorrect ENgar, (Fig. 16(a)). To alleviate this, 4-input
comparator [45] is employed to double the sensing margin and
increase offset tolerance from 11mV to 23mV (Fig. 16(b)),
effectively reducing the failure probability from 8% to 0.02%
(calculated with simulated variance of offset).

Second, the system global clock is derived directly from the
ME source by a low-power comparator, and therefore presents
a process, supply and temperature-invariant frequency. The
Monte Carlo simulation result given in Fig. 17(a) demonstrates
a tight distribution of duty cycle with & of 0.159%.

Third, to ensure correct data demodulation under ME volt-
age variations, the voltage threshold is generated online before
every data transfer, using an alternating pilot tone sent by
the TX. The threshold is extracted with a low-pass filter
followed by track and hold circuits. Measurement results
show successful data recovery without errors with a wide
source amplitude range (minimum of 0.6 V for data “1” and
minimum of 0.4 V for data “0”) and 0.2-V minimum amplitude
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Fig. 20. Measured waveforms of MagNI operating at stimulation frequencies
of (a) 67 Hz, (b) 20 Hz and (c) 200 Hz.

difference (Fig. 17(b)). Furthermore, we validated the robust
operation by showing that a fixed setting of the stimulation
current stays around the expected 1.5 mA, when the ME-
induced voltage varies from 2.6 to 3.6 V due to magnetic
field variations (Fig. 17(c)). Maximum I, falls slightly with
the decrease of source amplitude reducing voltage headroom,
until data recovery fails when the V; is below 2.5 V.

IV. EXPERIMENTAL RESULTS
A. Electrical Validation of the MagNI SoC

The SoC of the implant is fabricated in 180-nm CMOS
technology, as shown in Fig. 18. To validate the functionalities
of the proposed neural stimulating system, the device is tested
with the ME film in air, and the AC magnetic field is generated
by a portable magnetic field driver (Fig. 19).

Fig. 20 shows the measured waveforms of MagNI operating
at different stimulation frequencies. Since transitions between
operating phases are completely controlled by the TX, the
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mA amplitudes and 256-ps pulse width, (b) stimulating charge at different
amplitude settings with error bars indicating the variability and (c) charge
imbalance of various stimulation parameters.

frequency can be configured from 0 to 200 Hz with practically
infinite resolution. As shown in Fig. 21, Vi peaks at 2.95 V
with an 83% voltage conversion ratio at 0.61-mT magnetic flux
density in the charging phase and drops to 2.55 V after the 1.5-
mA, 512-ps stimulation. ASK modulation, which is actually
a frequency modulation at TX, is realized by slightly shifting
the magnetic field frequency, which causes the ME film to
vibrate off resonance with reduced amplitude. Considering the
settling time of the ME film and the fact that high data rate
is not demanded in this application, 32 cycles are required to
reliably transmit one bit, resulting in a 7.8-kbps data rate.
Additionally, the waveform of bi-phasic stimulation current
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Fig. 23. Diagram of the in-vitro saline test setup with ME powering and
access to implant for detailed operation analysis.
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Fig. 24. Impedance measurements of the on-board electrodes before and after
porous platinum coating in PBS.

with various amplitudes is given in Fig. 22(a). Total stimu-
lation charge at different settings with error bars indicating
the variability, whose maximum is 2% of 1.5-mA amplitude,
are shown in Fig. 22(b). While the variability of stimulation
caused by supply voltage variations and current source settling
is observed, the error of the total charge deposited to the
neural tissue is negligible. Because stimulation effects are
believed to mostly depend on the total charge deposited to
the neural tissue [48], we believe the temporal stimulation
amplitude variation will not affect the stimulation efficacy.
The asymmetry of bi-phasic stimulation may introduce charge
imbalance. Total charge of the measured bi-phasic stimulation
with different amplitudes and pulse widths is calculated,
which shows the worst charge imbalance of 6.5 nC when the
stimulation amplitude is 1.5 mA, 512 ps (Fig. 22(c)). However,
it should be noted that the electrodes are shorted after each
stimulation, which removes the residual charge on the tissue
and thus ensures the stimulation safety.

