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Abstract—This paper presents a general methodology of induc-
tive power delivery in wireless chronic rodent electrophysiology
applications. The focus is on such systems design considerations
under the following key constraints: maximum power delivery
under the allowable specific absorption rate (SAR), low cost and
spatial scalability. The methodology includes inductive coil design
considerations within a low-frequency ferrite-core-free power
transfer link which includes a scalable coil-array power trans-
mitter floor and a single-coil implanted or worn power receiver.
A specific design example is presented that includes the concept
of low-SAR cellular single-transmitter-coil powering through
dynamic tracking of a magnet-less receiver spatial location. The
transmitter coil instantaneous supply current is monitored using
a small number of low-cost electronic components. A drop in its
value indicates the proximity of the receiver due to the reflected
impedance of the latter. Only the transmitter coil nearest to the
receiver is activated. Operating at the low frequency of 1.5 MHz,
the inductive powering floor delivers a maximum of 15.9 W below
the IEEE C95 SAR limit, which is over three times greater than
that in other recently reported designs. The power transfer effi-
ciency of 39% and 13% at the nominal and maximum distances of
8 cm and 11 cm, respectively, is maintained.

Index Terms—Automatic tracking, freely-moving electrophysi-
ology, impedance tracking, implantable medical devices, inductive
power transmission, non-ionizing radiation, rodent electrophysi-
ology, wearable medical devices.

I. INTRODUCTION

N EURAL INTERFACE (NI) microsystems are instru-
mental to physiological research and potential treatment

of the nervous system pathologies such as epilepsy and
Parkinson’s disease. Modern NI microsystems generally per-
form electrophysiological neuro-monitoring and in some cases
neuro-stimulation [1]. Optophysiological neural interfacing
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is another promising modality [2]. NI research promises dis-
covery of new therapies for many neurological disorders, and
of new ways to restore damaged neural functions.
The use of NIs in awake behaving rodent studies has be-

come a common research technique. The technology provides
a real-time view of neuronal interactions at the cellular level
and of the nervous system function [3]–[6]. Research efforts to
design more sophisticated NIs for rodent experiments continue
to progress [7]–[9]. These experiments lead to more accurate
observations of many important neurological events and ulti-
mately to an improved understanding of the nervous system.
Several practical challenges remain in the development of a
small self-sufficient NI for chronic rodent studies that does not
require a wired connection to bulky laboratory instruments.
Neurophysiology experiments on laboratory rodents are gen-

erally powered through cables. One problem is animal gnawing
and pulling on the cables and disrupting the experiment [10].
Moreover, cables can alter the animal behavior as it has a lim-
ited sense of freedom [9]. Transcutaneous cables have also been
linked to an increased risk of an infection [11]. As an alternative
to cables, small-size batteries are sometimes used as a source of
energy. However, the short lifetime of such batteries typically
limits the length of an experiment to a few hours [12], [13].
Longer-lasting batteries are heavier and therefore do not ben-
efit studies with small rodents such as mice and rats. As a re-
sult, long-term studies with a battery-operated NI system need
to be interrupted repeatedly for conducting routine battery re-
placements.
Inductive powering has emerged as an attractive alternative

to cables [14]. In inductive powering, air-core inductors replace
the power supply cables between the device implanted in or
mounted on a rodent and the rest of the experimental setup.
Weakly-coupled near-fieldmagnetic resonance technique is typ-
ically used to transfer energy wirelessly over a few centimeters
distance. There are a number of recently reported innovative
battery-less systems for inductive powering of implantable or
wearable neural monitoring and stimulation devices for rodent
electrophysiological studies [14]–[18].
In [14], a 13.6MHz scalable rodent cage floor made of a 2-di-

mensional array of planar power transmitting inductive coils
fabricated on a printed circuit board (PCB) is presented. A net-
work of RFID readers detects and turns on the coil nearest to the
animal implanted with or wearing an NI device. The dynamic
magnetic field coverage in this design comes at the expense of
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one set of costly hardware (i.e., an Ethernet adapter, a micropro-
cessor, a magnetic sensor, and an RFID reader) for every three
coils in the array.
In another design [15] (also operating at 13.6 MHz), all coils

in the cage floor array are connected in parallel. The induced
power shifts naturally toward the coil directly below the an-
imal-mounted NI power-receiving coil. This is due to that power
transmitting coil having a lower equivalent parallel resistance
than that of the other, non-loaded coils in the array. The sim-
plified tracking technique in this design comes at the cost of
increased power loss in the power transmitter, by a factor of ap-
proximately the number of coils in the array.
In [16] and [17] the array is replaced by a single power trans-

mitting coil operating at 8 MHz. A mechanical X-Y stage table
is used to adjust the placement of the power transmitting coil
with respect to the receiver coil. However, the power lost in the
moving mechanical parts and the complexity of the mechanics
is a limitation.
A lower-frequency (120 kHz) inductive link is reported in

