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Abstract— Utilizing injectable devices for monitoring animal 
health offers several advantages over traditional wearable devices, 
including improved signal-to-noise ratio (SNR) and enhanced 
immunity to motion artifacts. We present a wireless application-
specific integrated circuit (ASIC) for injectable devices. The ASIC 
has multiple physiological sensing modalities including body 
temperature monitoring, electrocardiography (ECG), and 
photoplethysmography (PPG). The ASIC fabricated using the 
CMOS 180 nm process is sized to fit into an injectable microchip 
implant. The ASIC features a low-power design, drawing an 
average DC power of 155.3 µW, enabling the ASIC to be wirelessly 
powered through an inductive link. To capture the ECG signal, we 
designed the ECG analog frontend (AFE) with 0.3 Hz low cut-off 
frequency and 45-79 dB adjustable midband gain. To measure 
PPG, we employ an energy-efficient and safe switched-capacitor-
based (SC) light emitting diode (LED) driver to illuminate an LED 
with milliampere-level current pulses. A SC integrator-based AFE 
converts the current of photodiode with a programmable 
transimpedance gain. A resistor-based Wheatstone Bridge (WhB) 
temperature sensor followed by an instrumentation amplifier (IA) 
provides 27–47 C̊ sensing range with 0.02  ̊C inaccuracy. Recorded 
physiological signals are sequentially sampled and quantized by a 
10-bit analog-to-digital converter (ADC) with the successive 
approximation register (SAR) architecture. The SAR ADC 
features an energy-efficient switching scheme and achieves a 57.5 
dB signal-to-noise-and-distortion ratio (SNDR) within 1 kHz 
bandwidth. Then, a back data telemetry transmits the baseband 
data via a backscatter scheme with intermediate-frequency 
assistance. The ASIC’s overall functionality and performance has 
been evaluated through an in vivo experiment. 

Keywords— animal health monitoring, injectable device, 
multimodal sensing, subcutaneous implant, electrocardiography, 
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I. INTRODUCTION 

ONITORING animals’ health in farms and veterinary 
clinics requires measuring vital signals such as 

electrocardiography (ECG), photoplethysmography (PPG), and 
body temperature [1]-[5]. Wearable devices like smartwatches, 
chest patches, and wristbands have facilitated personalized 
health monitoring and health profile creation in humans [6]-[10]. 
However, when these are used on animals, wearables face 
several challenges, as shown in Fig. 1a. First, animals typically 
have thicker skin, which leads to poor coupling between 
wearable devices and tissue, resulting in weak received signals 
and compromised signal-to-noise ratio (SNR) [11], [12]. 

M
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Fig. 1. (a) Challenges of using wearable devices to monitor animal health and
(b) the prototype of injectable device enhanced by the wireless multi-modal 
physiological monitoring ASIC.  
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Second, animals’ thicker skin which typically has fur or scales 
on it, necessitating hair shaving for placing the devices and 
electrodes before each routine assessment. Third, when animals 
move freely, wearable devices need to be stuck onto the 
subject’s body through tape or bandages. However, even with 
these securing measures, the weak attachment of the devices 
makes them susceptible to motion artifacts, impacting data 
accuracy [13]. Recently, injectable microchip implants, 
conventionally employed for animal identification, have shown 
its great potential as a promising alternative for monitoring 
animal health [14]-[17]. These injectable devices operating 
subcutaneously can improve coupling with tissue and enhance 
SNR compared to conventional wearables. Furthermore, the 
injectable devices can anchor firmly inside the body, which 
improves the device's immunity to motion artifacts. 

Incorporating wireless power and data transmission 
techniques offers significant advantages for Injectable devices 
[18], [19]. Implementing wireless power and data transmission 
removes the need for batteries and wires, leading to a significant 
reduction in physical constraints, as well as device size and 
weight. This reduction, in turn, contributes to reducing the 
device’s invasiveness and discomfort. Additionally, wireless 
injectable devices allow researchers to monitor the health of 
freely moving animals remotely. This wireless monitoring and 
data acquisition minimizes disruptions and stress on animals.  

