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Abstract—This paper presents a methodology and system
architecture to supply power over mid-distance, in the context
of bio-sensors for long-term vital monitoring purposes. The first
part of the paper introduces a novel non-coupling coil array
system with a beamforming-control algorithm to enhance the
power transfer efficiency, up to 25cm distance, regardless of
the receiver’s position. In the second part an on-chip wireless
power charger system with high efficiency and trimming function
to charge the mAh-level NiMH battery and provide stabilized
power supply to devices, is presented. Overall, the system achieves
0.74% power efficiency at a distance of up to 25cm (with 0.86%
from the beamforming-control power transfer system and 86%
from the wireless power charger system).

Index Terms—wireless power transfer (WPT), non-coupling
coil, beamforming-controlled power transfer (BCPT),
system-on-chip (SOC), nickel–metal hydride (NiMH) battery
charger

I. INTRODUCTION

Eliminating the need to charge miniature biomedical devices
has been an active area of research for more than 20 years.
But the constraints of what can be achieved in terms of power
delivery limit the devices specifications in all aspects, from
physical size to system performance. Conventional approaches
to providing sufficient and stabilized power supply includes:
(a) wired charging; (b) wireless power transfer (WPT); (c)
human body energy harvesting. However, they all have
significant physical limitations: wired charging requires taking
off devices to connect them to charge; WPT requires precise
alignment between coils, and the power transfer efficiency
(PTE) attenuates rapidly as the distance increases [1], [2];
whilst the PTE associated to human body energy harvesting
is also low and difficult to improve because, amongst
other things, human factors constraints [3]. Considering the
trade-offs between the PTE and human factors/usability,
WPT is possibly the optimum choice. However, even at
short distances WPT systems suffer from the bottleneck of
significant power efficiency loss when their coils positions
and/or orientation change [4].

Recent research on WPT systems has shown that
beamforming-controlled power transfer (BCPT) could
solve the power efficiency loss problem caused by coil
misalignment. BCPT systems measure the mutual coupling
between receivers (RXs) and transmitters (TXs) and then tune
TXs to deliver in-phased power waves to RXs to effectively
enhance the PTE [5], [6]. However, there are two common

issues in BCPT systems: (a) their TX coils need to be large
size and have large spacing between each other to prevent
critical PTE loss from coupling/crosstalk from TXs [7]; (b)
the complexity of beamforming-control algorithms increases
with the number of coils increases [8].

In addition, commercial biomedical devices in the context
of long term sensing/monitoring are typically equipped with
a rechargeable battery that stores and deliver the energy they
need to operate. Lithium-anode based batteries are popular
because of their high safety, low self-discharge rate, and
high power density [10]. However, in a milliwatt-power-level
application, they might not be the best choice when compared
to Nickel-metal hydride (NiMH) batteries, which for the
typical required capacity are smaller and lighter [11].
Moreover, the nominal voltage of a lithium-based battery
needs to be charge is in excess of 3.7V, whereas a NiMH
battery has a nominal voltage starting from 1.2V, resulting
in higher efficiency for charging circuits. And in the context
of a battery that can be charged daily via WPT, the main
drawback of NiMH, namely its high self-discharge rate is not
that important [12].

As a summary, this paper presents a novel system
architecture to harvest energy up to 25cm distances for
long-term biomedical sensing/monitoring applications. The
architecture relies on a beamforming-controlled algorithm on
the TX side and a high-efficiency system-on-chip (SOC)
wireless power charger on the RX side to charge and store the
power. The paper structure is as follows. Section II describes
the overall idea of the system. In section III, a non-coupling
coil array structure and a BCPT algorithm are are presented
which improve on the work presented in [9], targeting reducing
complexity and size, whilst eliminating crosstalk. Section IV
illustrates the architecture and functionality of the fully
integrated wireless power charger for a 2.4V NiMH battery.
Section V presents experiments and simulation results of the
whole system. Section VI concludes the paper.

II. SYSTEM OVERVIEW

The proposed system diagram is shown in Fig. 1. The idea
is that, within the context of long term monitoring, the device
could be automatically charged whilst the user is sleeping,
free of any charge cables. Hence, experiments for this work
were carried out using a 17cm high-density foam mattress.



Fig. 1. System diagram of the proposed wireless power charging system.

