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A Dual-Mode RF Power Harvesting System With

an On-Chip Coil in 180-nm SOI CMOS for

mm-Sized Biomedical Implants
Hamed Rahmani, Student Member, IEEE, Aydin Babakhani, Member, IEEE

Abstract—In this paper, we present a dual-mode power har-
vesting system for millimeter-sized biomedical implants that is
immune to the variation of wireless link parameters and loading.
The design includes a multi-stage full-wave voltage rectifier, a
power management unit, and a low dropout voltage regulator.
Depending on the received RF power level, and the required
power by the load, power delivery is conducted in continuous
or duty-cycled mode. The system is fabricated in 180-nm Silicon
On Insulator (SOI) CMOS technology with an active area of
2.56 mm2 including an on-chip coil. RF power is transferred
to the chip from a 2×2 cm2 coil through 10 mm of air at 434
MHz. The efficiency of the designed wireless link, which is the
power transfer efficiency from the external coil to the on-chip coil,
reaches up to 0.68 % (-21.7 dB) at 10 mm separation through air.
Keeping the transmitted RF power below 24 dBm, the system can
provide a 1.08 V dc voltage for resistive loads larger than 20 kΩ
continuously over time. When the harvested power is not enough
to drive the load continuously, the system operates in duty-cycled
mode. Measurement results show that the system can drive a 1kΩ
load in the duty-cycled mode when the transmitted power level
is 15 dBm.

Index Terms—CMOS, low dropout regulator, millimeter-sized
implant, on-chip coil, power management, rectenna, voltage
rectifier, wireless power transfer

I. INTRODUCTION

EVOLUTION of implantable devices (IMD) has opened

a new gate toward finding new diagnosis and treatment

methods in the modern medicine. Due to the clinical con-

straints, a practical implant should operate without any tran-

scutaneous wire connection, which raises serious challenges

for powering an IMD. Therefore, development of a robust

wireless power harvesting system is the key step toward

building a high-performance implant that can be used for

clinical purposes. On the other hand, emerging applications

of IMDs, such as Brain Machine Interface (BMI) demand

biological signal acquisition with a high data rate and a high

spatial resolution. For instance, research on the anatomical,

physiological, and computational bases of speech production
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has made important strides in recent years but has been limited

by a glaring lack of information on the dynamics of the speech

production process. This is a methodological limitation related

with the low spatio-temporal resolution of widely available

tools such as fMRI, EEG, behavioral, and stroke lesion based

approaches [1]–[3]. Miniaturizing the size of an IMD is the

solution for improving the spatio-temporal resolution of the

recorded signals since it leads to a higher sensor density and

enables signal recording at an ultra-small structural scale. In

addition, smaller implants cause less damage to the living

tissues, ease up the encapsulation process, and are easier to

be implanted [4]–[6].

With recent advances in integrated semiconductor technol-

ogy, the size of a wirelessly powered IMD is dominantly

controlled by the dimensions of power harvesting modules.

Miniaturizing the size of receiving coil be integrated with the

required circuitry leads to the total system area reduction. In

addition, the receiving coil can be integrated with rest of the

required circuitry on the same CMOS chip, which significantly

reduces the total cost of the system, improves reliability,

and eliminates the need of post-fabrication processes. Most

of the traditional wireless power transfer (WPT) techniques

are based on inductive coupling between two cm-sized coils

and operate at low-MHz or sub-MHz frequency range [7]–

[9]. Bulky receiving coil of these systems is fabricated on a

separate substrate and is attached to rest of the system by

bond wires. Although these systems achieve a high value of

power transfer efficiency through two coils, the large form-

factor of the Rx coil makes them impractical for powering

small IMDs. Increasing the RF carrier frequency makes it

possible to shrink the size of a receiving coil to millimeter-

scale. As the carrier frequency increases, the rate of changes in

the incident magnetic flux on the receiving coil raises, which

results in boosting the induced voltage [10], [11]. In addition,

the Q-factor of small coils increases at higher frequencies [12],

[13]. Although shrinking the size of a receiving coil degrades

the power transfer efficiency, there has been a lot of efforts to

develop a mm-sized power harvesting system to benefit from

the advantages of miniaturization [12]–[21].

The functionality of an IMD is dominantly determined by the

available power. Therefore, delivering the maximum power

is one the most important goals in the design process. A

practical power harvesting system requires additional circuitry

for converting captured sinusoidal signals to a dc voltage. The

additional circuitry represents other sources of power loss in

the system. The overall Power Transfer Efficiency (PTE) is
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defined as the delivered power to load of the power harvesting

system (Pload) over available power by the generator (PG) as

defined in (1).

PTE =
Pload

PG
= ηlink × ηRF−DC (1)

ηRF−DC = ηrec × ηreg (2)

The PTE can be viewed as multiplication of wireless link ef-

ficiency (ηlink) and RF to dc conversion efficiency (ηRF−DC).

Voltage rectifier and regulator are the most important circuitry

required for RF to dc conversion. Therefore, ηRF−DC can be

considered as multiplication of rectifier efficiency (ηrec) and

regulator efficiency (ηreg). All terms in (1) and (2) are defined

later in the rest of this paper.

Intervening biological tissues show an absorptive behavior

toward electromagnetic waves, which becomes worse at higher

frequencies [22]. The tissue absorption makes the wireless

power delivery to a mm-sized implant very challenging since

the amount of transmitted power should be kept below a

certain threshold that is defined by safety standards. Moreover,

the amount of received power at the Rx side is very sensitive

to the composition of the intervening biological medium,

alignment of the coils, and the separating distance [23], [24].

In addition to the challenges that are related to the wireless

link, non-linear behavior of the required circuitry for RF to

DC conversion and the load variation of a power harvesting

system greatly impact the amount of harvested dc power and

changes the available power for an implant.

In this work, we present a mm-sized power harvesting system

to address the challenges of wireless power transmission to

small implants that stem from the variation of wireless link

parameters and varying power consumption of an IMD. In this

paper, we analyze the effect of system level parameters such as

type and thickness of intervening tissues on the performance

of a WPT system and provide a design procedure for optimal

design of a mm-sized on-chip coil for miniaturized implants.

We also introduce a power management technique that enables

the system to drive a wide range of loads.

This paper is an extension of [25] and explains the design

procedure of the power harvesting system in more details. It

includes more extensive simulation results and provides up-

dated measurement results for characterizing the performance

of the fabricated chip. The remainder of this paper is organized

as follows. Section II gives an overview of a WPT system

and analyzes the effect of wireless link parameter. The design

procedure for the on-chip coil and the Tx coil is discussed

in this part. Section III describes the design of a multi-stage

voltage rectifier and shows how the characteristics of the

voltage rectifier are affected by the operating frequency and

the available RF power level. Circuit schematics and system

architectures of the power management unit and the voltage

regulator are described in Section IV. The performance of the

power harvesting system is characterized in Section V, which

is followed by the conclusion in Section VI.
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Fig. 1. Power flow in the wireless link of WPT system.