[18]. Copper-wound ferrite core (receiver) is powered with a
commercial transmitter. The choice of the low operating fre-
quency increases the level of the transferable power due to the
higher allowed magnetic field safety limit at lower frequencies
[23]. However, the use of a ferrite core as the receiver limits the
delivered power (0.5 W at the allowed magnetic field limit of
160 A/m) [22].
The designs in [14]–[18] rely on the maximum energy

transfer efficiency principle for the design optimization. This
principle, however, does not include a key practical (and
regulatory) design constraint for implantable and wearable
biomedical devices which is to deliver the maximum energy to
the load with respect to the maximum allowed magnetic field
(non-ionizing radiation) level. In wireless electrophysiology
experiments, the key design objective for an inductive pow-
ering system is delivering the highest energy to a small-size
receiver (RX) (either implanted or worn). The maximum power
transferable to the receiver is limited among other things by: (a)
the maximum receiver size, and, importantly, (b) the maximum
level of magnetic field intensity considered safe.
The safe radiation level is quantified by the specific absorp-

tion rate (SAR) limit which for humans is governed by IEEE
C95 standard [23] and by country-specific health regulatory
bodies such as the Food and Drug Administration in the USA.
The receiver needs to be large enough to harvest sufficient
power from a magnetic field with an intensity below the reg-
ulated SAR limit of [23] but small enough to be
implanted or worn. Maintaining a SAR level much (i.e., a factor
of 5 or more) lower than the limits defined in [23] is particularly
important in rodent electrophysiology experiments. This is
because the non-ionizing radiation absorbed by an animal can
cause more severe physiological and behavioral effects due the
animals having a less efficient thermoregulatory system than
humans [24]–[26].
Compared to operating at higher frequencies, operating at a

lower-MHz frequency, a transmitter can deliver more power
within the SAR limits, despite being less energy-efficient. This
is because the allowable density of the magnetic flux is increas-
ingly higher at the lower MHz frequencies [23]. Continuing

Fig. 1. Envisioned experimental setup for inductive powering and data
communication in chronic experiments with freely moving rodents.

this trend, theoretically, even more power can be delivered at
even lower frequencies. However, making coils resonant at
below-1 MHz frequencies requires ferrite-core inductors (as in
[18]) which makes the receiver excessively heavy and lossy.
This paper presents a methodology and design guide for low-

specific-absorption-rate (SAR) inductive powering of battery-
less NI microsystems implanted in or mounted on laboratory ro-
dents. The paper extends on an earlier report of the principle and
demonstration in [27], and offers a more detailed methodology
of the design and additional experimental results characterizing
the system implementation and the power delivery performance.
As shown in Fig. 1, the inductive powering system consists
of an array of planar power transmitting coils located at the
bottom of the cage. The system dynamically tracks the animal
and turns on the nearest coil. Neural recording data can be trans-
mitted to a nearby computer while commands can be commu-
nicated over the same inductive link used to power the device.
Compared with the previously reported systems in [14]–[18],
the design offers: (a) a lower operating frequency of 1.5 MHz
(without the use of ferrite cores) which results in a higher trans-
fered-power-to-SAR ratio, (b) a cost-effective and more power
efficient impedance tracking technique to locate the transmitter
coil nearest to the animal by monitoring the current each neigh-
boring TX coil draws from the power supply via its power am-
plifier, and (c) a distinctly higher scalability and lower overall
cost by employing much fewer expensive components as com-
pared to the design in [14]. Such a powering solution has the
potential to become an essential tool for many in vivo rodent
experiments.
The rest of the paper is organized as follows: Section II de-

scribes the optimization rationale and the steps to design the
RX and TX coils. Section III presents an implementation of the
proposed system including the impedance tracking. Section IV
discusses the experimental measurement results (including the
load tracking and automatic tuning functions), and compares the
system performance with existing designs.

II. METHODOLOGY: COILS DESIGN

A. General Considerations
The transmitting (TX) and receiving (RX) coils are fabricated

on printed circuit boards (PCB) (with 4 oz copper layers in this
design). Fig. 2 shows the layout parameters of a square PCB
spiral coil, which is the geometry selected here for both the
TX and RX coils for simplicity. Depending on the geometry of
the microsystem, a differently shaped RX such as octagonal or
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Fig. 2. Main layout parameters of a square spiral inductor fabricated on a
2-layer printed circuit board. The inner diameter (ID), outer diameter (OD),
and trace width (W) are the main design parameters of a planar spiral inductor.
Turn spacing (S) is often as small as possible as the operating frequency is
much smaller than the coil self-resonant frequency. The number of turns (N) is
calculated once the other four parameters have been defined.

round may be more area-efficient. However, since the RX has
not been designed here for any particular microsystem, no par-
ticular shape was found more suitable. The coil traces are fabri-
cated on the top layer, while the bottom layer is reserved for the
return path. Themain layout parameters of the square spiral coil,
shown in Fig. 2, are the inner diameter (ID), the outer diameter
(OD), and the trace width (W). The minimum trace spacing (S)
is constrained by the PCB fabrication process due to the low op-
erating frequency [28]. The number of turns (N) is a function of
the above parameters since geometrically:

.
Both the TX and RX coils in this design are operated far

below their self-resonant frequency , so the parasitic
turn-to-turn capacitances do not impact the quality factor or the
resonant frequency [28]. Therefore the best value for S is the
minimum trace spacing of the fabrication process. The choice
of OD for the TX is determined based on the separation dis-
tance between the TX and the RX coils. The choice of RX OD,
on the other hand, is based on a design trade-off between the
microsystem size and its power transfer efficiency. The impact
of the the inner diameter (ID) on the quality factor and the cou-
pling coefficient is less than that of the outer diameter. Even
though a small ID typically leads to a better quality factor, a
zero TX coil ID is often not optimal. This is because the turns
of the coil near the center do not contribute significantly to the
inductance value despite still significantly increasing the para-
sitic resistance [30].

