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Abstract— We present a near-field radio system for a
millimeter-scale wireless smart sensor node that is implantable
through a 14-gauge syringe needle. The proposed system inte-
grates a radio system on chip and a magnetic antenna on a
glass substrate within a total dimension of 1 × 1 × 10 mm3.
We demonstrate energy-efficient active near-field wireless com-
munication between the millimeter-scale sensor node and a base
station device through an RF energy-absorbing tissue. The wire-
less transceiver, digital baseband controller, wakeup controller,
on-chip baseband timer, sleep timer, and MBUS controller are
all integrated on the SoC to form a millimeter-scale sensor node,
together with a 1 × 8 mm2 magnetic antenna fabricated with
a 1.5-µm-thickness gold on a 100 µm-thickness glass substrate.
An asymmetric link is established pairing the sensor antenna with
a codesigned 11 × 11 cm2 base station antenna to achieve a link
distance of up to 50 cm for sensor transmission and 20 cm for
sensor reception. The transmitter consumes a 43.5 µW average
power at 2 kb/s, while the receiver power consumption is 36 µW
with a −54 dBm sensitivity at 100 kb/s. When powered by a
1×2.2 mm2 thin-film battery (2 µAh, 4.1 V), the designed system
has a two week expected lifetime without battery recharging
when the system wakes up and transmits and receives 16 b data
every 10 min.

Index Terms— Asymmetric inductive link, low power,
millimeter scale, syringe implantable, system on chip (SoC).

I. INTRODUCTION

IMPLANTABLE smart devices are gaining attention due to
their potential uses in medical and healthcare applications

that aim to improve the quality of human life. Beyond well-
known applications such as pacemakers [1] and cochlear
implants [2], we envision millimeter-scale smart implantable
devices that can perform long-term sensing, local computation,
real-time actuation, and data transfer.

As shown in Fig. 1, there has been a continuous trend
to shrink the volume of implantable pacemakers [3]. While
their volume has been reduced dramatically, their minimum
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Fig. 1. Long-term trend of implantable pacemaker size over years [3].

Fig. 2. Targeted syringe-implantable smart sensor node with proposed radio
and other functional layers.

size still remains around 1 cm3, a size that requires inva-
sive and more risky surgery for implantation. Meanwhile,
passive RF tags are available with a much smaller volume—
approximately 12 mm3 (a 83× volume reduction) [4]. These
small devices can be implanted through a syringe needle,
minimally affecting a patient’s everyday life. However, these
implantable radio-frequency identification (RFID) tags are
passive devices that are only powered when a reader is in
proximity. This lack of an integrated power source makes
RFID devices incapable of performing the complicated duties
that we envision for implantable smart devices. In addition,
injectable microstimulators have been presented with active
functions including neuromuscular stimulation and data com-
munication [5]–[7]. However, to support complicated active
operations, those implants typically incorporate a large chip,
many off-chip components, and a bulky battery, hindering
further miniaturization.

The goal of this paper is to enable the development of
implantable smart devices that are much smaller than 1 cm3

but still have the ability to perform autonomous medical
functions with a restricted local power source. This idea has
driven the proposed syringe-implantable smart sensor node,
whose conceptual configuration is shown in Fig. 2. The system
is constructed from several layers (chips) that are stacked and
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connected through wire bonding [8]. The thickness of each
layer is approximately 100 μm. All layers, including the radio,
a processor, a thin-film battery, and other peripherals, such as
sensor layer and power management layer, are implemented
with fully integrated circuits eliminating external off-chip
components, which allows reduction in size. Furthermore,
compared with placing all circuits in single large chip [5], [6],
the stack-based integration scheme reduces overall system
volume and enables increased system functionality [8]. The
sensor node’s overall 1 × 1 × 10 mm3 form factor is specif-
ically tailored to make it implantable through a 14-gauge
syringe needle, eliminating the need for surgery. There has
been continual research to realize a millimeter-scale ultralow
power (ULP) sensor system with multiple functional layers
powered by a thin-film battery [9], [10]. This paper introduces
a new solution to enable long distance (>20 cm) near-field
communication between these millimeter-scale ULP wireless
sensor nodes and a base station through tissue.

There are many unique challenges for a radio system that
is constrained to a millimeter-scale syringe-implantable form
factor. To fit into a syringe needle, the antenna dimension is
strictly constrained to a millimeter or less in width. Because
this dimension is much smaller than the wavelength (e.g., 3 m
for 100 MHz), the antenna gain is very poor. In addition,
the RF wireless communication link distance is significantly
constrained by the severe signal loss in an electromagnetic
field-absorbing tissue. A third major challenge is the extreme
energy and power constraints imposed on the system.
A thin-film battery limited in size to 1 × 2.2 mm2 provides
only 2 μAh. Moreover, its peak power is less than 50 μW
due to the high intrinsic resistance [11]. These limitations
present a challenge in designing radio transceiver circuits,
which typically consume >100 μW active power. Addressing
these challenges is the topic of this paper.