II. WIRELESS LINK: DESIGN AND ANALYSIS

A. Wireless Link Modeling

Traditional WPT systems for implantable devices use a pair

of coils to inductively couple the energy from a primary coil

outside the body to a secondary coil that is implanted. The

operating frequency of these systems range from hundreds

of kHz to few MHz and the size of Rx coil is in the order

of few centimeters. Inductive near-filed systems that operate

at hundreds of kHz or few MHz can achieve a very high

link efficiency. Inductive coupling between two coils can be

governed by Faraday’s induction law and is proportional to

the area of coils. Typically, link efficiency in these systems

improves by using larger coils and increasing the number

of turns. Traditional analysis methods for a WPT system

that are mainly based on coupled mode theory may not

be applicable to a system that operates at a relatively high

frequency due to the following reasons: First, as the operating

frequency increases, the wavelength of the electromagnetic

waves become comparable to the dimension of the coils

and separating distance. In this case, electromagnetic waves

contain radiative fields and include both radiative and non-

radiative components. A simple near-field inductive model for

WPT systems only governs non-radiative fields and fails to

address the effect of radiative components. Second, most of the

traditional models assume that power transfer through tissue is

almost same as energy transfer through the air since tissues are

transparent to magnetic fields. This assumption is not valid in

MHz frequency range and above since biological tissues pose

significant issues on propagating of electromagnetic fields and

greatly attenuate electric field. Therefore, unlike traditional

analysis methods, intervening tissues cannot be ignored since

they have a significant effect on link efficiency and the PTE.

Fig. 1 shows the power flow in a wireless link of a WPT

system that utilizes RF electromagnetic waves for power

transmission through biological tissues. The link efficiency can

be defined as the ratio of the delivered power to load of the

two-port network over the generated power by the RF source

and can be divided into three distinguished terms as:

ηlink =
PL

PG
= ηm,Tx × η2port × ηm,Rx (3)

The η2port term contains power losses in the coils and the

intervening medium while the ηm,Tx and the ηm,Rx represent

the power losses due to impedance mismatch at the Tx and Rx
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Fig. 2. Configuration of the WPT system with a multi-layer model for
intervening biological tissues.

sides, respectively. We have used a two-port network model for

studying the wireless link. A two-port network approach can

be utilized to calculate the ηlink and other characteristics of

the wireless link at any frequency. In addition, this approach

is independent of the geometry of coils and composition of

intervening medium between transmit (Tx) and receive (Rx)

coils. Therefore, two-port network method is a general analysis

method, which is independent of electromagnetic operating

region (near-field or far-field). Characteristics of a two-port

network can be fully described by its impedance parameters

(Z-parameters) or Scattering parameters (S-parameters). How-

ever, extracting Z-parameters of a two-port network at high

frequencies may be challenging or even impossible. On the

other hand, S-parameters can be calculated at any frequency.

Moreover, the S-parameters of a network can be converted to

Z-parameters.

The S-parameters of the two-port network in Fig. 1 are

determined by dimension and structure of the coils as well

as the type and thickness of intervening medium. Therefore,

the η2port is an intrinsic characteristic of the wireless link.

The most important step toward optimization of the wireless

link is maximizing the η2port since the impedance mismatch

can be almost eliminated by using proper matching networks.

Assuming the impedance of the generator (ZG) is equal to the

reference impedance (Z0), the η2port can be formulated based

on the S-parameters of the network according to the following

equations [26].

η2port(f) =
|s21(f)|2

(1− |Γin(f)|2)(1− |s22(f)|2)
(4)

where

Γin(f) = s11(f) +
s12(f)s21(f)ΓL

1− s22(f)ΓL
(5)

ΓL =
ZL − Z0

ZL + Z0

(6)

Equations (4)-(6) imply that the η2port is also affected by

the load. However, since the system is weakly coupled and

the values of s12 and s21 are very small, variation of ZL does

not show a significant effect on the η2port.
A conceptual model of a WPT system for IMDs is illustrated

in Fig. 2. RF energy is transferred from an external coil

TABLE I
LAYER PROPERTIES FOR MODELING HUMAN HEAD AND CHEST

Variables Head Chest

T1-H1 Skin-2mm Skin-3mm
T2-H2 Fat-2mm Fat-3mm
T3-H3 Bone-7mm Muscle-4mm
T4-H4 Dura-inf Muscle-inf
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Fig. 3. Dielectric constant of different biological tissues. (a) Permitivitty (b)
Conductivity.

to a mm-sized Rx coil that is integrated on a silicon chip

and implanted in the human body. The intervening media

between the coils is composed of a 2 mm air gap and 11

mm of biological media. These values represent a reasonable

estimation of the separating distance between the coils in

most of IMD applications. In this model, intervening tissues

are modeled by separated planar layers stacked on top of

each other. The variables T1, T2, T3, and T4 in the WPT

system model represent the type of each layer and H1, H2,

H3, and H4 represent the thickness of corresponding layers.

By choosing proper type and thickness for the planar layers,

different human organs can be represented by this model. For

instance, tissue composition in the human head and chest can

be modeled by setting the variables in Fig. 2 according to

Table I.

Biological tissues can be modeled as a low-loss dielectric

material with a complex dielectric constant. In addition, bi-

ological tissues show a frequency-dependent behavior toward

electromagnetic waves. Hence, the complex dielectric constant

is also a function of frequency and can be divided into a real

part that represents electrical permittivity and an imaginary

part that corresponds to electrical conductivity of the material

as is written below:

ǫ(f) = ǫ0ǫ1(f) + iǫ2(f) = ǫ′(f) + i
σ(f)

2πf
(7)

In order to capture the frequency-dependent behavior of

tissues into the planar model, we have used a cole-cole formula

that provides a curve fitting method to formulate the complex

dielectric constant of the evaluated layers in Table I. Following

the described approach in [27] leads to extracting the value of

dielectric constant for a particular type of tissue. Permittivity

and conductivity of the constituent tissues in Table I are plotted

Fig. 3(a) and Fig. 3(b), respectively.
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B. Coil Optimal Design

As it was described, the S-parameters of the two-port

network is determined by the dimension of the coils and

composition of the intervening media. Therefore, the η2port
can be enhanced by optimizing the Tx and Rx coils. For a

near-field WPT system, extracted S-parameters can be used to

represent a transformer model that is described by a primary

coil, secondary coil, and mutual inductance between the coils.