Given the constrained size and power budget of the 
injectable device, it is critical to incorporate an application-
specific integrated circuit (ASIC) in it. The ASIC, in turn, can 
support multiple sensing modalities while maintaining a small 
area, fitting easily within the small injectable device. Recently, 
multiple multi-modal physiological monitoring ASICs have 
been designed [20]-[22]. These ASICs provide high SNR for 

each sensing modality but consume more power. Thus, they 
typically rely on a bulky battery for power, which prevents them 
from being assembled into a small implantable form factor. The 
work presented in [23], [24] introduces ASICs for wireless 
implantable devices that can record electrophysiological signals. 
These ASICs are low-power designs with a small area.  
However, they can only offer a single recording function, either 
PPG or ECG measurement, which cannot provide the necessary 
redundancy for animal health monitoring.  

To address the limitations in existing ASIC and injectable 
device designs, in this paper, we expand upon [25], where we 
presented, for the first time, a wireless multi-modal 
physiological monitoring ASIC enabling subcutaneous body 
temperature, ECG, and PPG monitoring using an implant-sized 
injectable device, as depicted in Fig. 1b. Such multi-modal 
sensing capabilities offer crucial redundancy in capturing health 
metrics like heart rate (HR) and breath rate (BR), leading to less 
susceptibility to the effects of motion artifacts. Moreover, the 
simultaneous measurement of ECG and PPG offers pulse-
transit-time (PTT), providing valuable data for future studies 
focused on analyzing this parameter animal health applications.  

As shown in Fig. 1b, the device prototype houses the ASIC, 
two ECG electrodes for sensing ECG signal, and an light 
emitting diode (LED) and photodetector (PD) pair for PPG 
measurement, and a receiver (Rx) coil for receiving wireless 
power and transmitting data, all components within a cylindrical 
injectable device. The device has a 24 mm length and a 4 mm 
diameter. This miniature form factor reduces invasiveness and 
the risk of infection. Our efforts on device minimization include 
enhancing the ASIC integration and reducing off-chip 
components, such as utilizing a single coil for both wireless 
power and data transmission. To prevent tissue contamination, 

 
Fig. 2.  System architecture of the wireless injectable multimodal physiological monitoring ASIC. 
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we encapsulate the injectable device using epoxy glue, ensuring 
isolation from the surrounding tissue environment. The 
injectable device operates under the skin and receives power 
wirelessly via a 13.56 MHz inductive link. To avoid adding a 
separate data antenna, we utilize the same inductive link for 
transmitting and receiving wireless data. This wireless setup 
allows researchers to wirelessly acquire real-time data from the 
injectable devices during routine assessments, offering a more 
flexible approach to monitor animal health.  

In this paper, Section II provides an overview of the 
proposed ASIC and its detailed circuit implementation. Section 
III details the electrical characteristics of the ASIC, derived from 
benchtop testing. Section IV focuses on evaluating the ASIC's 
functionality through in vivo experiments. Finally, the 
conclusion section offers a comparative analysis of the ASIC's 
performance and functionality against state-of-the-art designs, 
emphasizing the distinctive features of our proposed design. 

II. THE ASIC AND CIRCUIT IMPLEMENTATIONS 

Fig. 2 depicts the architecture of the ASIC. The voltage 
doubler in the power management circuits converts the AC 
power, which is received by the Rx coil, to a 3.3 V supply 
voltage, VDBR, a 1.8 V voltage, VDD, biases and reference 
voltages. Once VDD reaches a preset value, the power-on-reset 
(POR) will be triggered to enable forward data telemetry 
circuits. The user transmits configuration parameters to the 
ASIC to set up its physiological monitoring functions and 
corresponding analog frontends (AFE) through the forward 
data link. The user-defined parameters modulate the 13.56 MHz 
power carrier using on-off-keying (OOK). Simultaneously, the 
ASIC’s forward data telemetry circuits demodulate the OOK-
modulated Rx coil voltage, VCOIL, to decode the user-defined 
parameters. Then, the forward data telemetry circuits use these 
recovered parameters to program the AFEs for ECG, PPG, and 
body temperature measurements, adjusting settings like gain, 
bandwidth, and so on. The ECG AFE amplifies the ECG signal 
and filters out the undesired signals. To run PPG measurements, 
the LED driver delivers current pulses to activate the LED, 
while the PPG AFE amplifies the photodiode's output current 
resulting from the reflected light. The temperature AFE utilizes 

a resistor-based Wheatstone bridge (WhB) temperature sensor 
that converts the temperature variation to a voltage output, 
which is further amplified by the instrumental amplifier (IA). 
The output signals from the three AFEs are sequentially 
sampled and quantized by a 10-bit analog-to-digital converter 
(ADC) using successive approximation register-based (SAR) 
architecture. The back data telemetry serializes the ADC’s 
output data and packetizes the data with headers before 
delivering data packets to the backscatter-based data transmitter 
(Tx) for transmitting the recorded data to the users. The control 
circuits generate clock signals and logic control signals required 
by the ASIC. 