A number of works have been presented on ultrasmall
implanted radios. Backscattering, in which the passive radio
in a sensor node reflects an incoming signal from a base
station or a reader, is the most common method used to
realize ULP consumption [12], [13]. These works consume
approximately 1 μW with a small system volume, on the order
of several cubic millimeters. However, backscattering suffers
from reader self-jamming, limiting the communication range
to less than 3.5 cm [13], [14]. Wirelessly powered sensor nodes
that achieve longer communication distances exist (see [14]),
but they typically require bulky off-chip passive components
that do not fit in the millimeter-scale form factor. In contrast,
active radios can support significantly longer ranges [15], [16]
with a smaller volume. In [15], a 1.5 mm3 complete system
with an active transmitter was reported. However, this design
includes only a transmitter, and its active power consumption
is rather high (45 mW). An active transceiver with an on–off
keying (OOK) transmitter and a super-regenerative receiver is
proposed in [16] to obtain a range greater than 10 cm. How-
ever, the system is codesigned with a 2.3 cm × 2.4 cm loop
antenna that is unacceptable for a millimeter-scale system.

We propose three techniques by which to realize a
ULP millimeter-scale implanted sensor node communication
system.

Fig. 3. Proposed millimeter-scale radio system within a syringe needle on top
of a one cent coin. Note that further die stacking and hermetic encapsulation
are necessary for final implantation.

1) A codesigned asymmetric magnetic antenna pair on the
implanted sensor node and the base station device.

2) A pulse-inject H-bridge oscillator with improved effi-
ciency that replaces a conventional constant-bias cross-
coupled oscillator [15], [16].

3) A new sensor-initiated synchronization protocol in
which timing offset estimation is performed on the base
station, eliminating the need for an area-demanding off-
chip crystal and synchronization baseband processing on
the sensor node and thereby significantly improving its
energy efficiency.

Combining these techniques, the proposed system achieves a
link distance up to 50 cm for sensor transmission (TX) and
20 cm for sensor reception (RX) through 3 cm of tissue. The
system fully integrates the transceiver, baseband controller,
timer, wakeup controller, and MBUS controller [17] on a
single chip together with a millimeter-scale magnetic antenna
fabricated on a glass substrate [18].

This paper is organized as follows. Section II describes
the sensor-initiated communication and the wakeup and sleep
control circuits. Section III describes the design and analysis
of the antenna. Section IV describes the circuit design of the
transceiver. Section V presents measurement results using the
proposed system, and Section VI then concludes this paper.

II. OVERVIEW OF SYSTEM

A. System Overview

Fig. 3 is a photo of the proposed radio system that fits into a
14-gauge syringe needle. The syringe implantation constrains
the width of the system to approximately 1 mm, whereas the
length can be significantly more than 1 mm. Note that it is
the antenna, rather than the radio chip, that dominates the
overall system volume. The sensor node’s magnetic antenna
is 1 × 8 mm2 in size and is printed on top of the 100-μm-
thick glass substrate. The radio chip is designed to be 1 mm
wide to fully utilize the available area yet fit into the syringe.
The chip sits on the same glass substrate and is connected
to the antenna by wire bonding. It is worth mentioning that
Fig. 3 shows a proposed radio, which is the focus of this paper,
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Fig. 4. Proposed single-chip radio system with a 1 × 8 mm2 glass substrate antenna for wireless communication between the sensor node and the base
station.

rather than the target sensor node. A complete system requires
the integration with other functional layers (processor, thin-
film battery, power management unit, and other peripherals)
by die stacking and wire bonding [7], which will increase the
size of the system by approximately 0.5 mm in height (width
and length would remain essentially the same). Moreover,
hermetic encapsulation (e.g., glass capsule) of the overall
system is necessary for the final implantation [5], [6] and
would add approximately 400 μm to each dimension. If so, a
final packaged sensor node is expected to fit into a 13-gauge
needle, which has an inner diameter of 1.8 mm.

Fig. 4 shows the system block diagram. The proposed radio
for the sensor node exchanges data with the base station
through near-field inductive coupling, which is a common
method for through-tissue communication. It is worth noting
that the antennas on the millimeter-scale sensor node and the
base station have dissimilar dimensions that are codesigned
to enhance coupling strength. The antenna dimension in the
sensor node is 1 × 8 mm2, whereas the base station antenna
size is 11 × 11 cm2. The bidirectional link between the
sensor node and the base station utilizes asymmetric carrier
frequencies: 112 MHz for sensor node TX (i.e., uplink) and
49.86 MHz for sensor node RX (i.e., downlink). Justification
for this asymmetric link design will be discussed in Section III.
In the SoC, the power oscillator in the pulsed transmitter oper-
ates directly from the battery (4.1 V), whereas other blocks,
including transmitter (except power oscillator), receiver, base-
band controller, on-chip timer, wakeup controller, and sleep
timer, operate on 1.2 V supply. Since this radio SoC is
designed to be integrated with other functional layers (e.g.,
the processor and sensor), a power management unit [19] on
one of the system layers generates the global 1.2 V supply,
which is downconverted from a battery supply. In the target
ULP sensor node with a stack of multiple layers, the designed
radio can exchange data and command with other layers via
an MBUS interface [17].