B. In-Vitro Experiments

To demonstrate the compatibility for implantation, a soak
test is performed by immersing a MagNI in phosphate buffered
saline (PBS), as illustrated in Fig. 23. The ME film is
packaged in a 3D-printed 0.4-mm thick enclosure to eliminate
environmental influences on its mechanical vibration before
the entire implant is encapsulated with non-conductive epoxy.

The on-board electrodes are tested in PBS to evaluate the
voltage compliance of the device. Fig 24 shows that the
measured impedance of the bare electrodes with gold surface
is 2100 Q at 2 kHz (associated with the 500-ps stimulation).
After a porous platinum coating, the impedance drops to
170 Q [49]. Thus, the stimulation supply voltage, which is
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TABLE I
POWER DELIVERY VERSUS VARIOUS TX-IMPLANT DISTANCES IN
PBS.
Distance Piriver | Magnetic Flux Viect Pip max T max
(mm) (W) Density (mT) V) (mW) (%)
0 0.51 0.62 2.63 222 0.435
1.5 1.2 0.66 2.61 2.16 0.180
20 1.4 0.48 2.31 1.67 0.119
30 2.1 0.13 2.05 1.35 0.064
s ? £ 5
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8 2 2
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Fig. 26. Measurements of (a) maximum recovered voltage and power in
different mediums and (b) stability of power recovery throughout a 7-day
soak test at the center of the TX coil.

up to 3.3 V, is abundant to support the maximum amplitude
of 1.5 mA. The order-of-magnitude impedance reduction by
electrodes coating eliminates the needs of high-voltage circuits
and improves the stimulation efficiency.

During start-up (Fig. 25(a)), the device is charged up to
2.6 V in 44 ms with 2.22-mW peak harvested power Py max
and 0.435-% maximum power transfer efficiency , when at the
center of the TX coil (Table II). Considering the 1-V source
amplitude tolerance of the proposed implant, voltage drop with
distance increase is allowed here to slow down the increment
of TX power consumption and improve the overall efficiency.
At a distance of 30 mm, Viee; of 2.05 V and Py max of 1.35 mW
are achieved, which are sufficient to ensure SoC functionality.
Pnmax is estimated based on the measured rectified voltage
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Fig. 27. Diagram of the hydra stimulation test setup.
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electrical stimulations.

Vieet, as given by

dt
Fig. 25(c) shows the measured stimulation in saline with
uncoated electrodes, which is 1.5 mA and 400 ps causing
a voltage crossing electrodes of 2.53 V. Cathodic pulses
compensate the built-in charge and residual charge is removed
by shorting electrodes after stimulation. Effective charging-
balance is realized by the bi-phasic stimulation shape and
electrodes shorting phase.

In addition to testing in PBS, the device is also tested in air
and agar, a substrate used to emulate the brain’s mechanical
properties, showing Viee and Py max variations less than 0.14 V
and 0.22 mW respectively when at the center of the TX coil
(Fig. 26(a)), demonstrating the ME effect’s adaptability in
different mediums. Throughout the one-week soak test, the
device in PBS functions consistently with Py, p,, fluctuating
between 2.16-t0-2.25 mW, indicating its long-term reliability
for implantation (Fig. 26(b)).