Fig. 3 shows the schematic of the active voltage doubler, 
along with two comparators, CMP1, and CMP2. Two power 
MOSFETs, MN1 and MP1, controlled by CMP1 and CMP2, 
respectively, turn on and off during different VCOIL phases. In the 
negative half cycle of VCOIL, CMP1 turns on MN1, while CMP2 
turns off MP1, allowing VCOIL to charge the series capacitor, CIN. 
In the positive half cycle of VCOIL, CMP2 turns on MP1 and CMP1 
turns off MN1, doubling the voltage across the CIN to charge the 
load capacitor, CS1. To drive MN1 and MP1 at the high 
frequency of 13.56 MHz, we employed the common-gate 
comparator structure known for its high-speed attribute, which 
results from its low input impedance, minimal input capacitance, 
and simple structure [26]. Additionally, since MP1 is 
implemented using PMOS transistors, we implemented a 
dynamic body biasing circuit, built by two auxiliary PMOS, MP2 
and MP3, to switch the body voltage of MP1 to the highest 
voltage between VD and VDBR.  

 We utilized the pulse-position modulation (PPM) technique 
presented in [27] to encode individual data bits by employing 
pairs of pulses.  The pairs of pulses have a consistent period, 
with its commencement indicated by the first pulse, P1. The 
different positions of the second pulse, P2, within each period, 
represent different data bits. As shown in Fig. 4, the envelope 
detector first rectifies and filters the OOK-modulated VCOIL, and 
then compares the extracted envelope with a reference voltage 
to recover the PPM signal, VPPM. The clock recovery circuit 
converts VPPM to the clock signal, CLKFWD. Afterward, the data 
recovery circuit extracts the data bit from VPPM by alternatively 
charging and discharging a capacitor, CS2. The rising edge and 
falling edge of CLKFWD indicate the position of each first pulse 
and second pulse respectively. If P2 is closer to the next P1, I1 

 
Fig. 3. Circuit diagram of the active voltage doubler. 

 
Fig. 4. Circuit diagram of the forward data telemetry. 
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will charge CS2 for a longer time. Consequently, VCP will exceed 
the VREF during CLKFWD is high, resulting in a DATAFWD =1 
when the D-flip-flop samples the output of the comparator, 
CMP3, at the falling edge of CLKFWD. Conversely, if P2 is closer 
to P1 of the current pair, I1 will charge CS2 for a shorter time. As 
a result, VCP will not exceed the VREF during CLKFWD is high, 
leading to a DATAFWD =0. This PPM method is simple but 
robust. Moreover, as the user transmits the parameters only once 
and the pulse in PPM is narrow (10μs), this method features low 
power consumption and less interference on received wireless 
power. 

The ECG AFE includes three cascaded amplifiers, as 
depicted in Fig. 5a [28]. The low-noise amplifier (LNA) 
includes a DC blocking capacitor, C1, which not only blocks DC 
offsets in biopotential electrodes but also offers an infinite DC 
input impedance (ZIN), preventing tissue damage caused by the 
DC current [29]. The LNA utilizes an inverting configuration 
where the midband gain is set by the ratio of C1 to C2. In 
addition, R1 and C2 set the high-pass corner, rejecting the low-
frequency components below 1/(2πR1C2). The pseudo-resistor, 
R1, is implemented with a resistance level of giga-ohm to 
achieve sub-1 Hz low-cutoff frequency. We employ the 
symmetrical back-to-back structure to suppress the non-linearity 
of the pseudo-resistor [30], [31]. The transconductance 
operational amplifier  (OTA), Gm1, within the LNA employs an 
inverter-based input stage. This topology doubles the 
transconductance while maintaining the same bias current, 
leading to reduced input-referred noise (IRN) and higher energy 
efficiency (Fig. 5b) [32]. The size of input MOSFETs is sized to 
be large for decreasing the flicker noise. In order to provide 
additional gain while maintaining high dynamic range, we 
employ a variable-gain amplifier (VGA) following the LNA. Its 
gain can be set to 0-35 dB by programming the digital controlled 
capacitor array, C5. Its bandwidth is also tunable, allowing for 
setting the high cut-off corner of the ECG AFE. The buffer 
provides additional low pass filtering to prevent aliasing 
artifacts and enough driving capability needed for the large 