B. Sensor-Initiated Synchronization
Timing synchronization is a critical part of the wireless

sensor communication. In general, timing synchronization
is performed at the receiver using digital baseband signal
processing to estimate and compensate for the symbol timing
and baseband sampling frequency offsets. The timing syn-
chronization complexity depends on the mismatch between
the transmitter and the receiver baseband clocks. Convention-
ally, an accurate baseband clock is realized using a phase-
locked loop with an accurate frequency reference. A typical
frequency reference is a quartz crystal, which is not feasible
for millimeter-scale sensor nodes due to its large volume [20].
Alternatively, an on-chip timer can be used to reduce the
system volume [21]. However, its frequency accuracy is sig-
nificantly worse than that of a crystal oscillator, which means
the baseband must search for a wider frequency offset, causing
high power consumption in the digital baseband circuits [22].
In conventional wireless sensor nodes, a low-power wakeup
receiver is always powered on and listens for the initiation
packet [23]. However, if a low-accuracy on-chip timer is used,
system power is dominated by baseband circuits, making it
impractical to realize communication with a wakeup receiver
in millimeter-scale sensor nodes.

As shown in Fig. 5, we propose a new energy-efficient
sensor-initiated synchronization scheme. Since the base station
can be much larger than the sensor node, it has a much less
constrained power budget. In some cases, the base station can
even be powered directly from the electrical grid. At the cost
of power consumption and system volume, the base station
has excellent receiver sensitivity and digital processing ability.
Therefore, in the idle state, the sensor node is sleeping in
order to save energy, while the base station receiver is always
listening because of its relaxed power budget. Periodically,
the sensor node initiates communication by transmitting a
packet starting with multiple pulses at a predefined pseudo-
random interval (i.e., a header). Once the base station detects
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Fig. 5. Conceptual explanation of proposed sensor-initiated synchronization.

the packet, it accurately estimates the baseband timing offset of
the sensor node, adjusts its local timer frequency accordingly,
and then sends a response packet after a precise (using the
timing offset correction) predefined guard time delay set by
the sensor node timer. Since the packet (and data symbol)
arrival time is now synchronized to the sensor node baseband
timer, the sensor node receiver no longer requires power-
demanding timing offset estimation and symbol boundary
synchronization. The sensor receiver can simply sample and
compare to demodulate the OOK-modulated signal. Note
that in this scheme, it is the sensor node that periodically
initiates communication with the base station, while the base
station performs energy-/power-demanding synchronization.
The time interval between communication initiations is set
using a sleep timer [24] in the sensor node and does not
need to be very accurate since the receiver is always listening.
In this design, the sleep timer frequency is typically 3.5 Hz
but is tunable. For the sensor node, the digital baseband
controller is integrated with an on-chip 200 kHz timer, which
employs a resistive frequency locking technique [21]. Thanks
to the sensor-initiated synchronization scheme, the baseband
controller and timer consume only a 4.8 μW active power in
total.

C. Wakeup Scheme

Since many medical implants require long-term monitoring,
battery life is critical for these applications. Fig. 6 shows
the architecture and timing diagram of the wakeup system.
Periodically, or as instigated by the processor, the wake-up
controller powers on the 200-kHz baseband timer in two
phases. First, the linear regulator inside the timer is stabi-
lized for ∼300 ms, while the VCO is clock gated. Then,
the VCO clock gate is released, and after 7.5 k cycles for
frequency stabilization, FastFSM, the finite state machine
logic, clocked with the 200 kHz baseband timer, wakes up
the baseband controller. This multistage wakeup is used to
minimize the duration at which power-consuming blocks such
as the baseband timer and the baseband controller are active,
while giving lower power blocks such as the regulator enough
time to stabilize. In the simulation, the regulator consumes
∼50 nW, while the VCO consumes ∼250 nW. However, the
regulator requires a stabilization time of 300 ms, while
the timer requires only a 100 ms stabilization time. Hence, the
regulator is stabilized first using the sleep timer, after which
the baseband timer is stabilized by counting its own clock

cycles since the sleep timer frequency is too slow to accurately
set the stabilization time.