B. RX Coil

Based on the analysis provided in [28], [30], [31], maxi-
mizing both coils quality factors results in the highest achiev-
able power transfer efficiency. In a power-efficient design,
the individual quality factor of each coil must be comparable
to (where is the coupling coefficient) with the product
of the two being significantly larger than (based on the
derived efficiency expression in [28], [30], [31]). In a wireless
electrophysiology system, the quality factor of the RX coil is
far more limited than that of the TX coil. This is due to the
size constraints imposed by the maximum dimensions of the
implant or the wearable device. The RX size is therefore the

Fig. 3. RX [(a) and (b)], and TX [(c) and (d)] coils inductance and quality
factors. Planar rectangular coils with different number of turns (N) and outer
diameters (OD) are simulated at the 1.5 MHz operating frequency. The coil
structures are designed on a 2-layer PCB substrate with 4 oz copper thickness
and dielectric thickness of 0.3mm. The coil quality factors are improved linearly
by the increase in OD, but drop slightly with more turns since the coil resistance
grows faster than its inductance as the gaps between traces takes up more of the
trace pitch (center-to-center distance between 2 adjacent turns) with each added
turn. The expected quality factor of the receiving coil can be estimated based
on the plots in (b). The TX quality factor can be estimated based on the plots in
(d) once RX size is determined.

most limiting factor in determining the overall power transfer
efficiency.
Fig. 3(a) and (b) show the inductance and the quality factor,

respectively, of RX coils with different outer sizes (OD) and
number of turns (N) simulated at 1.5 MHz operating frequency,
as motivated for in Section I. Evidently, for a fixed OD, a greater
N does not significantly impact the component quality factor

despite sharply increasing the inductance of the coil.
Therefore, regardless of the number of turns, the power transfer
efficiency is limited by the outer diameter of the receiver.
While the number of turns (N) does not control the quality

factor of the RX coil, it does determine the optimum value
of the source and load resistances ( and ), which result
in the best impedance matching and power transfer efficiency.
Based on the 2-port model in [31], the real part of the output
impedance of the receiver coil is given by ,
where is the coupling coefficient, is the quality factor of
transmitting coil and is the inductance of the receiver. For
the best matching of RX coil to the load, N must be selected
such that is equal to the geometric mean of and

[38]. Based on the size of the rodent in the target animal
experiment (white Wistar rat), an OD of 4 cm is selected for
the receiving coil. An N of 11 is selected to match the RX to a
3.3 load at the operating frequency of 1.5 MHz. Based on
the RX OD, and the average and maximum animal heights of
8 cm and 11 cm (when walking and standing up respectively),



SOLTANI et al.: LOW-RADIATION CELLULAR INDUCTIVE POWERING OF RODENT WIRELESS BRAIN INTERFACES 923

Fig. 4. (a) An optimally sized TX coil which is smaller than the required
coverage area to be powered. (b) An array of optimally-sized TX coils designed
to cover the cage floor area (the implemented multi-coil technique). The array
has two layers of overlapping coils shifted by 50% of their outer diameter
for more uniform magnetic field coverage and eliminating dead spots where
delivered power is too low.

the average and minimum coupling coefficients of 0.15 and
0.07 are expected.

C. TX Coil
Fig. 3(c) and (d) show the inductance the and quality factor of

the transmitting coils, where the ID is selected to be nearly 30%
of the OD (which yields approximately the best quality factor at
the given frequency based on a field simulation with FastHenry
solver). It is evident that, similar to the RX coil, the TX coil
quality factor improves only by increasing its OD. Unlike the
RX, however, the TX is stationary and does not have any partic-
ular size limitations. Nonetheless, the TXmust be large enough:
(a) to cover the entire area where the receiver could be located,
and (b) to create the highest possible coupling coefficient at
the expected coil separation distance .While the coupling coef-
ficient is already limited by the size of RX, the TX coil should
be large enough not to further diminish the at the operating
distance .
It is known that there is a single optimum TX diameter for

every given RX-TX separation distance [30] (this is also veri-
fied here by the field simulation results in Section II-D). Based
on the same analysis, the expected optimum values of TX OD
are loosely proportional to the RX-TX separation distance .
TX sizes that are several times greater than , create excessive
non-ionizing radiation (due to elevated field intensities). TX coil
dimensions smaller than this value, on the other hand, will re-
sult in an impractically small leading to a much degraded ef-
ficiency value. Therefore, based on the expected separation dis-
tance of 8 cm, a TX OD of 12 cm is selected which according
to Fig. 5(c) and (d) minimize the radiation level without dimin-
ishing .

D. Multi-Coil TX Array
While the optimal TX coil OD of approximately 12 cm

achieves the best inductive coupling-to-radiation ratio, it may
not be necessarily large enough to cover the entire area that
needs to be powered [as shown in Fig. 4(a)]. The area to be
powered in this design is the 42 cm 18 cm footprint of an
animal cage. The area of the optimum TX, however, is much
smaller than this area [see Fig. 4(a)]. The solution is to cover
the cage floor area by a multi-coil array [14] of optimally-sized
coils as shown in Fig. 4(b). Two overlapping arrays of 12 cm

Fig. 5. Magnetic field simulation results of (a) a single large coil transmitter
versus (b) array of optimally sized TX coils for equal current of 1 A flowing
through both coils. (c) Plotted values of H field and coupling coefficient (k)
along the center and above the tracks of the single large coil, and (d) the
multi-TX floor.