P]n,max ~ max (Cstore X Vrect)- (3)

C. Hydra Stimulation Tests

To further assess MagNI's bio-stimulation capability, the
device is validated using Hydra vulgaris as a model for
excitable tissue [50] [51]. The transgenic Hydra strains used
express GCaMP6s, a calcium-sensitive fluorescent protein,
in the ectoderm, and naturally express voltage sensitive ion
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TABLE III
COMPARISON TABLE WITH STATE-OF-THE-ART MM-SCALE WIRELESS NEUROSTIMULATORS

This Work Neuron’17 ISSCC’18 TBioCAS’18 | TBioCAS’19 | Nat. /Biomed.
[11] [13] [14] [15] Eng.’20 [21]
Application Target Spinal Cord Brain Brain PNS Brain PNS
Process (nm) 180 Discrete 350 180 130 65
Wireless Link Magnetoelectric Inductive Inductive Inductive Inductive Ultrasonic
Carrier Freq. (MHz) 0.25 13.56 60 198 1180 1.85
Implant Volume (mm?) 8.2 98 12.2 97.5 0.009 1.7
Off-Chip Components 1 Cap.+ME Film Discrete 4 Cap.+Coil | 2 Cap.+Coil None 1 Cap.+Piezo
Stimulation Mode léll[l)iis;: Optical Optical M(z/r:)cl)g}éisic M(i/r(l)(;&t;sic M%I:J(;Ir);?fic
Max. Stim. Current (mA) / 15/5 N/A N/A 0.25 / Fixed | 0.04 / Fixed 04/3
Resolution (bit)
Max. Stimulation Charge (nC) 391 N/A N/A 17.5 0.66 157
Stimulating Channels 1 1 16 1 1 1
SoC Power (uW) 23.7 N/A 300 2.7 N/A 4
Max. (gvlg?::;rifeﬁgi‘;f)y (%) (&;‘63“‘5 g 3‘:) N/A N/A N/A 0.0019 @ 66| 0.06 @ 18
Max. Depth (mm) 30 40 7 140 6.6 55
In-Vivo Test Model Hydra Rat Rat Rat Rat Rat

channels. Fig. 27 gives the diagram of the experimental setup
using an inverted Nikon microscope with a 20x objective (NA
=0.75) and a constant excitation light of 460 nm. Fluorescence
images are captured at 25 frames per second with 40 ms
exposures and 2 x 2 binning using an Andor Zyla sCMOS
camera. In order to facilitate simultaneous stimulation and
fluorescent imaging of Hydra, stereotrodes are used as the
stimulating electrodes as they are proportional to the size of
our chosen animal model and can more easily provide targeted
stimulation to the area of interest. A micromanipulator is used
to position the stereotrode connected to the proposed device
that is remotely powered by the ME effect (10 mm from the
TX); a blue laser is used to image GCaMP6s activity in Hydra.

When we apply 5-sec biphasic pulse trains with 500-us
pulse widths at 100 Hz, we observe an increase larger than
200% in GCaMP6s fluorescence, which is consistent with
electrical activation of voltage gated ion channels in Hydra
tissue that result in muscle contractions, as shown in Fig. 28.

V. CONCLUSION

This work presents a proof-of-concept demonstration of
MagNI, a magnetoelectrically powered and controlled neural
implant. ME power link proves to be a viable technology
to wirelessly deliver greater than 1 mW power to mm-sized
devices deeply implanted in the body at 30-mm depth. The
proposed spinal cord stimulator for neuropathic pain relief
features miniaturized physical dimensions of 8.2 mm> and
28 mg, adaptive operation and data transfer mechanisms (1-
V source variation tolerance), and programmable bi-phasic
current stimulation capability fully covering 0.05 to 1.5-mA
amplitude, 64 to 512-ps pulse width, and 0 to 200-Hz repeti-
tion range. Table III summarizes the specifications of MagNI

and compares with state-of-the-art mm-scale wireless neural
stimulators. The use of low-frequency magnetic field (250
kHz) substantially alleviates tissue absorption and reflections
in wireless power transfer, leading to higher deliverable power
under safety limits (in Section II). Thanks to the high power
transfer efficiency and chip efficiency, the proposed system
achieves one of the highest 391-nC total stimulation charge
among the comparisons, with 0.435% and 0.064% end-to-end
efficiency at 0 and 30mm distance respectively. In addition,
ME power link features robustness against alignment changes
(20% 1less power with 50 degree angular mismatch between
TX and implants).
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