After the baseband controller is clocked and enabled, it
interacts with the processor via MBUS to retrieve the message
data. The baseband controller then powers on the transceiver
and performs time-multiplexed modulation (TX) and demod-
ulation (RX) according to the sensor-initiated protocol. After
completing a complete cycle of TX and RX, the baseband
controller raises the “BB_DONE” signal, which switches the
system back to sleep mode, with only the wake-up controller
and sleep timer remaining active. The overall sleep power of
SoC is measured to be 22 nW, which results from the power
of wake-up controller and the sleep timer and leakage current
of all other circuits and pads.

The system is designed to operate on a 1 × 2.2 mm2 thin-
film battery (2 μAh, 4.1 V). Consider a periodic communi-
cation session where the sensor node wakes up and transmits
and receives 16 b data. Per session, the transmitter is active for
8 ms at 43.5 μW (2 kb/s) and receiver operates for 160 μs
at 36 μW (100 kb/s). If the guard (or turnaround) time is
100 ms between transmit and receive phases, the baseband
controller operates for 108.16 ms at 4.5 μW. The baseband
timer consumes 300 nW for 508.16 ms per session including
the time for stabilization. Therefore, the total energy that the
SoC consumes per session is 993 nJ. The stabilization of
baseband timer is necessary because stable clock is required
for synchronous communication between the sensor node and
the base station. However, it adds energy overhead each time
the system wakes up. The startup of the baseband timer
consumes 300 nW for 400 ms, while the system sleep power
is 22 nW. Thus, as long as sleep time is longer than 0.43 s,
duty cycling of the baseband timer is worthwhile to save
energy. The system is highly duty cycled to increase the battery
life (�0.43 s). Assuming a periodic session with 10 min
interval, the average power of the whole system is 23.7 nW
(sleep power is 22 nW). It corresponds to a 2 week expected
lifetime without battery recharging.

Although the above calculation assumes no battery recharg-
ing, for final implants, wireless power transfer from an external
energy source can be used to recharge the thin-film battery,
which can further improve device lifetime. Typically, power
can be wirelessly transferred through an inductive coupling
link [25]. Other wireless transfer methods have also been
proposed, including near-infrared light [26], [27] and current
bursts through electrodes [28]. However, wireless power trans-
fer using the proposed antenna is beyond the scope of this
paper and the subject of future work.

III. ANTENNA DESIGN

A. Asymmetric Inductive Link

The target link between the sensor node and the base
station is asymmetric, which results from the fact that the
antenna in the base station has a relaxed dimension constraint
(>cm2), whereas the sensor antenna has a strictly constrained
dimension (<1 × 10 mm2) due to the size of the syringe
needle. Furthermore, in the proposed system, the millimeter-
scale sensor antenna is printed on glass substrate for easy
assembly, while the base station antenna is printed on a circuit
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Fig. 6. Architecture and timing diagram of wakeup system.

Fig. 7. Modeling of asymmetric inductive link.

board (FR4 material). The base station antenna has a relatively
large quality factor (>60) due to lower loss traces of FR4
printed board.

Most biological tissues have a magnetic permeability almost
equal to that of a vacuum, which makes the inductive link
suitable for through-tissue communication [29]. First-order
modeling of the inductive link is shown in Fig. 7, where
L1 and L2 are self-inductances, R1 and R2 are loss resis-
tances, C1 and C2 are parallel capacitances, and M is mutual
inductance. The subscripts 1 and 2 indicate the transmitting
side and the receiving side, respectively. A resonant inductive
link is utilized because at resonant frequency, the coupling
strength is maximized due to passive voltage boosting, which

can enhance the communication range [30]. The coupling
strength is quantified with transimpedance, whose magnitude
at resonant frequency is

∣
∣
∣
∣

VR

It
(ωs)

∣
∣
∣
∣
= ωs M Q1 Q2 (1)

where VR is the received voltage, IT is the transmitted
current, M is the mutual inductance, Q1 and Q2 are the
quality factor of the each antenna, and ωs is the self-resonant
frequency (SRF). In this paper, we design the two antennas
to resonate at the same frequency, which is the theoretical
optimum center frequency. Note that the coupling link in
Fig. 7 is a passive two-port network, which is reciprocal and
thus transfer functions are same regardless of communication
direction between the implanted sensor node and the base
station.

B. Antenna Design Flow

To determine coupling strength, four variables [Q1, Q2, SRF,
and M (1)] must be cooptimized, and those variables are func-
tions of the antenna dimension. In our design, High Frequency
Structure Simulator (HFSS) is used to simulate an individual
coil to acquire Q and SRF of each possible coil dimension.
However, mutual inductance depends on the distance between
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the two antennas, and simulating a complicated 3-D scenario
with the two antennas in HFSS is extremely time consuming.
Thus, the mutual inductance is calculated based on a model
called partial element equivalent circuit (PEEC) [31]. For any
two magnetic antennas, the total mutual inductance is the sum
of all of the partial mutual inductances that exist between any
pair of metal bars [32].