12 cm TX coils are designed to power an overall floor area
of 40 cm 18 cm. Within this area, only the TX coil nearest
to the receiver will be turned on at any given time. The 50%
overlap in both X and Y directions eliminates dead spots.
The magnetic field simulation plots in Fig. 5(a) and (b)

demonstrate how an array of optimally-sized transmitting coils
[Fig. 5(b)] results in a significantly lower non-ionizing radiation
(magnetic field intensity) level than that of a single large coil in
Fig. 5(a) (0.026 A/m versus 0.1 A/m). This result validates the
need for the more complex multi-coil technique.
One drawback of the multi-coil techniques is the higher levels

of the magnetic field strength within a few millimeters of the
floor directly above it. This problem is easily mitigated by cre-
ating a small gap between the surface of the coils and the cage
bottom which is done in this design by placing a 5 mm PMMA
(plexiglas) layer over the transmitting coils.
The field simulation results in Fig. 5(c) show how the cou-

pling coefficient changes as the RXmoves away from the center
of the large TX coil that covers the whole floor, orthogonally to
it. Fig. 5(d) shows how the optimally-sized TX coil provides the
same or greater at the distances less than the nominal separa-
tion distance of 8 cm.
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Fig. 6. (a) The principle of operation of the multi-coil powering system (as
executed by the MCU algorithm), and (b) the schematic diagram of the multi-
coil system including the RX board, and the TX system comprised of the tiles,
the drivers and the control unit.

III. DESIGN GUIDE: MULTI-COIL POWERING SYSTEM

A. System Architecture
The principle of operation of the inductive powering system

is illustrated in Fig. 6(a). The algorithm routinely searches for
the TX coil nearest to the RX, and powers that coil only.
Fig. 6(b) shows the schematic diagram of the system. It is

comprised of the RX board and the three types boards within the
transmitter. As shown in Fig. 6(b), the receiver board consists of
the coil, resonating capacitor , a bridge rectifier, a resistive
load, and an LED to indicate successful inductive power transfer
to the RX. The TX includes the TX tiles, the driver boards, one
per tile, and the single control unit. The drive board pairs each of
the four coils in a TX tile with a dedicated power amplifier (PA).
The control unit consists of a microcontroller (MCU), a variable
voltage supply, and a current sensing differential amplifier to in-
dicate the level of current drawn from the power supply by each
PA. The variable supply and the driver boards are all controlled
by the MCU.

B. Tiles
As shown in Fig. 5(b) and in the functional block diagram

of the cellular powering system in Fig. 6(b), the TX array is
organized into “tiles” for scalability. Each of the four tiles con-
sists of four coils connected to a single driver module. Although
each of the four coils in a tile are routed to a separate amplifier,
having all four drivers on a single board reduces the fabrica-
tion and assembly cost. This is because all four amplifiers are

routed to the power rails and the I2C bus via the same vertical
connector. The driver module docks with one TX tile and drives
one of the four coils in the tile based on a command sent from
the MCU. The command is sent over an bus routed to the
driver board located in the center of the tile, under it. TX tiles
are laid side-by-side to provide the desired coverage without a
need for additional wiring.

C. Driver Modules

As shown in Fig. 6(b), the driver modules tap onto the
bus lines routed within TX tiles in order to get power from
the supply buses, and commands from the MCU. A fre-
quency-tuned 1.5 MHz square wave signal is routed to each
driver board at the input of the dual switch matrix (ADG729)
on the board. The square wave activates one of the coils in
the tile when the driver board is selected by the MCU. The
switch matrix powers the selected coil by routing the CLK A/B
signal to the input of the corresponding 2-stage driver. CLK A
and CLK B buses carry the same square wave signal but with
overlapping coil-connect and coil-disconnect times to ensure
smooth transitions when disconnecting one coil and connecting
the next.
The first stage of the driver circuit is an adaptive preampli-

fier (L6741) which drives the gates of an NMOS class AB stage
(DMN4031). The adaptive loop in the preamplifer monitors the
DC level at the output of the second stage and adjusts the DC
biasing voltages in the first stage to minimize the DC shunt cur-
rent between the supply and the ground under various loading
conditions.

D. Control Board

As also shown in Fig. 6(b), the single control board consists
of the MCU (MEGA A3BU), voltage supplies and the current
sensing circuit. There are 2 power supplies on the control board:
a variable supply (not shown) controlled by the MCU which
powers all the PAs on the driver boards, and a fixed supply
which powers all other circuits in the transmitting system.
As described by Fig. 6(a), the MCU algorithm works in

one of the following three states: (1) calibration which runs at
power-up, when the MCU determines the resonant frequency
and the equivalent series resistance of each coil, (2) a local
search to find the coil nearest to the receiver by tracking the
impedance of each of the eight coils near the last known
position of the receiver using the “current sensing feedback”
[see Fig. 6(b)], and (3) a global search which only runs when
the local search is not successful. The global search scans
all the coils across the floor to find the one with the highest
impedance drop. The global search is also performed once after
the calibration is complete to determine the position of the load
initially.

E. Cellular Powering by Load Tracking

To turn on the nearest coil to the receiver, the control unit
must track the location of the closest coil to the RX. A common
technique for RX coil localization is to use static magnetic sen-
sors [14], [17] to sense a permanent magnet attached to the RX.
Another technique is to use a third coil to sense the proximity



SOLTANI et al.: LOW-RADIATION CELLULAR INDUCTIVE POWERING OF RODENT WIRELESS BRAIN INTERFACES 925

Fig. 7. Load tracking technique to locate the RX based on the mutual loading
effect of the RX on the nearest TX coil. (a) When there is no RX present,

current is at its maximum. (b) When an RX is near a TX coil,
reduces (and thus the signal in Fig. 6(b) drops due to the

added impedance ).