It has been shown that the maximum efficiency of an inductive

wireless link can be formulated as [28]:

ηlink,max =
k2Q1Q2

(1 +
√

1 + k2Q1Q2)2
(8)

Where Q1 and Q2 represent the quality factor of primary

and secondary coils, respectively and k stands for the coupling

coefficient between two coils. Optimal coils for WPT systems

through air usually, have a high number of turns since the

Q-factor of coils is believed to increase as a function of

turn numbers. On the other hand, biological tissues at high

frequencies have a relatively high electrical conductivity. The

proximity to a lossy dielectric medium represents parasitic

capacitive and resistive components and degrades the Q-factor

of the coils. Although increasing the number of turns increases

the self-inductance of a coil, it also results in higher parasitic

components, which have a negative impact on the ηlink.

Therefore, the optimal number of turns for implantable coils

is expected to be less than four [28], [29]. The effect of

surrounding environment should be considered in optimization

process and an optimal design for a specific environment

may not be optimal for a different environment. Multiple

optimization methods have been proposed in the literature

for improving the ηlink [28]–[31]. Most of these methods

follow an iterative method for link optimization that changes

the parameters of Tx and Rx coils to improve the ηlink.

We have also utilized an iterative algorithm for coil design

optimization. The main objective of the optimization algorithm

is to find the combination of design variables that result in the

maximum possible value of η2port. The main design variables

that are optimized are the maximum outer dimension of the

Tx coil (D), number of turns in Rx coil (N ), trace width

of Rx coil (W ), and spacing between the traces (S). Ideally,

turn numbers, trace width, and trace spacing of the Tx coil

should also be considered as other variables in the optimization

process. However, adding all of these variables greatly expands

the design space and imposes a huge EM simulation overhead.

Therefore, we have assumed a single turn Tx coil with a trace

width of 0.2 mm. The optimization method that is used in this

work is described below:

• Step 1: Applying design constraints that are imposed by

the application requirements such as available area and

distance between the coils.

• Step 2: Initializing design variables of Rx coil such as

number of turns (N), trace width (W ), and spacing (S).
• Step 3: Detecting the optimum size of the Tx coil that

maximizes the η2port.
• Step 4: Modifying design variables of the Rx coil to

optimize η2port.

• Step 5: Following step 3 to step 4 until changing design

parameters does not result in any improvement.

The main constraints in the design process are imposed

by the requirements of a particular application. One of the

main goals of this work is to shrink the size to mm-scale.

Among different implantable application, neural recording and

stimulation devices have the most restricted area limitations.

Therefore, we have optimized the design for neural recording

implants and assumed that the maximum size of the Rx coil

is 1.6 mm, which is a reasonable size for a neural implant. It

has been shown that the optimal dimension of a Tx coil for

wireless power transmission to a mm-sized coil that is located

at distance d is bounded to a specific limit that is written in

[28]:

D ≤ d

√

2(1 +
√
5) (9)

Considering the application requirements, we have narrowed

down our design space by applying the following limits on the

design variables:

• 5 mm ≤ D ≤ 30 mm

• 1 ≤ N ≤ 4

• 25 µm ≤ W ≤ 150 µm

• 12 µm ≤ D ≤ 100 µm

Following the optimization algorithm over the design space

leads to an optimal design for the coils. We have implemented

the Rx coil as a two-turn square-shaped loop with the di-

mensions that are shown in Fig. 4. The demonstrated plots in

Fig. 5 show how the deviation of optimal design variables

affect the maximum achievable η2port. It should be noted

that each point in Fig . 5 reports the maximum value of the

η2port that is simulated versus frequency (twenty-one different

EM simulations). Due to the dependency of the S-parameters

to systematic parameters of the wireless link, the maximum

value of the η2port is achieved at different frequencies. As it

is evident from Fig.5(a), 2 cm is the optimal outer size for

the Tx coil and outperforms the other evaluated dimensions.

In addition, Fig. 5(b) reveals that using more than two turns

in the Rx coil degrades the η2port. The effect of trace width

can be clearly seen in Fig. 5(c). Although efficiency can be

enhanced by widening the traces, it results in more occupied

area. Since the Rx coil is integrated on the same silicon chip

with rest of building blocks of an IMD, it is desired to keep

the occupied area by the Rx coil as low as possible. Therefore,

we have avoided using a larger trace width. Finally, the effect

of spacing between the traces is depicted in Fig. 5(d).

C. Optimum Operating Frequency

As it was described before, transmitting RF energy at a

higher operating frequency increases the rate of magnetic flux

change and consequently induces higher voltage at Rx side.

However, as the frequency increases, more power is dissipated

in the intervening biological tissues. This phenomenon implies

that there is an optimal operating frequency for wireless

power transmission through biological tissues. We define the

optimum frequency as the frequency that maximizes the η2port
of a WPT system.
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Fig. 5. Variation of max(η2port) with respect to the following design
parameters: (a) Outer dimension of the Tx coil (D) when W = 100µm, N =
2, and S = 50 µm (b) Number of turn in the Rx coil (N) when D = 20 mm,
W = 100 µ m , and S = 50 µ m (c) Trace width (W) when D = 20 mm, N
= 2, and S = 50 µm (d) Spacing between the traces (S) when D = 20 mm,
N = 2, and W = 100 µm .

fopt = argmax
f

η2port(f) (10)

Ideally, the optimum frequency should be the frequency

that maximizes the PTE in (1). Reference [32] has proposed

an equation-based optimization method for inductive WPT

systems that includes the frequency-dependent behavior of

a voltage rectifier in the optimization process. The authors

have decoupled the optimization process of Tx and Rx coils

assuming that the 0.01 mm2 Rx coil is exposed to a uniform

magnetic field. This assumption greatly simplifies the opti-

mization process since it eliminates the need for an iterative

optimization algorithm. Although the proposed optimization

method is very insightful, the uniform magnetic field assump-

Frequency(GHz)
0 0.5 1 1.5 2 2.5 3

η
2
p

o
rt

 (
%

)

0

0.1

0.2

0.3

0.4

0.5

0.6

Chest

Head

Fig. 6. Two-port network efficiency of the wireless link with different tissue
models considering the effect of parasitic metallic objects in the chip.

tion does not hold for WPT systems with mm-sized Rx coils

and the optimization process of the coils cannot be decoupled

from each other [7], [12], [28]–[31]. Including the frequency-

dependent behavior of the voltage rectifier in an iterative

method expands the design space and significantly increases

the simulation time. Therefore, the operating frequency is

selected based on the link characteristics and a shunt capacitor,

which acts like a first-order matching network [33], is inserted

between the Rx coil and the rectifier at the operating frequency.