If the current distribution in each conductor is uniform
(i.e., there is negligible skin effect), then the partial mutual
inductance can be calculated using an equation that depends
solely on the geometry and relative position of the two
bars [33], which allows for extremely fast mutual inductance
calculation, which implemented in MATLAB. While the PEEC
does not model retardation, this is an acceptable approximation
for near-field communication and the resulting accuracy is
within 3% compared with the 3-D HFSS simulation.

Using the two analysis tools PEEC and HSFF, the overall
antenna optimization is then performed as follows: a particular
set of antenna dimensions is selected. The sensor and base
station antennas are each individually simulated using HFSS
to obtain Q and SRF, and then the MATLAB PEEC model is
used to obtain M . These model parameters are then inserted
into the model equation to obtain the transimpedance or in
the model itself to perform cosimulation with the transceiver
circuits.

Since each of the two antennas has three parameters (outer
width W , outer length L, and number of turns N), the number
of possible antenna topologies is enormous. To make this
multidimensional search tractable, we first constrain the total
width of the sensor antenna to 1 mm to fit in the syringe
diameter, leaving two search parameters for the sensor antenna
(Lsn and Nsn). Second, we assume that base station antenna
is square shape (Wbs = Lbs), leaving two parameters for the
base station antenna (Wbs and Nbs). To further limit the search
space, we make a useful observation that a single-turn base
station antenna is optimal, as shown in Fig. 8, because as
the number of turns is reduced, the SRF and Q of the base
station antenna increase, while M decreases. At the same
time, the corresponding optimal sensor antenna also has a
higher Q due to the increased frequency. Since three factors
(ωs , Q1, and Q2) increase and one (M) decreases when
the fill factor is reduced, a smaller turn number results in a
larger transimpedance. Therefore, we arrived at the conclusion
that a single-turn base station antenna is optimal (Nbs = 1).
This reduces the number of search parameters to only three
(Wbs, Lsn, and Nsn). In this derivation, the metal width and
spacing of the PCB antenna are 600 and 250 μm, respectively,
which are chosen to constrain the searching space. Fill factor
in Fig. 8 is calculated based on this width, spacing, the
turn number, and outer dimension. If further optimization is
desired, the metal width and spacing should also be taken into
consideration in the design process.

The final antenna dimension search is then performed as
follows. For each sensor antenna length and number of turns,
the optimal corresponding base station antenna (with a certain
outer dimension) is found by matching its SRF with that of
the sensor antenna SRF. The resulting antenna configuration
is then analyzed, the transimpedance is obtained and the

Fig. 8. Relationship between coupling strength and fill factor of the base
station antenna.

optimal configuration is selected. Fig. 9(a) shows the model
parameters versus sensor antenna length and the resulting
transimpedance. Increasing the sensor antenna length results in
monotone increasing transimpedance due to increasing mutual
inductance. However, beyond an 8 mm length, transimpedance
saturates due to decreasing Q and SRF, and thus there is a
diminishing return for increased size. We also found a similar
tradeoff for the fill factor, which is shown in Fig. 9(b). The
transimpedance saturates when the fill factor is larger than 0.6,
which corresponds to 15 turns. Thus, the sensor antenna is
designed to be 1×8 mm2 in total size with 15 turns of 15 μm
turn width and 5 μm spacing, while the corresponding single-
turn PCB antenna is 11 × 11 cm2 with 600 μm metal width.
The layout of sensor antenna and the photo of base station
antenna are shown in Fig. 10(a) and (b) respectively. The sen-
sor antenna was simulated in HFSS and measured with probe
testing, as shown in Fig. 10(c) and (d). We used impedance
standard substrates to calibrate the network analyzer and probe
setup, which decouples the effect of probe in testing and
ensures accuracy. At the chosen frequency, the skin depth
within the gold metal is 7.2 μm, which is comparable with the
half metal width (15 μm) and larger than the metal thickness
(1.5 μm) of sensor antenna. Therefore, skin effect is expected
to be small in the proposed antenna structure.

C. Frequency Selection

In this paper, the 114.7 MHz center frequency for uplink
from the sensor node to the base station is determined based
on the above analysis to maximize the link strength. At this
particular center frequency, the field strength due to the signal
transmitted from the sensor node remains well below the
FCC limit of 150 μV/m at a distance of 3 m [34] since
the sensor antenna has very limited gain. However, this FCC
spectral mask significantly constrains the maximum power
from the base station, while a large base station transmit power
is desired to relax the sensitivity requirement of the sensor
receiver. As a solution, we propose a system with asymmetric
center frequency allocation. We observe that the FCC limit
at 49.82–49.9 MHz is 36.5 dB larger than 150 μV/m, allowing
base station to transmit 36.5 dB larger power in this band.
However, the resulting transimpedance is 21.5 dB weaker due
to lower frequency and lower resonant Q for the designed
antenna pair. Overall, the requirement for sensor node sensi-
tivity is reduced by 15 dB. Therefore, we selected 49.86 MHz
as the center frequency for the base station to sensor, even
if it is suboptimal in terms of link strength. We implement a
digitally tunable on-chip capacitor array to change the sensor
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Fig. 9. Codesign of the sensor antenna with base station antenna in terms of (a) dimension and (b) fill factor.