This was justified on the basis that hospital-grade mattresses
thickness is required to be over 12.5cm [13]. The wireless
charging distance ranged from 17cm to 25cm from the TXs to
the RX (which was 0cm to 8cm from the mattress to the RX).
This took into account anthropometric characteristics, and the
assumption the device would be placed on the user’s arm [14].
This architecture operated at 6.78MHz following the Airfuel
Alliance Standard for wireless charging and also because this
is the lowest available frequency under the industrial, scientific
and medical (ISM) band standard [15].

III. BEAMFORMING-CONTROLLED POWER TRANSFER
SYSTEM

A. Non-coupling coil structure

Fig. 2. Non-coupling coil structure.

Eight coils on the TX side were all designed as
non-coupling dipole structures, in order to get better
anti-crosstalk performance in a smaller area. The non-coupling
structure consisted of two poles that generate two identical
magnetic fields with opposite magnitude and combined into a
zero-strength magnetic field area perpendicular to the centre.
The next non-coupling coil placed in this zero-strength area
could eliminate the crosstalk interference with the previous
non-coupling coil. Hence, as shown in Fig. 2, the TX coil
array consisted of four non-coupling coils, and each of them
could minimise the crosstalk with adjacent coils. Furthermore,
to overcome the power transfer loss over the 17cm mattress,
a relay coil was added to each TX to enhance the power
delivery. Four relay coils are also designed as non-coupling
dipole structures to cancel the crosstalk interference. Each TX
and its corresponding relay coil form an independent channel
and could be treated as one unit. This greatly reduced the
beamforming-control complexity, as explained below.

B. Beamforming control algorithm
The beamforming control algorithm proposed is based on

magnetic coupling (mutual coupling) between TXs and a RX.

This is the key to estimate the optimum way to tune the
amplitude and phase of each TX. Once the transmitted power
wave from the TX and relay array are finally in-phase, their
electromagnetic waves are summed to maximise the PTE at the
RX side. The magnetic coupling is derived by measuring the
impedance difference when the RX is coupling with the coils
on the TX side. In a conventional BCPT system, all the TX
and relay coils on the TX side need to be detected to be able to
derive the corresponding coupling, which results in complex
architectures [16]. In a non-coupling structure, the magnetic
couplings MTX (between the TX and the RX) and MRelay

(between the relay and the RX) can be approximated to MTxR,
which is the magnetic coupling between the TX-relay link
and the RX. Thus, the complexity is greatly reduced since the
measurement only takes place in four TXs. Equation (1) and
(2) shows the relationship between a TX-relay link and a RX.

VTxR = ITxRZTxR − jωMTxRIL (1)

IL(ZR +RL) = jωMTxRITxR (2)
where VTxR, ITxR and ZTxR represent the voltage, current
and impedance of the TX-Relay link. IL, ZR and RL represent
the load current, the impedance of the RX and the load
resistance, respectively.

Meanwhile, the TX-relay’s impedance is changed as a
function of the coupling from the RX, and it can be directly
calculated from Z

′

TxR = VTxR/ITxR. By taking Z
′

TxR into
(1) and (2), rearranging the equation and substituting ITxR,
IL, the magnetic coupling between the TX-relay link and the
RX is derived as in (3).

ω2M2
TxR =

(
Z

′

TxR − ZTxR

)
(ZL +RL) (3)

The magnetic coupling between the RX and the other three
TX-relay links can be found in the same way. Hence, the final
beamforming-controlled voltage of each TX, VTxRi is
VTxRi = β(MiZTxRi

+
Mi(M
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2)
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where ω is the angular frequency (6.78MHz), Mi is short for
MTxRi, the magnetic coupling between TX-relay links and
the RX, and β is the constant real value in relation to initial
TX-relay parameters (ITxR, ZTxR) and can be derived under
the initial TX equivalent input conditions. This is explained in
details in [5].

C. PCB implementation and beamforming sensing

Four non-coupling TXs and four relay coils were fabricated
on PCBs with 10oz and 1oz of copper thickness to achieve a
high-quality factor of 445 and 380, respectively. All the TXs
and relays were within a radius of 75mm. The receiver was
a printed spiral coil with a radius of 20mm and a quality
factor of 152. They were all designed taking into account
safety considerations of human exposure to electromagnetic
fields to prevent heat damage [17], whose specific absorption
rate needs to be lower than 1.6W/Kg in any case.

As shown in Fig. 3, the prototype in the PCB contained
four blocks: power amplifiers, gain/phase detectors, a radio
frequency (RF) signal generator and a microcontroller. An



Fig. 3. Experiment setup (Numbers represents different receiver positions).