capacitor array in the SAR ADC. The ECG AFE is designed 
with a gain between 45 dB and 80 dB and less than 5 μVRMS 
input noise, allowing it to capture ECG signals ranging from 10 
μV to 5 mV. A low cut-off corner below 0.5 Hz and an 
adjustable high cut-off corner of 100 – 600 Hz is chosen to cover 
the major signal band (i.e., 0.5 – 150 Hz) of ECG signals. This 
programmable high cut-off specification provides sufficient 
flexibility for ECG measurement. Setting a narrow bandwidth 
would help more effectively reject the high-frequency noise 
while a wider bandwidth can provide sufficient redundancy for 
time-domain analysis. 

Fig. 6 presents the frontend circuit and timing control for the 
PPG measurement. During the charging phase, the LED driver 
closes S1 and opens S2, allowing a storage capacitor, CLED, to be 
charged to VDBR. Subsequently, in the discharging phase, the 
LED driver opens S1 and closes S2 to dump the charges in CLED, 
delivering a large current pulse to illuminate the LED. The 
current pulses can be reconfigured to different LED current 
(ILED) of 1-15 mA, pulse width of 50-200 μs, and frequency of 
50-150 Hz. This frequency setting ensures the capture of the 
animal’s heart rate, typically in the band of 6-8 Hz, using the 
PPG signal. The pulse width and ILED specifications ensure 
adequate LED light intensity, allowing for the reflected light to 
be effectively detected by the PD. The AFE in PPG 
measurement frontend contains a 4-bit current digital-to-analog 
converter (IDAC) and a switched-capacitor (SC) integrator. The 
IDAC injects a variable 0.5-8 μA current to bias the DC voltage 
at the PD’s output and compensate the offset in the PD current. 
The SC integrator converts the PD output current, IPD, to a 
integration voltage, VPPG_OUT, with a transimpedance gain of 2.5-
40 MΩ. This transimpedance gain can be programmed by 

 
(a) 

 
(b) 

Fig. 5. Circuit diagram of (a) the ECG AFE and (b) Gm1. 

(a) 

(b) 

Fig. 6. (a) Circuit diagram of the PPG measurement frontend and (b) the timing
diagram for PPG measurement.  
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tunning the duration of integration and the capacitance of the 
integration capacitor array, CINT [33]. This transimpedance gain 
range is sufficient to detect IPD values up to 720 nA. Before each 
time the LED is illuminated, the integrator resets the VPPG_OUT to 
half of the supply voltage, VCM, by closing S5 and opening S3 
and S4 during ɸRST. When the current pulse arrives, S3 is closed 
while S4 and S5 are open. In this configuration, the IPD is 
integrated into the CINT, leading to a VPPG_OUT equal to 
(IPDtINT)/CINT. After each current pulse, all switches are off, 
leaving the Gm4 to hold the the integral voltage till the next reset 
phase. During the holding time, ɸC, the ADC takes samples of 
the integral voltage. Fig. 6b also shows the timing diagram of 
ILED, CLED voltage, VPPG_OUT, and ADC sampling. This timing 
diagram demonstrates the entire PPG measurement operation. 
Such operation removes the needs for synchronizing ADC 
sampling with current pulses, simplifying the control logic 
design and permitting all AFEs to share a single ADC. This 
approach improves both power efficiency and area efficiency.  

Fig. 7a shows the circuit diagram of the body temperature 
AFE. The WhB sensor contains two types of on-chip resistors 
with opposing temperature coefficients (TC). The RN, 
implemented as a p-type poly resistor, has a negative TC, and 
the RP, realized with n-type diffusion resistor, has a positive TC 
[34]. In this configuration, the open-circuit output voltage of the 
WhB is proportional to temperature. Then, a current feedback 
instrumentation amplifier (CFIA) amplifies the open-circuit 
voltage of the WhB, as shown in Fig. 7b.  Given the CFIA’s DC-
input nature, it ensures an infinite input impedance, avoiding 
signal attenuation due to voltage division between the sensor and 
the CFIA [35]. To mitigate the impact of process variation-
induced changes in the resistances of RN and RP on the 
temperature AFE’s sensing range and accuracy, we employs a 
resistor array with 3 control bits, RPT, for post-fabrication 
trimming. This implementation enhances the reliability of the 
WhB against process variations. The body temperature AFE is 

designed with a sensing range of 27 °C to 47 °C, accommodating 
the typical body temperature range of animals. Given the WhB 
sensitivity of 20 mV/°C, we chose a gain of 30 dB for the IA to 
provide a resolution of 0.03 °C. This resolution is comparable to 
the state-of-the-art design [36]. 