Through simulations, we found out that the variation of

ηRF−DC is much smaller than η2port. Simulation results are

presented in next sections of this paper.

In order to evaluate the effect of tissue composition on

η2port, we have used Zeland IE3D simulation tool, which is

a 3D Electromagnetic simulator to extract the S-parameters

of the wireless link [34]. It should be noted that the metal

pieces that are used for implementing the required circuitry

degrade the ηlink. Therefore, we have imported the entire

silicon chip metallic objects into IE3D by importing the .gds

file of the final layout. Details of the required circuitry and

the complete chip micrograph are depicted later in this paper.

The η2port is plotted for the human head and chest models in

Fig. 6. The degradation in η2port peak value can be clearly

seen by comparing the simulation results of Fig. 5 and Fig.

6. The simulation results indicate the fopt and the maximum

value of η2port are strongly dependent on tissue composition

of the wireless link as the fopt differs by 160 MHz for power

transmission through the head and chest layers. In addition, it

can be seen that the ηlink is very sensitive to the operating

frequency and deviation from fopt may significantly degrade

performance of the system.

The presented simulation results highlight the effect of inter-

vening tissues on the performance of a WPT system and the

importance of operating at the fopt. However, the composition

and thickness of biological tissues in the human body are not

same for all parts and vary depending on the organ. Even for

a specific part of the body, the tissue composition differs from
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Fig. 7. SAR distribution in multi-layer model of the human head averaged
over 10 gram of tissue with a reference power of 1W input power. (a) 500
MHz (b) 2 GHz.
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versus frequency when the input power to the Tx coil is 1W.

person to person based on their gender, race, and age [35]. In

addition to tissue variation, the η2port can be greatly degraded

by coil misalignment or variation in the separating distance

[36], [37], which are inevitable in a real case scenario. The

high sensitivity of a WPT system that utilizes a mm-sized coil

to the link parameters makes the wireless power delivery to

an implant extremely challenging.

D. Specific Absorption Rate

The long-term exposure to RF and microwave waves has

been proven to be very dangerous and raises serious concerns

regarding the effects of EM waves on the human body.

Specific Absorption Rate (SAR) is a well-known parameter

for quantifying energy absorption in biological tissues that

is caused by electric fields (E) passing through biological

medium. The SAR is defined as the absorbed power per unit

of tissue mass according to (11) where σ stands for electrical

conductivity and ρ represents the mass density of the tissue.

SAR(W/Kg) =
σ

2ρ
|E|2 (11)

In order to limit the absorption of electromagnetic waves,

safety regulations have been proposed by different organiza-

tions and nationalities. For instance, the IEEE C95.1-2005

safety standard for the human exposure to electromagnetic

fields in the RF and microwave frequency range of 3 kHz to

300 GHz specifies 10 W/kg for the local SAR, and 0.4 W/kg

for whole body as the maximum allowable absorption while

the European Union limits the SAR to 2 W/kg and Federal

Communications Commission (FCC) recognizes 1.6 W/kg

as the maximum SAR value [38]. We have used Computer

Simulation Technology (CST) 3D Electromagnetic simulation

tool [39] to calculate SAR values in biological tissues of the

human head model in Fig. 2. As stated before, the conductivity

of the biological tissues increases as a function of frequency,

which results in higher absorption. As an example, the SAR

distribution in the head model at 500 MHZ and 2 GHz are

shown in Fig. 7 with a log-scale colormap. The maximum

SAR values are calculated based on IEEE C95.3 averaging

method over 10 gram of tissue when the 2×2 cm2 Tx coil is

placed 2 mm above the closest layer and the input power to

the Tx coil is 1W. Fig. 8 shows the maximum SAR value in

the head model across frequency with respect to 1 Watt input

power to the Tx coil. For a different input power level, these

numbers can be scaled to calculate the maximum SAR value.

As expected, the SAR value increases at higher frequencies,

which limits the maximum deliverable power to the implanted

system because the input power to the Tx coil should be

maintained below a certain threshold level to ensure the safety

regulations are not violated. Considering the poor wireless link

efficiency, the maximum deliverable power to the implanted

chip is limited to few hundreds of micro-Watts when the

operating frequency is about hundreds of MHz.

III. RF TO DC CONVERSION

A. Voltage Rectifier

The received electromagnetic power induces a sinusoidal

voltage across the Rx coil terminals that cannot be used

directly for powering the building blocks of a typical IMD.

A common technique to convert received sinusoidal signals

to a dc voltage is using voltage rectifiers. Multiple topologies

and techniques for implementing a voltage rectifier have been

reported in the literature that provide different sensitivity and

conversion efficiency [33], [40]–[42]. The minimum input

power that is required to achieve a specific dc voltage for a

particular load is known as the sensitivity of a rectifier while

conversion efficiency is defined as the ratio of delivered power

to load of a rectifier over the input RF power and is expressed

as in (12). The tolerance of the power harvesting system to

coil misalignment and wireless link parameters depends on

the sensitivity of the voltage rectifier. On the other hand,

poor conversion efficiency results in less available power for

operation of the system. Therefore, it is very important to

choose a topology that provides acceptable sensitivity and

conversion efficiency. Among different structures, self-driven

topology, which is a full-wave rectifier provides a good balance

between the sensitivity and the conversion efficiency and is a

good choice for mm-sized IMDs.

ηrec(Pin, RL, f) =
PDC

Pin
(12)
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The ηrec of a rectifier is a function of operating frequency

(f ), input RF power to the rectifier (Pin), and the dc load

(RL). Rectifiers are generally non-linear circuits and most of

their characteristics depend on the input power level [33], [43].

The amplitude of the sinusoidal signal that is captured by the

Rx coil is not high enough and varies from tens to hundreds

of milli-Volts depending on available power at the Rx side.

Hence, a single stage rectifier cannot provide an acceptable

dc voltage. However, the voltage level can be enhanced by

using multiple cascaded rectifier units at the cost of lower

conversion efficiency. The voltage rectifier that is used in this

work, is composed of six cascaded stages connected to an on-

chip capacitor (CS = 1.2 nF) that is used to smooth the ripples

at the output and store electrical energy. A circuit schematic

of the voltage rectifier is shown in Fig. 9. All transistors in

the rectifier schematic have a width of 1 µm and a length of

180 nm.