Arduino Due was used as a microcontroller to process the
BCPT algorithm. The difference in impedance of the TX-relay
link caused because of the existence of the RX was detected by
using the gain/phase detector and the envelope detector circuits
on the PCB. By sensing the gain/phase difference between the
voltage of the power amplifiers and TXs, and their voltage
amplitude, the magnetic coupling could be estimated and also
the beamforming input.

IV. CIRCUIT IMPLEMENTATION OF WIRELESS POWER
CHARGER

A. System implementation

Fig. 4. System implementation of wireless power charger.

The integrated circuit part of the system was designed using
TSMC 180nm BCD (Bipolar-CMOS-DMOS) technology. As
shown in Fig. 4, it contains two parts, the power harvest
module and the charger current generator. A rechargeable
2.4V 15mAh NiMH battery [18] would be placed off-chip.
The system used a four-stage constant-voltage method to
charge the battery [19]: (a) Soft-start stage at 450µA when
the battery voltage is below the 2.4V ; (b) Accelerate charge
stage at 3mA when the battery level is over 2.4V; (c) Trickle
charge stage at 400µA for overnight protection when the
battery level is near fully charged (approaches 2.9V at 20◦C);
(d) Thermal shutdown stage once the internal temperature
rises over 45◦C. Different charge stages are determined using
strong-armed comparators [20] comparing the voltage of the
feedback resistors R1, R2 and R3 with the bandgap voltage.

In order to achieve a high-efficiency wireless power charger
system, it is necessary to achieve a high power conversion
efficiency from the RF signal to a DC signal, and an RF
limiter is required to prevent high voltages from damaging the
chip. The current charger module included a current trimming
function to overcome process corner variations, providing a
solution to meet the charging standard of 2.4V for NiMH
batteries with different capacities. Details about the different
blocks are shown below.
B. RF power harvest module

Fig. 5. (a) Passive RF limiter, (b) Full-wave rectifier with bootstrap and active
bulk biasing technology [21].

1) RF limiter: To prevent excessive power delivered to the
RX, which could damage the chip, a passive RF limiter is
necessary to drain the redundant power into the ground. As
shown in Fig. 5(a), two diode-connected transistors M1, M2
sense the RF input voltage level. And once this is over the
threshold voltage, transistor M3 is turned on to pull the gate
of the large-sized transistor M5 down to zero enabling all the
redundant current to flow to the ground via M5. In this work,
the circuit limited the inputs to 4.5V and worked with RF
inputs from normal to 20V.

2) Full-wave rectifier with active bulk biasing technology:
Conventional rectifiers using diode-bridged and cross-coupled
structures suffer from low power efficiency (around 70%) and
output voltage drop due to charge leakage from not-fully-off
PMOS transistors [22]. Hence, the rectifier in Fig. 5(b) used
a bootstrapping structure to eliminate the leakage problem.
With the additional bootstrapping capacitor Cbt, the threshold
voltage of M3/4 was reduced and hence the voltage drop is
reduced. Also, active bulk biasing circuits [22] were used to
keep the bulk of PMOS transistors at the highest potential
from RF+/- and VREC to prevent current flow into the bulk.

The used rectifier with a 1KΩ load achieved 89.3% of power
efficiency and 90% of voltage efficiency.

C. Compensated current charger

1) Current trimming circuit: The current trimming function
was implemented using current mirror structure. As shown in
Fig. 6(a), current addition and subtraction are adjusted by pin
P1-P4 and S1-S4 with width/length (W/L) ratio of 2:1, 4:1,
8:1, 16:1, respectively. With pins P−EN and S−EN activating
the trimming function, the generated fast mode charge current
can be trimmed from 1.5mA to 4.8mA at steps of 0.1mA,
controlled by pins P1-P4 and S1-S4.



Fig. 6. Schematics of (a) Current trimming circuit, (b) Charge current
generator with mode switching function.

2) Charge current generator: This circuit generated the
three different current charging (ICHARGE) modes, for the
battery, as shown in Fig. 6(b). Soft-start mode and fast mode
can be switched via pin MODE. ICHARGE was obtained
by using a 1:100 MP7:MP8, and 1:650 MP4:MP5 scaling
respectively. Transistors MN5 and MN6 had a small W/L ratio
to partly pull down the fast mode current to maintain the trickle
mode current when the battery level is approaching full.