 Fig. 8a shows the circuit diagram of the signal digitizer. We 
implement a low-power RC-based relaxation oscillator that 
generates a 192 kHz signal, CLKDATA. This signal is then input 
into a frequency divider array, producing two synchronized 
signals: an 8 kHz sampling clock, CLKSAMPLE, and a 4-phase 
control signal bus, SEL<3:0>, with each control signal operating 
at 2 kHz. The 4-phase control signal bus controls the operation 
of the four transmission gates in the analog multiplexer, 
sequentially enabling each transmission gate to connect the 
corresponding AFE to the ADC for digitization. Each 
transmission gate is activated for a 0.5 ms time interval, during 
which the SAR ADC samples the each AFE output at the 8 kHz 
sampling clock. This process allows the SAR ADC to digitize 
each AFE output in a time-multiplexing manner. The ADC 
produces parallel data, which is serialized and packetized with 
an 8-bit preamble and a 6-bit postamble, resulting in 24 bits per 
package. This serial data stream is then delivered to back data 
telemetry circuits for wireless data transmission at the data rate 
of 192 kbps. Fig. 8 shows the schematic of the 10-bit SAR ADC. 
The ADC digitizes each AFEs’ output in a time-multiplexing 
manner with a sampling rate of 8 kHz. In every sampling cycle, 
the bootstrap switch closes, allowing the input signal, VIN, to be 
sampled onto the top plates of the capacitor DACs (CSARP and 
CSARN). Once sampling is complete, the digital conversion 
process of the SAR ADC begins. During each conversion cycle, 
the comparator compares the voltages on the top plate of CSARP 
and CSARN, generating the corresponding output code. The 

 
(a) 

 
(b) 

Fig. 7. Circuit diagram of (a) the temperature AFE and (b) the current feedback
instrumentation amplifier. 

 
(a) 

 
(b) 

Fig. 8. Circuit diagram of the (a) signal digitizer and (b) 10-bit SAR ADC. 
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output code from the comparator drives the SAR logic circuits 
to switch the bottom plate of each capacitor in CSARP and CSARN 
among the reference voltages REFP, VCM, and REFN. This action 
updates the top plate voltage of CSARP and CSARN, making them 
ready for the next cycle conversion. We adopted an energy 
efficient switching mechanism from [37]. Additionally, this 
switching mechanism can help reduce the required number of 
capacitors for CSARP and CSARN by 75%. 

Fig. 9 illustrates the circuit diagram of data Tx. The data Tx 
employs load-shift- keying (LSK) backscatter scheme with an 
intermediate-frequency (IF)-assistance technique. The Tx data 
is first upconverted to an IF by mixing it with a 1 MHz IF clock, 
which is generated by a voltage-controlled oscillator (VCO). 
The IF signal, IFSIG, drives a single pole double throw (SPDT) 
switch. Switching the SPDT switch would alternate the Rx coil’s 
load between two different values ZL1 and ZL2.  Meanwhile, the 
reflection coefficient and the amplitude of the reflected wave are 
modulated. This two-step modulation scheme modulates the 
baseband signal to the two sidebands of the power carrier (i.e. 
12.56 MHz and 14.56 MHz) [38]. Considering designing the 
data receiver, the strong power carrier can be filtered out using 
a notch filter while the baseband signal is preserved. This 
prevents the data receiver from being saturated by the power 
carrier signal. Consequently, data receiver design can be 
simplified by this IF-assisted LSK backscatter scheme. 

III. MEASUREMENT RESULTS 

Fig. 10 shows the micrograph of the ASIC. The ASIC was 
fabricated in the TSMC 180nm standard CMOS process and 
occupies a total silicon area of 1 mm × 2.5 mm. 