Optimizing the ηrec is a complex task since it is dependent

on the three terms that are shown in (12). We have simulated

the rectifier with a setup that is shown in Fig. 9 in order

to evaluate the effect of loading, operating frequency, and

input power level on the characteristics of the rectifier. The

R
1.0

L

P     =-15 dBm
avS

P     =5 dBm
avS

-j1.0

-

(a)

100 MHz

3 GHz

PavS (dBm)
1.0

-j1.0

-

(b)

Fig. 11. Reflection coefficient between the source (ZS = 500 Ω and
f = 300 MHz) and the voltage rectifier (a) S11 versus PavS for multiple
values of RL (b) S11 versus frequency for multiple values of PavS .

power source presents a model for the on-chip Rx coil and

the PavS is the available power at the receiving side that is

transferred through the wireless link and is captured by the Rx

coil. In addition, the operating frequency and the impedance

of the power source in Fig. 9 are set to 300 MHz and 500

Ω, respectively. These values are obtained by assuming that

the chip is implanted in the human head and the Rx coil is

resonating with a shunt capacitor. The ηrec of the rectifier is

simulated for different values of resistive loads (RL) and is

plotted in Fig. 10. As expected, the ηrec is strongly affected

by the variation of PavS and loading. According to Fig. 10,

when the PavS is low, the voltage rectifier shows a poor ηrec
due to the fact that the induced voltage across the Rx terminals

is not high enough to overcome the threshold voltage of the

transistor. As the PavS increases, the amplitude of the induced

voltage raises and the rectifier gradually wakes up. However,

the minimum required power for activation changes depending

on the load size. The ηrec improves with PavS increment

until the reverse leakage current in the transistors become

considerable. At this point, further increment of PavS degrades

the ηrec. This behavior can be seen for 61 kΩ, 81 kΩ, and 100

kΩ loads in Fig. 10. In addition, Fig. 10 also indicates that

even for a given PavS , ηrec can be optimized by controlling

the load size.

Similarly, the input impedance of the voltage rectifier de-

pends on the parameters in (12). We have used Keysight Ad-
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vanced Design System (ADS) to simulate the voltage rectifier

and evaluate the effect of operating frequency, input power

level, and load size on the input impedance of the rectifier.

The impedance value is calculated based on the result of Large

Signal Scattering Parameter (LSSP) simulation, which takes

the non-linearity of the rectifier into account.

Fig. 11(a) shows the variation of reflection coefficient versus

PavS for different values of RL at 300 MHz where the PavS

is swept from -15 dBm to 5 dBm for each RL. Similar to

the statement that was made for the ηrec, at low input power

levels, the rectifier is partially or completely off and it shows

huge input impedance values. Therefore, the impedance that

is seen by the power source in Fig. 9 can be considered as an

open circuit.

Operating frequency is another important parameter that

affects the input impedance. The reflection coefficient between

the source and the voltage rectifier for different levels of PavS

is shown in Fig. 11(b) where the frequency is swept from 100

MHz to 3 GHz while RL = 8 kΩ. It should be noted that the

impedance of the Rx coil is also a function of frequency. How-

ever, the impedance of Rx coil at resonance with an external

shunt capacitor has a small variation over the frequency range

of interest. Therefore, the value of source impedance has been

set to 500Ω. According to this plot, the amount of reflected

power is dominantly controlled by the input power level and

is not impacted significantly with small variation of frequency.

Therefore, the impedance mismatch between the Rx coil and

the voltage rectifier is mainly dependent on the PavS .

Impedance matching between the rectifier and the two-port

network is necessary to maximize the delivered power to the

implant and eliminate power reflection. As it was discussed

in the last section, any variation in wireless link composition

impact the ηlink and fopt , and consequently changes the

PavS . On the other hand, the impedance of the voltage rectifier

is very sensitive to the PavS as it is indicated in Fig. 11.

Therefore, a practical matching network should be able to

change the values of constituent components adaptively, which

requires a processing unit for dynamic calibration. However,

implementing a dynamic matching network requires additional

circuitry for measuring the impedance of the network and the

rectifier [19], [44]–[46]. Adding such a dynamic calibrator to

the system imposes power and area overhead in the design

while the improvement of ηlink does not necessarily over-

weight the additional power consumption. Hence, instead of

including an adaptive matching network in the design, we have

decided to match the on-chip coil and the voltage rectifier by

inserting a shunt capacitor between them. The terminals of the

coil that are presented as VP and VN in Fig. 9 are available via

two bond-pads on the chip. Depending on the characteristics

of the wireless link and the fopt, a proper matching capacitor

is connected to these pads and resonates with the on-chip Rx

coil and the voltage rectifier. The value of this capacitor can

be changed for tuning the resonance frequency.

The results that are presented in this section reveal another

important challenge for wireless power delivery to mm-sized

IMDs. As it was shown, the ηrec and the input impedance

of the voltage rectifier are very sensitive to the PavS . On the

other hand, the PavS can be easily changed due to different

causes that are discussed in the last section. As a result, the

characteristics of the voltage rectifier are affected and the PTE

is degraded significantly.

B. Power Management Unit

A high-performance IMD is composed of several power

demanding sub-systems that may operate continuously over

time or only for a specific time duration [47]. For instance,

data telemetry and stimulation are two power-demanding tasks

that are not conducted continuously and change the power

consumption of an IMD significantly. Any change in the

total power consumption of an IMD changes the effective

impedance that is seen by the voltage rectifier and conse-

quently changes the PTE. On the other hand, the available
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power level at the Rx coil can be easily changed because of

the high sensitivity of the wireless link and may cause a power

harvesting system not to be able to drive the building blocks

of an IMD. A practical power harvesting platform for such

systems should be able to deliver milli-Watts of power for

the operation of the IMD. However, based on the presented

results and analysis on SAR values, ηlink , and the ηrec of the

voltage rectifier in previous sections, the maximum harvested

power by the mm-sized chip is limited to few-hundreds of

micro-Watts.

We have designed and proposed a power harvesting system

that is immune to the variations of the ηlink and can power up

implants with a wide range of power consumption. Depending

on the available power at the Rx coil terminals and the

power consumption of the load, the power delivery mode can

be continuous or duty-cycled. Duty-cycled operation of the

power-demanding blocks such as a data transceiver is a well-

known technique to cope with the limited available power in

wirelessly powered systems [40], [48]. Typically, an IMD is

composed of sensor array, data transceiver, logic control unit,

Analog to Digital Converter (ADC), and stimulation unit that

dominantly controls the power consumption of an IMD. The

system architecture of the proposed power harvesting system

along with building blocks of a typical IMD is depicted in

Fig. 12. The power harvesting system includes a six-stage

voltage rectifier, a low dropout voltage regulator, and a Power

Management Unit (PMU).