Fig. 10. (a) Layout of sensor antenna on glass substrate. (b) 11×11 cm2 base
station antenna printed on FR4 board. (c) Probe testing of sensor antenna.
(d) Comparison of HFSS simulation and measurement results for sensor
antenna.

node antenna resonant frequency according to the transmit and
receive modes.

D. Effect of Biological Tissue

Until now, proposed design flow has not considered the
effect from biological tissue after implantation. However, it
can be expected that resonant frequency of antenna may
change due to the tissue around it. HFSS simulation shows
that the resonant frequency of sensor antenna will shift down
by 12 MHz when the antenna is packaged by a 1×1×10 mm3

glass capsule and fully covered by a muscle tissue. The
frequency-dependent dielectric properties of the muscle are
based on [35]. The frequency shift can be tolerable in this
paper, since the base station transceiver has the ability to tune
carrier frequency.

IV. CIRCUIT DESIGN

A. Pulsed Transmitter

Fig. 11 shows the architecture of the transmitter and the
associated conceptual waveforms. The transmitter consists of
a power oscillator, a pulse generator, a current limiter, and a
decoupling capacitor (decap). The power oscillator, combining

Fig. 11. Architecture of pulsed transmitter and conceptual waveforms.

the functions of frequency generation and power delivery,
is implemented to replace the power-hungry frequency syn-
thesizer and power amplifier. The sensor transmitter circuit
operates at 13.6 mW for the maximum output power. However,
the maximum peak power of the intended thin-film battery
(<50 μW) is insufficient to provide such a large current to
power the oscillator. Thus, we employ an integrated decap
(1.3 nF) made of a metal–insulator–metal (MIM) capacitor as
an energy buffer. The decap is formed by top two metal layers,
which are placed over digital circuits (wakeup controller,
baseband controller, and MBUS controller) to save chip area.
As shown in Fig. 11, during a pulse, the power oscillator draws
high current from the decap (decap voltage drops), delivering
strong output power to the antenna. After a pulse is transmit-
ted, the power oscillator is shut down and the decap needs to
be recharged before the next pulse is transmitted. However, the
peak current that can be drawn from the battery is limited by
its large intrinsic resistance. In this paper, the current limiter
is implemented as a series resistor (∼100 k�) between the
battery and the decap, limiting the recharging current to be less
than 15 μA, which protects the battery from being overdrawn.
Therefore, the recharging time is long compared with the pulse
width and the resulting transmitted signal is a series of sparse
pulses. To exploit this unique feature, the transmitter employs
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Fig. 12. Schematic of proposed PIO.

Fig. 13. Simulated waveforms of PIO using SPICE.

pulse position modulation. The baseband controller generates
the control signals to enable the pulse TX. The “enable” signal
is sliced by the pulse generator to produce a tunable width
pulse, which can be shorter than a baseband clock period.

A conventional power oscillator is based on a cross-coupled
pair of oscillators that provide negative resistance. To start
up and sustain the oscillation, the negative resistance, which
depends on the bias current, must to be large enough to
overcome the loss in the tank [15], [36]. However, since the
oscillator draws constant bias current, it has a low transmit
efficiency (simulated as 40%). In this paper, we propose a
new pulse-inject oscillator (PIO). Fig. 12 shows its schematic,
which consists of a switched-capacitor start-up circuit and a
pulse-inject loop. To increase efficiency, the proposed oscil-
lator injects pulsed current through an H-bridge only when
oscillation is near the peak. The startup time, a critical factor
for an efficient pulsed radio, is less than two cycles.