We characterized the power conversion efficiency (PCE) of 
the active voltage doubler using a vector network analyzer   
(VNA) with the input frequency set at 13.56 MHz [39]. The PCE 
is defined as the ratio between the voltage doubler’s output 
power and its input power. Fig. 11a depicts the PCE under 
different load current (IL) conditions with the peak efficiency of 

76.4% at IL = 30 μA. We also evaluated the PCE against the 
voltage doubler output voltage, VDBR, while maintaining a 
constant load current of IL = 50 μA. As shown in Fig. 11b, the 
voltage doubler achieves a PCE of over 60% for VDBR values 
between 2.4 V and 3.8 V, with the peak efficiency of 74.4% at 
VDBR = 3.3V. 

Fig. 12 presents the measured transient waveform of the 
forward data telemetry. VCOIL is modulated by pairs of PPM 
pulses, which encodes user commands. VPPM represents the 
recovered PPM signal, which is subsequently recovered into the 
synchronized data, DATAFWD,  and the clock signals, CLKFWD, 
by the data and clock recovery circuit. Afterwards, the DATAFWD 
is sampled by a serial-to-parallel circuit. When a data packet is 
successfully transferred and decoded, a flag signal is raised, 
indicating a successful data transmission and triggering the 
registers to capture the transmitted user commands. 

 We measured the frequency response and the input-referred 
noise (IRN) power spectrum density (PSD) of the ECG AFE, as 
presented in Fig. 13a and Fig. 13b, respectively. The ECG AFE 
consumes 5 μW power. The measured frequency response of the 
ECG AFE exhibits a bandpass characteristic with the low-

 
Fig. 9. Circuit diagram of the IF-assisted Tx backscatter. 

 
Fig. 10.  The micrograph of the ASIC. 

 
(a) 

 
(b) 

Fig. 11. Measured PCE of the active voltage doubler under different (a) load
current and (b) output voltage. 

 
Fig. 12.  Measured transient waveform of the forward data telemetry. 
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cutoff corner at 0.3 Hz. Its midband gain can be programmed 
from 45 dB to 79 dB. In addition, the 3-dB bandwidth of the 
ECG AFE is tunable, ranging from 100 Hz to 600 Hz. The ECG 
AFE has an approximately 10 nV/√Hz thermal noise floor and 
a flicker noise corner at 10 Hz. Integrating the PSD from 0.3 Hz 
to 1kHz results in a 3.1 μVRMS IRN. 

Fig. 14a shows the measured transient waveforms of CLED 
voltage, ILED, and VPPG_OUT, demonstrating the operation of PPG 
measurement. To measure ILED, we connected a 50 Ω resistor in 
series with the LED and measured the voltage across the 
resistor. The LED is driven by current pulses with 200 μs pulse 
width at 50 Hz frequency. During each charging phase, the CLED 
is charged to 3.3V to provide an LED driving voltage higher 
than the forward voltage. In the subsequent discharging phase, 

the CLED dumps its charge, generating a 15-mA current pulse 
flowing through LED within 200 μs. The SC integrator resets 
VPPG_OUT to VCM, clearing the integration voltage of last PPG 
measurement. When the integration starts, the residual PD 
offset, which comes from the mismatch between PD offset and 
IDAC output current, may cause a voltage offset in VPPG_OUT. 
However, this can be effectively calibrated during data 
processing. During the integration phase, IPD charges the CINT, 
converting the IPD to an integration voltage. Afterwards, the 
SAR ADC samples the VPPG_OUT before the next current pulse, 
during which the integration voltage is held by the PPG AFE. 
Figure 14b shows the PPG AFE’s measured noise PSD, 
indicating an integrated IRN current of 47 pARMS over the 
bandwidth from 0.1 Hz to 10 Hz. 

The body temperature AFE in twenty ASIC samples from 
the same die is characterized in a temperature-controlled oven. 
We first trim the process variation by manually tunning the 3-bit 
resistor array, RPT. Afterwards, the AFE is trimmed at 39 °C to 
calibrate the offset. The AFE offered a temperature measuring 
range from 27 ̊C to 47 ̊C with an average power consumption of 
12.6 μW, as shown in Fig. 15a. Fig. 15b shows that the 
inaccuracy of the body temperate AFE is about 0.2 ̊C (3σ) over 
the entire temperature measuring range. These measurement 
results indicates that this AFE offers accurate body temperature 
sensing with sufficient measuring range and high energy 
efficiency for the target application.  