The main core of the proposed power harvesting system

is the PMU, which determines the power delivery mode and

sets the activation time of power-demanding blocks of an

IMD. If the power consumption of a load that is connected to

the voltage regulator is less than the harvested power by the

system, the PMU sets the power delivery to continuous mode.

In this case, the EN signal is always high and the regulator

delivers a constant DC voltage to the load continuously.

Otherwise, the PMU disables the voltage regulator and the

voltage rectifier charges the storage capacitor and increases the

voltage level (VC). The voltage across the storage capacitor is

monitored by the PMU. Once the VC reaches a predefined high

threshold value (VH ), the PMU activates the power-demanding

blocks of the IMD. Upon the activation of the entire system,

the stored energy is dissipated rapidly and the storage capacitor

discharges in a very short time. It is essential to always keep

the VC higher than a low-threshold value (VL) to ensure the

PMU always remains active. Therefore, the PMU prevents the

storage capacitor to be completely discharged and does not

allow the VC to be less than the VL. After the VC reaches VL,

the PMU disables the operation of the IMD and the power

harvesting unit recharges the storage capacitor.

The operation of the PMU in the duty-cycled mode re-

sembles a hysteresis comparator with two different threshold

values. As it is shown in Fig. 12, the PMU is realized using a

differential voltage comparator, voltage reference generator, a

voltage divider, and a multiplexer (MUX). The voltage divider

down converts the VC with two different division ratio , DR1

and DR2 (DR2 > DR1). During charging mode, the EN

signal ,which is also the select signal of the MUX, is low and

the MUX feeds DR1 × VC to the non-inverting node of the
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comparator. As the storage capacitor charges to higher voltage

levels, the non-inverting nodes exceeds the reference voltage

and the EN signal goes high. At the same time, the voltage

level on non-inverting node of the voltage comparator changes

to DR2 × VC and CS discharging begins. The rapid jump of

non-inverting voltage level causes the EN signal to stay high

till Vref = DR2 × VC and forms the hysteresis behavior of

the PMU.

The circuit schematics of all PMU parts are shown in

Fig. 13. It is extremely important to minimize the power

consumption of all constituent blocks in the PMU to improve

the sensitivity of the power harvesting unit. To do so, all

constituent blocks in the PMU are designed to operate in

the deep sub-threshold region and the bias current of the

comparator is reduced as much as possible. In order to reduce

the voltage level of the signal that is fed to the comparator,

a chain of eleven diode-connected transistors with the same

dimensions is used to realize the voltage divider. The MUX

is implemented with an NMOS and a PMOS transistors that

are connected to the voltage divider as it is shown in the

schematic. One of the most important blocks of the PMU

is the reference generator. It provides a constant voltage to

be compared with the output of the MUX and the accuracy



IEEE TRANSACTION ON MICROWAVE THEORY AND TECHNIQUES 10

of the generated voltage controls the VH and VL values.

Since the VC is has a large fluctuation in the duty-cycled

operation, it is halved by a voltage divider before being used

as the supply voltage for the reference generator. The basic

principle of the operation of the voltage reference is based

on the threshold voltage difference of double-gate and single-

gate CMOS transistors [49]. This structure provides a low

Line Sensitivity (LS) while consuming a negligible amount

of power. In this design, two single-gate NMOS transistors

and four double-gate transistors are stacked to increase the

voltage level and achieve the desired reference voltage.

The discharging time of the storage capacitor is mainly de-

termined by the load current and size of the storage capacitor,

which is shown in (13).

∆V

∆T
=

Iload
CS

(13)

The discharge rate should be kept less than the slew-rate

of the voltage comparator in the PMU to ensure that the EN

signal tracks the VC during activation time of the regulator

load. According to (13), discharging rate can be reduced by

either increasing the size of storage capacitor or reducing

the load. Transient response of the power harvesting system

in discharging mode is limited by the slew-rate of voltage

comparator in the PMU which is 10 mV/µs. Therefore,

to ensure the power harvesting system properly operates,

discharging rate of the storage capacitor should be less than

the slew-rate of the comparator.

C. Voltage Regulator

The power-demanding blocks that are activated during

discharging mode cannot directly be powered up using the

VC . Hence, an on-chip low-dropout (LDO) voltage regulator

is included in the design in order to provide a constant

voltage for operation of those blocks. The voltage regulator

is implemented with a circuit schematic that is shown in Fig.

14. It includes an error amplifier that changes the impedance

of a PMOS transistor and maintains a constant voltage at

the output node. The output voltage is sampled using two

diode-connected single-gate transistors (Mf1 and Mf2 ) and

is compared with a 504 mV voltage that is generated by the

reference generator that is shown in Fig. 14. Since the VC

has a large fluctuation in the duty-cycled mode, one of the

most important design parameters for the voltage regulator

is the Line Regulation (LR) that is defined as the ratio of

the regulated voltage variation over the supply voltage as

expressed in (14).

LR(%) =
∆Vreg

∆VC
× 100 (14)

A 100 pF on-chip capacitor (CR = 100 pF) is used as a

decoupling capacitor at the output node of the regulator to

improve the line regulation of the LDO and stabilize the output

signal. In addition, a Miller compensation technique with a

nulling resistor is implemented with a capacitor (Cc = 10 pF)

and a 10 kΩ resistor to eliminate right half plane (RHP) zero

and improve the stability of the LDO. Simulation results show

that the frequency compensated feedback loop has a loop gain

of 16.45 dB and a phase margin of 84 degrees at 322 kHz.

Transient response of the voltage comparator is faster than

the discharging time of the storage capacitor. Therefore, the

voltage regulator can fulfill the requirements of the power

harvesting system with a quiescent current (IQ) consumption

as low as 10 µA.

The conversion efficiency of a voltage regulator (ηreg) is

another contributing term in total power transfer efficiency as

it is shown in 1. Unlike voltage rectifier, the conversion effi-

ciency of a regulator is not a function of operating frequency

and can be defined as:

ηreg =
Vreg × Il

(IQ + Il)× VC
(15)

Where Il is the output current of the regulator that flows

into a load connected to Vreg and VC is the input voltage to the

LDO that is connected to the storage capacitor. To maximize

the ηreg , the difference between VC and Vreg should be as low

as possible. However, reducing the level of VC results in less

energy storage across the storage capacitor during charging

phase.

IV. MEASUREMENT RESULTS

A. Wireless Link Characterization

The chip is fabricated in GlobalFoundries 7RFSOI 180-nm

technology with an active area of 2.56 mm2. The on-chip

receiving coil is implemented with two turns in the top metal

layer of the process with a trace width of 100 µm to achieve

small series resistance and a high quality factor.