Fig. 8. Amplifier circuit to read the supply current level while the tracking
scans through all the transmitting coils. High frequency reject components are
used at inputs and outputs to improve sensing SNR.

of the RX by sensing the change it creates in the resonance
frequency of the third coil [19]. It is possible, however, to
sense the presence of the receiver without using such additional
components by measuring the impedance of the transmitting
coil terminals. Fig. 7 shows how the presence of the receiver
[Fig. 7(b)] will impact the total impedance looking into the
transmitting coil terminals. The added “reflected impedance”

appears in series with the equivalent series resistance
of the coil causing a lower current being drawn from the
supply as compared with the case when no receiver is present
[Fig. 7(a)]. The microcontroller scans through all the transmit-
ting coils and records the impedance of each coil by sensing
the current drawn from the supply. By comparing the measured
value of the impedance with the value recorded during the
calibration phase, the controller identifies the coil with the most
impedance change as the one nearest to the RX.
Fig. 8 shows the impedance sensing circuit that monitors the

level of the current drawn from the voltage supply
. The supply current is passed through a small 0.1 sense

resistor which creates a voltage drop that is amplified by the dif-
ferential difference amplifier (EL8172) to generate the output
voltage . LC low-pass filters with high-frequency re-
jecting chokes and an RC low-pass filter are placed
at the inputs and output of the amplifier, respectively. This is
done to improve the inband sensing SNR as the sensing signal
level can be very small when the RX is farther away from the
TX. An analog-to-digital converter on the controller board reads

Fig. 9. (a) Working prototype of the cellular inductive powering system with
the control board in the upper right corner. (b) One of the four driver boards
plugged into the back of the TX tiles. (c) Control board consisting of an Atmel
XMEGA A3BU board and a custom board housing power supplies, the current
sensing circuit, clock generators, and buffers. (d) Receiver board consisting of
a coil, a rectifier, a load and the LED.

the output signal of the differential difference amplifier in Fig. 8
and sends it to the MCU. A moving average loop in the MCU
code further rejects high-frequency artifacts on the for
more accurate coil selection.

IV. RESULTS

A. Fabricated Prototype
Fig. 9 shows the working prototype of the powering system

fabricated on 4 oz copper PCB substrates. The floor [Fig. 9(a)]
is powered by 4 driver boards mounted beneath the coil array
[displayed individually in Fig. 9(b)]. The control board [shown
in Fig. 9(c)] calibrates all 16 coils one at a time to individually
determine their resonant frequencies.
After the calibration, the RX board [shown in Fig. 9(d)] is

powered inductively when it is held above any of the TX coils
in the array. There is a small (500 msec) delay before the RX is
powered for the first time as the system goes through a global
search. After the first global search, the algorithm goes into the
tracking mode where the search is much faster (125 msec), since
only the neighboring coils are evaluated. The RX LED flashes
during the search but is solid when the RX is found and power
is delivered continuously. A 200 mF supercapacitor keeps the
output voltage of the RX steady during the search periods. It
can hold the rectified voltage within 100 mV of its initial value
(before the RX power is disconnected) for about 3.3 seconds.

B. Transient Measurements
The measured TX transient signal waveforms at various

points along the power transmission path are displayed in
Fig. 10. CLK A/B is the frequency-calibrated signal from the
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Fig. 10. Experimentally measured transient signals of the powering
system at various nodes along the signal distribution path. CLK A/B is the
frequency-calibrated signal generated by the MCU, is the output signal of
the amplifier driving a TX coil at resonance. is attenuated due to the low
equivalent resistance of the series resonant tank. is the high-voltage
swing at the center node of the TX resonator (between coil and the capacitor

), and is the voltage induced in the receiver.

Fig. 11. Experimentally measured signal levels induced in the receiver when
it is positioned at different distances from the transmitter (20 cm down to
10 cm). The impedance sensing voltage drops significantly below
12 cm indicating proximity of the receiver to the transmitter.

MCU board fed into the input of the driver boards. is the
output of a driver board fed to the input terminal of a transmit-
ting coil. is the high-voltage swing of the resonating
node between the coil and the series capacitor [Fig. 6(b)].

is the induced voltage in the receiver at the resonating
node as shown in Fig. 6(b). The square wave signal is
partially attenuated as it drives a very low-impedance load,
which is the equivalent series resistance of the transmitting coil
in series with at resonance.
The received signal levels are shown in Fig. 11, where the

RX board is positioned at various distances from the TX coil
starting from 20 cm, and moving closer to the transmitting coil
by 1 cm each step. Repeated dynamic tuning intervals occur
while the receiver is moving closer to the floor in Fig. 11. The
receiver is off until the 14 cm proximity point since the signal
level in the receiver is not strong enough to turn on the bridge
rectifier prior to that point. After the receiver turns on, the flat
region of the transmitter impedance sensing voltage
waveform starts to drop slowly. Once the drop in is
large enough, it is detected by the ADC and theMCU algorithm.
As evident from the waveform in Fig. 11, that point is

Fig. 12. Experimentally measured resonance tuning waveforms during the
calibration period which runs at the startup. The calibration algorithm finds
the resonance frequency and the series resistance of each coil (without a
receiver present). The supply current sensing voltage, , indicates
the equivalent series conductance of each coil. The algorithm finds the best
frequency range (coarse tune), then finds the best point within that range (fine
tune).

when the receiver is at 11 cm or closer to the transmitter. Farther
than 11 cm, the drop in the voltage is not large enough
for the MCU to reliably detect its presence.