Fig. 13 shows the simulated waveforms in SPICE, showing
the operation of the PIO. Before a pulse is generated, it takes
20 μs to “precharge” (charge = 1, TX_EN = 0), with C1
discharged to ground and C2 charged to VBAT. At the same
time, the two nodes of the antenna (VA and VB) are charged
to VBAT/2, which is the desired common mode voltage. C3 is
also charged to VBAT/2, which will be used as the reference
voltage in the next phase. Note that “Start” is zero, so the open-
loop comparator is OFF. VBAT/2 is generated using a series–
parallel charge pump, clocked by the baseband timer. After
“precharging” is finished, TX_EN toggles to one and the pulse
slicer generates a pulse of ∼1.2 ns, which turns on nMOS
footer M1 and switches “Start” to one. When “Start” becomes
one, C1 and C2 share charge with the antenna and inject an ini-
tial charge to VA and VB, initiating oscillation. Since “Start” is
one, the comparator is powered on and its output is one. When
the pulse slicer output returns to zero, M1 is turned off, but
“Start” remains one because the pMOS switches M2 and M3
are OFF. VA and VB continue to change until half of an
oscillation cycle is completed. Since VB crosses VBAT/2, the
output of the comparator toggles from 1 to 0, switching “Start”
to 0 and causing three things to happen. First, C1 and C2
are disconnected from the antenna since enough energy is
now transferred into the antenna. Second, the comparator is
powered off. Third, the pulse-inject loop is enabled by a
negative-edge triggered flip-flop. At this point, the pulse-inject
loop sustains the oscillation. A preamplifier combined with
a pulse generator extracts and generates digital pulses from
the oscillation signal. The preamplifier uses resistor bias at
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Fig. 14. Schematic of OOK receiver.

Fig. 15. Die photograph of the proposed radio, where MIM decoupling
capacitor is placed over WUC, baseband controller, and MBUS controller.

Fig. 16. Measured waveforms of transmitter.

its gates to reduce short-circuit current. The pulses at the
transistor gates of the differential H-bridge, which are tuned
to overlap with the peak of the oscillation points, control the
H-bridge to inject current into the antenna differentially, which
sustains the oscillation. The four transistors (M4–M7) have
low power loss because during current injection, VDS is
low, and during off-state, the current is 0, which enhances
efficiency. The proposed design utilizes two voltage domains
(1.2 V and 4.1 V VBAT) to reduce the overall power con-
sumption. During a pulse, VA and VB oscillate at full swing
between 0 and the battery voltage (4.1 V), which provides

Fig. 17. Measured power spectrum of transmitted signal received by base
station antenna.

Fig. 18. Measured transmitter output power versus range and relative angle
between two antennas.

Fig. 19. Measured sensitivity of receiver.

the largest possible transmit power. The simulated power
efficiency of the proposed PIO is 68%, which is 1.65× higher
than that of a constant-bias cross-coupled oscillator. Since
the battery voltage (VBAT) is 4.1 V, high threshold voltage
transistors with thick gate oxide are utilized for the circuits
that operate on battery voltage and standard threshold voltage
transistors are used for 1.2 V domain.

B. OOK Receiver

Unlike the sensor node where pulsed TX is employed
because of the power constraint, the base station transmits with
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Fig. 20. Measured waveforms at the output of receiver ED wirelessly at the distances of (a) 3 cm and (b) 20 cm.

a continuous OOK scheme. The sensor receiver demodulates
the OOK signal from the base station continuously drawing
current from the 1.2 V supply. It is feasible because its
power consumption is less than the maximum peak power
of the millimeter-scale battery (<50 μW). Fig. 14 shows the
schematic of the receiver, which consists of a three-stage
amplifier, envelope detector (ED), and clocked comparator.
The received signal is amplified and demodulated by the ED.
A clocked comparator samples and digitizes the output of
the ED.

The first-stage amplifier is a current-reuse inverter amplifier
for high current efficiency. The transistors in the amplifier are
biased at the subthreshold region for higher gm/I efficiency.
The gain of the three-stage amplifier is simulated as 37 dB
at 49.86 MHz. The ED comprises a source follower topology,
and the transistor is biased at the nonlinear region, consuming
∼200 nA. The load capacitor can be tunable up to 31 pF,
filtering out any high frequency components. A constant-gm

biasing circuit is designed for the amplifier and ED. The total
receiver consumes 36 μW while demodulating a 100 kb/s
OOK signal.

V. MEASUREMENT RESULTS

Fig. 15 shows the chip microphotograph of the proposed
near-field radio fabricated in a 180 nm CMOS technology. The
chip has a total area of 1050 μm × 2120 μm including the
pads. Proposed radio is designed for wireless through-tissue
communication. To demonstrate this feasibility, a medium
of 3-cm-thick bovine tissue (typical beef steak) is utilized by
following the wireless testing of the transceiver.

The transmitter was measured when driving the antenna
on the glass substrate (sensor antenna). Fig. 16 shows the
measured time-domain waveforms of the transmitter in pulsed
mode. Once the pulse is enabled by the baseband controller,
the oscillation can start up quickly. With the pulse generator,
the pulse width can be digitally tunable from 150 to 1320 ns.
When the pulse width is 920 ns, the transmitter supply
voltage on the decap drops by 1.5 V during every pulse as
shown in the measurement but is recharged to its full level
after ∼500 μs, where the current limiter sets the recharging
current to be less than 15 μA. For the communication range
and power spectrum measurement setup, we used an external
4.1 V supply to allow the sensor node power oscillator to
continuously draw current. The sensor transmitted signal was