The ηlink and the characteristics of the on-chip coil are

measured by obtaining the S-parameters between the Tx loop

and the fabricated chip. Measurement setup for acquiring

S-parameters is shown in Fig. 15. In this measurement, a

Keysight E8257D network analyzer is used to extract the S-

parameters of the system. The Rx coil is connected to the

network analyzer using a 50A-SG-100-PD-N GGB probe,

which is landed on the bond-pads that are connected to the Rx

coil. The chip is mounted on a Plexiglas plate with a thickness

of 1 cm to isolate the Rx coil from the conductive chuck of

the probe station. The power level of each port in the network

analyzer is set to -8 dBm. Considering the value of ηlink, the

power level that is induced at the Rx side is small enough to

assume that the voltage rectifier is completely off and does

not affect the acquired S-parameters.

The purpose of wireless characterization is detecting the

fopt, η2port, ηlink, and the impedance of Tx and Rx coils

for a particular intervening medium between the Tx and

Rx coils. First, we have used the transmitter shown in Fig.

16(a) in the measurement setup of Fig. 15 to obtain the

S-parameter of the two-port network. Post processing the

acquired S-parameter and using (4)-(6) leads to detecting

fopt and max(η2port). For instance, the η2port of the two-

port network is plotted based on simulated and measured S-

parameters in Fig. 17 when the Tx and Rx coils are coupled

through 10 mm of air. According to the depicted plots, the
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optimum frequency for power transmission is 434 MHz and

the peak value of η2port reaches to -21.7 dB (0.68%). However,

simulated peak value of η2port is -20.12 dB (0.97%). This

small difference is mainly caused by calibration error and the

connecting cables that disturb the electromagnetic fields. The

difference between measured and simulated η2port increases as

the operating frequency deviates from the optimum frequency.

The reason behind this phenomena is that the power level

that is sensed at the network analyzer ports becomes smaller

for a lower η2port. The contribution of unwanted signals in

S-parameter measurement acts as a noise source and causes

large fluctuations in η2port curve. Therefore, the Signal-to-

Noise Ratio (SNR) of the signal picked up by the network

analyzer is higher around optimum frequency and measured

results have a higher accuracy.

In order to evaluate the impact of intervening medium on

η2port, we repeated this experiment with two different types

of biological tissues. To ensure that the probe is not damaged

during the measurement, the tissue is attached to the Tx loop

and is placed 2 mm above the chip. Since using the actual

human tissue in the measurement process was not possible

by the time that the experiment was conducted. Instead,

thick layers of chicken breast and bovine muscle are used as

intervening biological medium to show the sensitivity of the

wireless link to tissue type variation. It should be noted that

power absorption of a tissue increases as its water content

increases. Considering that both chicken breast and bovine

muscle have a high water content, they result in more power

attenuation compared with the case that the chip is implanted

in the human head or chest with equal implantation depth.

Therefore, the link efficiency that is resulted in this experiment

is representing the worst condition for an IMD in case of

link efficiency. The optimum frequency and the maximum

value of η2port for each tissue are reported in Table II. As

expected, presence of biological tissues decreases the optimum

frequency and degrades η2port.

In the next step, we have used the Tx coil in Fig 16(b) to

measure ηlink. The feed line to the transmitter is a Coplanar



IEEE TRANSACTION ON MICROWAVE THEORY AND TECHNIQUES 12

TABLE II
PERFORMANCE SUMMARY OF THE WIRELESS LINK WITH DIFFERENT INTERVENING MEDIA

Intervening Medium fopt(MHz) max(η2port) (%)

10mm Air 434 0.97
12mm Air 452 0.5

2mm Air +10 mm Chicken Breast 241 0.56
2mm Air +10 mm Bovine Muscle 237 0.026
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Fig. 18. Link efficiency (ηlink) of the wireless link at 10 mm separation
through air.

Waveguide without any ground plane. In order to set the

characteristic impedance of the feed line to the reference

impedance, the Tx coil is implemented on a Roger 4350B

substrate with a thickness of 30 mil. The presence of the gap

makes it possible to place different discrete components on

the board and match the Tx coil to the source at the desired

frequency. It should be noted in the frequency range of interest,

the length of matching components is considerably smaller

than the wavelength of the generated signal by the source.

Once the optimum frequency is detected, matching networks

are used to maximize the ηlink at the fopt. A low-pass LC

network is implemented to match the Tx coil to the source as

is shown in Fig. 16(b). The Tx coil with proper matching

components is used in measurement setup of Fig. 15 and

the S-parameters of the two-port network are recorded again.

Assuming that the available power level at the receiving coil is

0 dBm, the simulated input impedance of the voltage rectifier

is considered as the load of the Rx coil. The impedance

mismatch between the Rx coil and voltage rectifier is inserted

in post-processing. The ηlink based on simulated and measured

S-parameters of the wireless link are plotted in Fig. 18. As it is

evident from this plot, the simulation and measurement values

are in good agreement and the ηlink of the wireless link can

reach up to -22.57 dB (0.55%).

The characteristics of the on-chip Rx coil is also obtained

using the measured S-parameters. Measurement results reveal

that when the transmitter and the chip are separated by 10 mm

of air, the quality factor of the on-chip coil reaches 14.18 at

434 MHz and the inductance of the coil is 7.30 nH.
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Fig. 19. Measurement setup for evaluating the performance of the wireless
power harvesting system.
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B. Power Harvesting System Evaluation

In this section, we have evaluated the performance of

the entire power harvesting system. Measurement setup for

circuitry test is shown in Fig. 19 where the chip is mounted

on a PCB and the bond pads are connected to PCB traces

by bond wires. The main purpose of this experiment is to

evaluate the performance of the designed circuitry based on

the link characterization that was described in part A. Using

a different intervening medium between the coils only affects

the performance of the wireless link and changes the available

power at the Rx side. As it was explained, a proper matching

network can be utilized Tx side eliminate power reflection

between the Tx coil and power source. In addition, an off-

chip shunt capacitor is placed between the on-chip terminals,

which are available via two bond pads, to set the resonance

frequency to fopt. The performance of the designed circuitry

is evaluated for different loads and transmitted power levels.