C. Frequency Calibration
Upon a startup the system goes into the frequency calibra-

tion phase. The goal is to find the exact resonant frequency and
equivalent series resistance of each coil, which will later be
used to individually tune the TX coils and track the RX coil,
respectively. Without frequency calibration, there will likely
be an unwanted reactance in loop of the transmitter circuit in
Fig. 7(b)(left) as the exact resonant frequency of each TX coil
can be slightly different from the expected value with which the
coil is initially driven. This additional reactance causes a reduc-
tion in the delivered power as well as the maximum distance at
which the receiver is detectable with the scheme in Fig. 7(a),
(b). While implementing a similar algorithm at the RX could
further increase the detection sensitivity, it may not be practical
as the power to run the algorithm would need to be sourced
from the power harvested at the RX. In addition to possibly
being counter-productive, RX tuning is less significant as the
RX quality factor is a few times smaller than the TX one in this
design, which makes in Fig. 7(b) a weaker function of
the RX frequency mismatch, as compared with the TX.
Fig. 12 shows the transient performance of the system during

calibration, where the frequency response of each of the 16 TX
coils is evaluated to determine their resonant frequency. The
transient waveforms of the impedance sensor, , and
the resonating node, , during calibration are shown in
Fig. 12.
The MCU first sweeps the frequency of the driving signal

(CLK A/B) over a wide range of frequencies from 500 kHz
to 2 MHz, in 10 coarse steps, for each TX coil. Each coil is
then fine-tuned with smaller frequency increments (50 kHz at
a time) within the previously determined subrange of the best
impedance score to find the exact resonance frequency of each
individual transmitter. The coarse tuning is to accommodate a
variety of coil sizes and geometries that may need to be operated
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Fig. 13. Experimentally measured waveforms of the system in the tracking
mode. During the calibration phase, the average value of is recorded
after driving each TX coil at its resonant frequency point. The coil whose current
impedance varies the most from its value pre-recorded during calibration (here
it is COIL 4) is the one closest to the receiver.

at a different frequency within the 500 kHz–2 MHz frequency
range. Although the coarse tuning searches over a 1.5 MHz fre-
quency range, the actual frequency variation among TX coils is
a fraction of that [ 10% as shown in Fig. 17(a)]. In this design,
the fine-tuning (in Fig. 12) is the routine which compensates for
the coil-to-coil resonance frequency variations within the array.
In Fig. 12, the inverse of the sensed signal indicates

the equivalent series resistance (ESR) of the coil which is mini-
mized at the resonance point. Theminimum sensed ESR is equal
to as shown in Fig. 7(a), where is the power am-
plifier output impedance, and is the winding resistance of
the coil. After calibration, the exact resonant frequency and ESR
of all 16 coils are stored in the MCUmemory, and are later used
to continuously find and activate the best TX coil (in the load
tracking mode).

D. Load Tracking

After the calibration, the MCU algorithm performs a global
search during which each coil is driven by a signal of its resonant
frequency which was recorded during the calibration phase. The
MCU records the impedance score of each TX coil again during
a global search and compares them with the ones initially mea-
sured during calibration. The coil whose impedance deviates the
most from its calibrated value is selected for powering.
After the global search, the controller goes into the tracking

mode whereby the algorithm routinely checks the impedance of
the neighboring coils to determine if any of them have a higher
impedance deviation score than that of the current coil. At that
point, the MCU switches to the better scoring coil.
Fig. 13 shows the variations of and the coil voltage

during the last four steps of the local search (tracking). The
receiver is at an approximately 10 cm distance from the
nearest TX coil (“COIL 4” in this screenshot). As seen here,
the impedance sensing voltage drops by more than
10 mV below that of the other coils. This clearly indicates the
presence of the receiver. In the measurement setup of Fig. 13,
the oscilloscope channel 4 probe is connected to the input node
of COIL 4, which is why there is no signal when COILs 1–3
are being powered. The small variations in the while

Fig. 14. Experimentally measured receiver output power level (after
rectification) at 0–20 cm vertical distances from the TX tiles for four different
supply voltage settings.

driving the other 3 coils is mainly due to the different placement
of the other coils with respect to the receiver and each other, as
well as other TX coils in the array. All the impedance variations
that are not a result of the RX proximity are removed when
calculating the impedance change as the algorithm subtracts
the current score from the unloaded score recorded during
the calibration phase. The originally calculated scores during
calibration contain all the coil-to-coil variations that are not a
result of RX proximity. Therefore subtracting them from the
loaded values leaves only the impact of the RX.

E. Power Transfer Measurements
The measured levels of the transferred power versus the

RX-TX distance varying between 0 and 20 cm are plotted in
Fig. 14, for four different power supply voltage settings. The
indicator LED in Fig. 6 has been removed for improved RX
sensitivity. The supply voltage is determined by a digitally
adjustable power supply controlled by the MCU over an SPI
interface as shown in the Fig. 6. The system runs at the nominal
setting of 2.8 V during normal operation. The supply setting is
adjusted based on the maximum operating distance at which
the system is expected to deliver power. The power supply
level can be adjusted by the user until the RX power level
is sufficiently high to power the NI device at the maximum
expected operating distance. The user can modify the setting in
a list of constants in the code, or by using push buttons on the
MCU board. When increasing power level, the local and the
whole-body SAR levels must be examined in order to avoid
causing excessive heating in the subjects, as detailed in the next
section.
Fig. 15 shows the simultaneously measured levels of the

impedance sensing voltage, , and the transmitted
DC power levels (with the LED in series with the load). The
impedance indicator drops distinctly by more than
20 mV which is readily detectable by the load-tracking algo-
rithm beyond the common sensing errors. The sensing voltage
does not rapidly drop once the receiver is turned on. This is
because the supply current decreases simultaneously with the
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Fig. 15. Experimentally measured transferred power level at the receiver (with
the LED connected) at 4 cm–20 cm vertical distances from the TX. The output
of the sensing amplifier is also shown. drop caused by
the receiver is detectable by the microcontroller below 11 cm distance.