Fig. 21. Measured supply variance of baseband timer frequency.

wirelessly received by the 11 × 11 cm2 base station loop
antenna printed on an FR4 board through a 3-cm-thick bovine
tissue. Fig. 17 shows the power spectrum measured with a
spectrum analyzer, and Fig. 18 shows the measured power
across a range of distances and relative angles between the
two antennas. The receiver sensitivity was measured using a
wired setup where an RF signal generator was connected to
the sensor node receiver via a cable or through the antenna
pair. The wired setup is used to measure receiver sensitivity
quantitatively, where the input of the receiver was connected
to the signal generator (source 50 �) through an SMA cable.
Fig. 19 shows the measured sensitivity across input power,
which is the value directly read from the signal genera-
tor. Note that due to impedance mismatch (receiver input
non-50 �), actual receiver input power is less than the value
read from the signal generator. At a BER of 10−3 and a data
rate of 100 kb/s, the receiver has a sensitivity at −54 dBm and
consumes 36 μW at a supply voltage of 1.2 V. This same BER
was also measured wirelessly at approximately 20 cm through
the 3 cm-thick bovine tissue, where the RF signal generator
feeds the OOK-modulated signal into the base station antenna
with a 1 W power and the chip detects it using the sensor
antenna. While demodulating a 100 kb/s OOK signal, the
measured waveforms of the ED output when the two antennas
are separated by 3 and 20 cm are shown in Fig. 20(a) and (b),
respectively.
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Fig. 22. Measured transient settling of baseband timer frequency.

Fig. 23. (a) Captured transmitted pulses using prototype base station receiver.
(b) Measured waveforms of transmitter showing correspondence.

The timer has a nominal frequency of approximately
200 kHz. Since the temperature is typically stable in implanted
applications, the frequency variance of the timer is dominated
by the supply variation. Fig. 21 shows the measured frequency
variance with the supply voltage ranging from 1.1 to 1.3 V,
corresponding to a supply variation of 0.28%/V. Fig. 22 shows
the transient response of the timer frequency after powering
on the timer, demonstrating that the frequency is stabilized
after 7.5 k clock cycles, which is approximately 100 ms.

To demonstrate the proposed radio system, we implemented
a prototype base station that can detect the transmitted pulses

TABLE I

SUMMARY OF THE SYSTEM PERFORMANCE

from the proposed radio by downmixing, converting to the
digital format, and oversampling at 10 MHz. Fig. 23(a)
shows the captured pulses using the prototype base station.
It shows that the proposed radio is woken up every 320 ms
(programmable) by the wakeup controller. Every time the radio
wakes up, it transmits a packet consisting of eight pulses.
Fig. 23(b) shows the measured waveforms of the transmitted
pulses and the decap voltage. After the radio wakes up, the
decap is charged to 4 V and the transmitter generates pulses,
which are controlled by the baseband controller. After TX
finishes, transmitter circuits are power gated and the decap
is disconnected from the battery, and thus the decap voltage
gradually drops due to leakage current, as expected. The
generated pulse pattern corresponds with the captured results
at the base station. When 32 pulses are used for the packet
header, the software-based algorithm on the base station can
successfully track and correct the baseband frequency offset
within 2000 ppm (0.2%) between the sensor node and the base
station.

To demonstrate a complete self-contained system, this radio
chip is measured with other system peripherals including a
processor layer, a decap layer, and the power management
unit [19]. During the testing, the battery voltage (4 V) is
provided from a supply generator, while 1.2 V voltage is
generated by the power management unit by downconverting
from the same 4 V terminal. Configured by the processor
on the processor layer using the MBUS interlayer com-
munication [17], the chip periodically wakes up, transmits
and receives data as expected, verifying the functionality of
the power management scheme and chip-to-chip interface.
Table I summarizes the performance of each block in the
radio. Table II provides a comparison with related prior
work.
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TABLE II

COMPARISON WITH RECENT PRIOR WORK

VI. CONCLUSION

A fully integrated near-field radio chip fabricated in
a 180 nm CMOS technology is demonstrated for syringe-
implantable smart sensor nodes. A 1×8 mm2 antenna printed
on a glass substrate and an 11 × 11 cm2 base station antenna
printed on an FR4 circuit board are codesigned to form an
asymmetric inductive link between the sensor node and base
station. The transceiver, codesigned with the 1×8 mm2 sensor
antenna, consumes a 43.5 μW average power at 2 kb/s, while
the receiver power consumption is 36 μW with a −54 dBm
sensitivity at 100 kb/s. The radio can operate on a millimeter-
scale battery that has a stringent 50 μW peak power constraint.
The system was measured to achieve a range of 50 cm for the
sensor TX and 20 cm for RX. This paper enables wireless
communication for the implanted smart devices, increasing
their potential use cases in healthcare applications.
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