In order to evaluate the conversion efficiency of the voltage

rectifier (ηrec), the power transfer efficiency from the trans-

mitter to the output of the voltage rectifier is measured for

different loads. Since a 1.2 nF on-chip capacitor is used at

the output of the rectifier, the VC can be directly used for
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(a) (b)

Fig. 21. Recorded waveform from the power harvesting system when PG = 15 dBm and CS = 101.2 nF (a) Regulator load: 1 kΩ (b) Regulator load: 8 kΩ
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Fig. 22. The chip micrograph of the power harvesting system fabricated in
0.18µm SOI CMOS technology

continuous power delivery to the loads that are constant or

have negligible variation. In this measurement, the transmitter

is connected to a Keysight PGAE50AB signal generator that

operates at 434 MHz and the output voltage is recorded with a

mixed-signal oscilloscope that has an impedance of 1 MΩ ‖13

pF. Fig. 20 shows the measured power transfer efficiency from

the 2×2 cm2 transmitter to the output of the voltage rectifier

(ηlink×ηrec). The measurement is done for 20 mW (13 dBm)

and 50 mW (17 dBm) of source power level (PG). At each

level, the resistive load that is connected to the VC is swept

and the dc voltage across the load is recorded. The voltage

regulator is disabled during the measurements. Therefore, the

voltage level of the VC can exceed the VH . To ensure that

there is no damage to the transistors, the input power level

is not increased more than 17 dBm. Knowing the value of

the ηlink, the ηrec can be extracted from this measurement

by de-embedding the power attenuation that is caused by the

two-port network and matching networks.

The performance of the PMU and the voltage regulator are

also evaluated for different transmitted power levels and loads.

Measurement results show that when the generated power of

an RF source is limited to 24 dBm, the power harvesting

system can continuously provide a constant 1.08V dc voltage

for resistive loads that are larger than 20 kΩ. It worth mention-

ing that the transmitted power level is under FCC regulation

(1.6W/Kg). According to Fig .8, the maximum allowable

transmitted power from the Tx coil for the simulated head

model is 30.7 dBm.

The overall power transfer efficiency of the system is

strongly dependent on the available power level at the Rx

coil and the load size since the conversion efficiency and

impedance of the rectifier are greatly affected by both of these

parameters. The power harvesting system can be optimized for

a specific load and transmitted power to improve the power

transfer efficiency. However, in a real-case scenario, these

parameters cannot be controlled.

For a given transmitted power from the Tx coil, the avail-

able power at the Rx side can be reduced significantly by

tissue variation, coil misalignment, or deviation of operating

frequency from fopt. In addition, the load size of the system

also may change. As a result, the available power at the Rx coil

may not be sufficient for driving the load continuously. In this

situation, the system changes the power delivery to duty-cycled

mode. Fig. 21 shows the operation of voltage regulator and the

PMU in the duty-cycled mode while the VC is periodically

charges and discharges. In order to limit the discharging rate

of the storage capacitor, an external 100 nF capacitor is used

in parallel with the on-chip capacitor. The plotted waveform

in Fig. 21 indicates that the voltage regulator can successfully

provide 1.08 V for the 1 kΩ load during discharging mode. The

recorded waveform shows that the voltage regulator achieves

an LR value of 3%, which imply that the regulated voltage

has very small variation while the VC is highly fluctuated and

changes from 1.24 V to 2.44 V. For this amount of voltage

fluctuation across storage capacitor, ηreg changes from 87%
to 45% when a 1 kΩ load is connected to the regulator. The

power harvesting system can deliver up to 1.17 mW of power

during discharging phase. It is worthwhile to mention that the

delivered power in discharging mode can be increased by using

a larger storage capacitor that limits the discharging rate. In

addition, the duty cycle of the power delivery can be controlled

by adjusting the level of transmitted power or changing the

load of the voltage regulator.

The key performance parameters of the power harvesting

system are compared with state-of-the-art mm-sized power

harvesting systems. It should be noted that increasing the size

of on-chip coil and decreasing the separation distance improve
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TABLE III 

PERFORMANCE COMPARISON OF WIRELESS POWER HARVESTING SYSTEMS  

 This Work JSSC‘17 [13] TBCS‘16 [18] TBCS‘15 [12,19] JSSC‘ 15 [16] ISSCC‘09 [10] 

Process 0.18µm SOI CMOS 0.18µm SOI 

CMOS 

65 nm CMOS 0.13µm CMOS 65 nm CMOS 0.13µm CMOS 

Rx Coil Area (mm2) 1.6x1.6 3x3 2x2 2x2.18 6.5x6.5 2x2 

Coil Inductance (nH) 7.3  23.7  N/A 130  32  N/A 

On-chip Coil Yes Yes No Yes No No 

Power Delivery 

Mode 

Continuous/ Duty-

cycled  

Continuous Continuous Continuous Continuous Continuous 

Frequency (MHz) 434  144 1320 160 300 915/1000 

Maximum !"#$% (%) 0.68 2.75 0.02 1.42 2.24* -0.08 

Intervening medium  10mm Air 10mm Air 35mm Porcine 

Heart  

10 mm Air 12.5 mm 

Intracranial 

15mm Bovine 

Muscle 

On-chip storage Yes** No No No No No 

Regulation Method LDO Regulating 

Rectifier 

LDO LDO LDO LDO 

Vout 1.1 0.8 0.7 3.1 0.5 1.2 

Line Regulation (%) 3 N/A N/A N/A N/A N/A 

Decoupling Cap (pF) 100 1000 1.4 20 4000 N/A 

FOM 165.1 102 84.9 156.2 15.92 33.51 

   *: Simulated 

   **: Only in continuous mode 

the ηlink. In order to compare the performance of the chip

with other tabulated designs, we have used a Figure of Merit

(FOM) that is proposed by Zargham and Gulka in [12]. The

proposed FOM is proportional to the cube of the distance

between transmitter and receiver, which is expressed as:

FOM =
ηlink(%)× d3

A3/2
(16)

Where d is the distance between the antennas and A is

the area of the on-chip coil. However, the type of tissue that

impacts the ηlink is not included in this FOM. The designed

power harvesting system can achieve a FOM of 165.1 and has

the smallest area among the tabulated works.

V. CONCLUSION

In this paper, we presented a 1.6×1.6 mm2 dual-mode wire-

less power harvesting platform with an on-chip coil for mm-

sized biomedical implants. The system is fabricated in 180-nm

SOI CMOS process and the chip micrograph is depicted in Fig.

22. The design introduces a power management technique that

makes the power harvesting system immune to the variations

of wireless link efficiency that can be caused by tissue type

variation, misalignment, and movement of Tx and Rx coils.

Depending on the available RF power at the Rx and the power

consumption of the load, the PMU sets the power delivery state

to continuous or duty-cycled mode, which enables the system

to drive implants with a wide range of power consumption.

Measurement results show that the designed system achieves

a wireless link efficiency of 0.68% and a FOM of 165.1. The

fabricated chip adaptively sets the power delivery mode is

capable of delivering up to 1.17 mW in the duty-cycled mode

while the amount of transmitted power is 15 dBm.
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