Fig. 16. Experimentally measured magnetic flux coverage above the inductive
powering floor at (a) 5 cm and (b) 12 cm above the cage floor. The coverage
is more uniform at the farther distance as the weaker flux regions (dead zones)
are diminished. (c) The cross-section of the experimentally measured magnetic
flux density at and above, and along the line
across the floor. Because of the spatial averaging (over the 4 cm 4 cm RX
area), the total magnetic flux induced into the RX varies more slowly across the
floor than the value of flux density. This further diminishes the impact of the
dead zones seen in the flux density graphs [solid lines as well as the maps in (a)
and (b)]. The average magnetic flux density is measured by placing the RX coil
over the TX coil array while the voltage induced in the open-circuited RX coil
is recorded.

increase in the reflected impedance [ in Fig. 7(b)] as the
receiver approaches the transmitter in Fig. 15.

F. Magnetic Field Distribution

Themeasured coverage of themagnetic flux density is plotted
in Fig. 16 at distances 5 cm and 12 cm from the floor, veri-
fying the compliance of the near-field system with the regulated

levels of magnetic field intensity. As evident from the flux den-
sity levels in Fig. 16(a), there are points on the XY plane at
5 cm distance where the magnetic field is significantly weaker
(troughs), which are the bordering points among each of the four
adjacent coils. However, farther away from the floor, the weak
point are diminished as shown in Fig. 16(b) (at ). The
reduced sensitivity of RX placement on the XY plane at further
separation distances is helpful as it in fact evens out the flux
distribution where its average value is most limited. Fig. 16(c)
shows the 2D cross-section plots of the magnetic flux density
over the floor along the line. It can be seen that
the field strength is significantly more uniform at
[Fig. 16(b)] than at [Fig. 16(a)] even though it is
weaker at .
The non-uniform field distribution closer to the floor can be

tolerated as the minimum field intensity (in the troughs) is still
significantly higher than the minimum operable value for the
RX. The minimum operable value is the minimum field strength
that can sufficiently power the RX and sustain the operation of
the microsystem. The cross-section plot in Fig. 16(c) also shows
the variation of the average flux over the 4 cm 4 cm area of the
receiver which is the actual impact of the field variations on the
harvested power. As evident, the variations of the induced flux
is less than that of the instantaneous flux levels which further di-
minishes the negative impact of the flux troughs. The maximum
operating distance of 11 cm is determined as the farthest oper-
ating distance from where sufficient power can be recovered at
the weakest flux density trough.

G. Other Power Delivery Factors
1) Load Impedance Variation: The measured values of the

received DC power which are plotted in Fig. 14 are based on a
3.3 resistive load connected on the receiver board as
shown in Fig. 6(b). This plot represents the peak current con-
sumption of the microsystem powered by the RX. The actual
current consumption is likely to be less than this value, resulting
in a higher load impedance and a resistive mismatch. However,
since the load voltage only increases in this scenario, the resis-
tive mismatch caused by the RX approaching the floor does not
decrease the delivered power or disrupt power delivery.
2) Resonance Frequency Variations: Each of the TX coils

in the array are individually tuned to their resonance frequency
during the calibration phase at the system startup. As a result,
there is a slight change in the operating frequency as the an-
imal moves from one TX coil to the next. This causes a small
mismatch between the reactance of the RX coil and the RX ca-
pacitor in Fig. 6(b). Based on the measurement data in
Fig. 17(a), the reactive mismatch in the RX reduces the power
delivery by approximately 5%, which must be accounted for
when setting up the floor power level. A dynamic impedance
matching algorithm (in the microsystem) may offset this power
loss, depending on the power overhead to run the algorithm.
3) Tilting and Angular Misalignment: The RX board is

mounted on the back of the animal such that the RX remains
parallel to the floor. However, there are times when the animal
tilts to one side or lowers its head, in which cases the RX
may no longer remain parallel to the floor. Since the floor
power is high enough to keep the RX fully powered when the
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Fig. 17. Relative changes in the level of delivered power due to (a) resonance
frequency variation among coils in the array, and (b) RX angular misalignment
caused by animal tilting to one side. is the distance from center of the
RX at the tilting angle normalized to the maximum expected distance .

animal stretches its back all the way upward, the misalignments
caused by lowering the RX on one side does not disrupt power
delivery. This is because the drop in due to the resulting
angular misalignment is outweighed by a simultaneous rise in
the coupling coefficient due to the RX center moving closer
to the floor. Fig. 17(b) shows the variations in the received
power due to angular misalignments caused by tilting of the
animal to one side. The power delivered to the RX remains
sufficient at all times. It must be noted that, similar to the power
delivery, the load detection is also uninterrupted by the tilting
of the animal as described by Fig. 17(b). This is because the
reflected impedance in Fig. 7(b) is only diminished
when the coupling coefficient is reduced. This however, as
shown in Fig. 17(b), is not the case when the animal tilts during
the experiment.