V. TESTING RESULTS
TABLE I

PTE BETWEEN EQUIVALENT INPUTS AND BEAMFORMING INPUTS VERSUS
POSITION (ALIGNED/MISALIGNED)

Position Equivalent input
power/efficiency

Beamforming input
power/efficiency

1 (20cm aligned) 39.2mW (2.45%) 105.8mW (6.62%)
2 (20cm aligned) 32.3mW (2.02%) 88.2mW (5.52%)
3 (20cm misaligned) 5.6mW (0.35%) 17.3mW (1.08%)
4 (20cm misaligned) 5.8mW (0.36%) 18.1mW (1.13%)
5 (20cm misaligned) 5mW (0.31%) 17.3mW (1.08%)
6 (20cm misaligned) 3.7mW (0.23%) 16.2mW (1.01%)
7 (20cm misaligned) 7.2mW (0.45%) 20mW (1.25%)
1 (25cm aligned) 4.8mW (0.3%) 13.8mW (0.86%)
2 (25cm aligned) 4mW (0.25%) 12.5mW (0.78%)
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Fig. 7. Battery voltage versus charge mode switch sign, charge finish sign,
charge current and charge efficiency (top to bottom).

In the test stage, we used a receiver coil with 50Ω load as
the wearable devices at different heights and positions. The
total TX input power was set as 1.6W, and the results were
directly probed by an oscilloscope Agilent 3054A. As shown
in Table I, the results for comparison were measured with the
maximum amplitude in all the TX inputs, and only their phase
is tuned after computing the beamforming algorithm. The
results shown are the median from several experiments with
different positions (the position number shown in Fig. 3) over
20cm. It can be seen how the power efficiency significantly

improved with the beamforming inputs. The receiver harvests
over 100mW power while aligned, and it can still get over
16mW power while misaligned. Furthermore, at 25cm the
receiver can get 13.8mW, which is enough to charge a 2.4V
15mAh NiMH battery with a fast mode 3mA charge current.

Fig. 7 shows the simulation results of the wireless power
charger at 20◦C, with the battery level increasing from 2.3V
to 2.9V, without enabling the current trimming function. The
charge efficiency figure at the bottom is the power fed into
the battery divided by the system’s total power consumption
(without the rectifier and RF limiter part). It can be seen how
this reached 86% with the battery level increasing. Hence,
considering the receiver is placed at a position such that the
internal RF limiter is at quiescent mode, the RX-to-battery
efficiency is 86%.

VI. CONCLUSION
TABLE II

PERFORMANCE COMPARISON

[23] [8] [24] This work
BCPT Method Passive Active WPT Passive
Frequency f 1MHz 6.78MHz 6.78MHz 6.78MHz
Distance D 40cm 20cm 14cm up to 25cm
Radius of
RX coil 40mm 80mm 200mm 20mm

Radius of
TX/relay coil

125mm
× 6

100mm
× 5

400mm
rectangular

75mm
× 8

TX-to-RX
efficiency η 11% 16% 70% 6.62% at 20cm

0.86% at 25cm

FOM (106) 0.52 0.44 0.45 1.34 at 20cm
0.04 at 25cm

This paper investigated the feasibility of a mid-range
wireless power charging system for long-term biomedical
sensing/monitoring wearable devices. A prototype was built
to demonstrate the concept, assuming a wearable with a 2.4V
15mAh battery that would need to be recharged wirelessly
whilst the patient is sleeping. A beamforming-control
algorithm was used to optimise the power delivery. A 0.87%
TX-to-RX efficiency was achieved in the coil at a distance
of 25cm, which together with the proposed on-chip wireless
charging system for small 2.4V NiMH batteries, satisfies the
demands for most biomedical wearable sensors [25].

Table II shows key specifications of this work in comparison
to the state-of-art designs for mid-range power charging
applications. A figure of merit is defined to better establish
a comparison within the context of this particular application,
given by:

FOM = (f · η2 ·D3)/(ATX ·ARX) (5)
where ATX and ARX are the area of transmitter and
receiver coils, respectively. D is the distance between the
coils (according to the near-field electromagnetic theory, the
magnetic field strength of multipole sources attenuate by
the inverse cube of the distance [26]), η is the achieved
transmitter to receiver efficiency (obeys square law with
coils’ coupling coefficient [27]) and f is the frequency of
transmission (frequency is in a linear relationship with signal
attenuation [28]).

As shown in Table II, at 20cm, the architecture presented in
this work achieved a much better FOM than others, thanks to
the benefits of the non-coupling structure and beamforming



control algorithm. However, due to the receiver’s size and
safety limits constraints, the quality factor was less. This led to
its decreased FOM at 25cm, which is something that will need
to be further investigated and improved upon in the future, if
the distance in the real-life application requires it.
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