H. Design Comparisons

Measured characteristics of the developed SAR-constrained
inductive powering system and of similar recently reported de-
signs are listed in Table I. The performance of all powering
systems is evaluated at their reported nominal operating dis-
tance. For appropriate comparison of power transfer metrics, the
separation distance at which the power transfer is measured is
selected proportionately to the outer diameter of the transmit-
ting coil (this ratio is also used in the FOM reported by [32]
and [20]). Therefore, the performance of the developed system
is listed for the separation distance of 8 cm which results in
approximately the same size-to-separation (70%) ratio as the
designs in [14], [21]. While it provides slightly less coil-to-
coil efficiency than other reported works in Table I, the system
is capable of transferring more power by creating more mag-
netic flux density at the receiver than other reported work as
shown in Table I. This is due to the higher limit on non-ionizing
field exposure (10.9 A/m) at the selected operating frequency of
1.5MHz as compared with the lower limit of 1.2 A/m at the con-
ventionally used operating frequency of 13.6 MHz. While the
power efficiency is mostly affected by the receiver size-to-coil
separation ratio, the maximum deliverable power is determined
exclusively by the operating frequency and the size of the re-
ceiving coil.

TABLE I
PERFORMANCE SUMMARY AND COMPARISON

Based on IEEE Standard C95.1-1991.
Nominal distance 8 cm, and maximum distance 11 cm.
Estimated based on available parameters.
- Specification not available.

Table II shows the scalability of the developed inductive pow-
ering system in terms of the type and the quantity of the com-
ponents required for each scaling unit (one four-coil TX tile).
It can be seen that by implementing load tracking and loca-
tion sensing with only an impedance sensing circuit, this de-
sign saves on components such as magnetic sensors and RFID
readers. Moreover, individual frequency generation circuits on
each board (as done in [14]) have been replaced here by a single
clock generator on the controller board. While simultaneously
more than one coil can be driven by the clock signal in this de-
sign, the coils cannot be individually tuned in such a scenario
(have different resonant frequencies). This could be an advan-
tage of having separate frequency generation circuits on each
driver board. However, given the lower operating frequency in
this design, the resonance points of each coil will be much more
predictable as the parasitic capacitance of the TX coils are negli-
gible compared to the value of (as shown in Fig. 6). There-
fore, the exact value of can be selected such that all the
TX coils resonate at the same frequency, and can be driven with
the same clock signal. Simultaneously driving multiple coils, of
course, increases the magnetic field level.
Table II shows that by eliminating the need for multiple

MCUs, RFID readers, Ethernet-to-serial ports, and magnetic
sensors, the proposed system offers greater scalability at a
lower cost. The current-sensing feedback simplifies dynamic
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TABLE II
DESIGN SCALABILITY AND COST CONSIDERATIONS

N is the number of TX coils.

tuning and enables load-tracking at no additional cost for every
new tile. Additional tiles can be scanned by the impedance
sensing circuit in the driver board at the same time as they are
being powered. However, since all the TX coils are scanned
by one MCU, one scaling limitation is the increased execution
length of the calibration and global search algorithms as the
MCU must scan though all the additional TX coils. However,
the calibration routine runs only once at the startup and the
impedance scores are available as long as the RAM content is
preserved. Therefore, in a very large coil array the calibration
routine can be skipped as long as the scores are available at the
startup. The global search, on the other hand, must still be per-
formed every time the tracking routine fails which could take
an impractically long time in a system with far too many TX
coils. To shorten the search for the load, the global search must
then be replaced by a series of successively farther-reaching
localized searches until the load is located. In other words, if the
load cannot be located among the most immediate neighboring
TX coils, the algorithm must begin scanning at a radius of one
more TX coil away from the last known position of the load
and continue until the RX is located.

I. In Vivo Power Transfer Validation
The cellular inductive powering system was validated in

vivo in a freely moving rat experiment. All the experimental
procedures were conducted at the Hospital for Sick Children
(Toronto) and performed according to the protocols approved
by the Animal Care and Ethic Committee. One Wistar rat (250
g, male) underwent general anesthesia.
The hair on the head (area: 10 mm 10 mm) and back (area:

15 mm 15 mm) was trimmed. A multi-channel neural ampli-
fier and stimulator device [34] and the inductive power receiver
coil PCB were mounted using adhesive PDMS on the head and
the back, respectively.
After a short recovery period, the animal was placed in the

cage shown in Fig. 18(a). The cage was placed on the overlap-
ping area of the two coil layers [same as outlined in Figs. 4(b),
16(a) and (b)]. The inductive powering system was turned on
underneath the cage while a video camera recorded the exper-
iment. As shown in Fig. 18(b) and (c), a solid lit LED on the
RX board mounted on the back of the animal indicated contin-
uous power transfer to the board as the animal moved around
in its cage. The minimum 2.5 mA current required to turn on
the LED is an indication of a rectified 10 V voltage being de-

Fig. 18. (a) Rodent cage covering the overlapping region of the 2 layers of
the transmitting arrays. (b) Receiver on a white Wistar rat being powered while
animal is lying down anesthetized (the LED indicates power transfer). (c) Power
transfer when animal is awake and standing up.

livered across the load and the LED. In the case of a sudden
movement, the LED began flashing indicating that the local
tracking algorithm has aborted and the MCU has begun per-
forming global search. The LED became solid again within a
fraction of a second which indicated that theMCU had found the
new location of the animal. A supercapacitor in the microsystem
bridges any such supply interruptions. The power delivery per-
formance of the system was evaluated while the rat was ex-
ploring the cage, grooming in different positions, eating from
the floor, or while drinking water; the LED only briefly flashes
after a sudden movement and stays solid in all other scenarios.

V. CONCLUSION
A practical inductive power transfer system for mobile neural

interface devices featuring a dynamic load tracking technology
and reduced non-ionizing radiation levels has been designed,
prototyped and tested. The developed system was shown to
transfer sufficiently high levels of inductive power with the
smallest reported levels of non-ionizing radiation through the
tissue and in the vicinity of the coils.
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