Fig. 16 shows the measured output power spectrum, 
differential non-linearity (DNL), and integral non-linearity 
(INL) of the 10-bit SAR ADC with an 8 kHz sampling rate. We 
fed through a 122.3 Hz sinusoidal signal with an amplitude of 
720 mVPP to the SAR ADC and collected 128k output data 
points for Fast-Fourier-Transform (FFT) analysis with a 

 
(a) 

 
(b) 

Fig. 13. Measured ECG AFE’s (a) magnitude response over different
frequency, gain, and bandwidth configuration and (b) noise power spectrum
density (PSD). 

 
(a) 

 
(b) 

Fig. 14. Measured (a) transient waveforms of the PPG measurement results and
(b) PPG AFE’s input-referred noise spectrum. 

 
(a) 

 
(b) 

Fig. 15. (a) Measured output linear range of body temperature AFE; (b) 
inaccuracy over different temperature. 
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Hamming window. We also applied background calibration to 
mitigate the nonlinearity of SAR’s capacitive DAC array. 
Within the DC to 1 kHz frequency band, the peak signal-to-
noise-and-distortion ratio (SNDR), SNR, and spurious-free 
dynamic range (SFDR) are 57.5 dB, 58.2 dB, and 63.7 dB, 

respectively. The resultant effective number of bits (ENOB) is 
9.3 bits. In Fig. 16b and Fig. 16c, the peak INL and DNL are 
within (+1.1, -1.7) least significant bit (LSB) and (+0.35, -0.37) 
LSB, respectively. 

 The measured transient waveforms in Fig. 17a demonstrate 
the IF-assisted LSK backscatter scheme in the time domain. 
IFSIG is the IF-modulated baseband signal, which is further 
modulated onto the 13.56 MHz power carrier by switching the 
SPDT. At the data receiver side, we use a commercial software 
defined radio (SDR) to demodulate the reflected signal and 
recover the data. The data pattern observed from the measured 
signals are matched with each other, indicating successful data 
transmission. Fig. 17b shows the backscatter scheme in 
frequency domain. The measured spectrum indicates three 
signal tones located at 12. 56 MHz, 13.56 MHz, and 14.56 MHz 
respectively. This spectrum demonstrates that successfully 
translation of the baseband data to the sidebands of the power 
carrier.  

The average power consumption of the ASIC is 155.6 μW, 
when ECG sensing, temperature sensing, and PPG measurement 
are enabled. Fig. 18a details the power breakdown of the ASIC. 
Notably, the PPG measurement accounts for 68% of the total 
power due to driving the LED at its maximum current of 15 mA. 
The active silicon area of the ASIC is 1.2 mm2. When excluding 
the auxiliary test block, the power management block occupies 

 
(a) 

 
(b) 

Fig. 16. Measured (a) output FFT PSD, (b) DNL, and INL of the 10-bit SAR
ADC.  

 
(a) 

 
(b) 

Fig. 17. Measured (a) transient waveforms of the IF-assisted Tx backscatter and
(b) power spectrum at the data Rx side.   

(a) (b) 
Fig.18. (a) Power breakdown and (b) area breakdown of the ASIC. 

 
Fig. 19.  In vivo experimental setup for evaluating ASIC’s functionality on 
anesthetized rats. 
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the most area, followed by the PPG measurement circuit and the 
ECG AFE.  

Table 1 summarizes the performance metrics of the proposed 
ASIC. In addition, we compare the ASIC with the state-of-the-
art ASIC designs for physiological monitoring wearable devices 
and implantable devices. To the best of our knowledge, this 
ASIC is the first design for a wireless, multi-modal, injectable 
health monitoring device. This ASIC enables subcutaneous 
ECG, PPG, and body temperature measurements 
simultaneously. The innovation of this ASIC lies at the 
following aspect: incorporating wireless power and data 
transmission, versatile physiological monitoring, high-level of 
integration, and tailored low-power circuit techniques. 
Compared to ASIC designs for wearable devices, the wireless 
operation of the proposed ASIC eliminates the need for bulky 
batteries and wires. This significantly reduces device discomfort 
and facilitates data acquisition during experiments, enabling 
long term health monitoring on freely moving animals. This is a 
key step towards the transformation of clinical use. When 
contrasted with ASICs designed for other implantable 
physiological monitoring devices, the proposed ASIC provides 
multiple sensing modalities, which ensures essential 
measurement redundancy and effectively mitigates the device’s 
susceptibility to motion artifacts. This ASIC features high-level 
integration by combining the ECG AFE, PPG measurement 
frontend, body temperature AFE, ADC, wireless power 
management, wireless data Tx/Rx, and digital control circuit, all 
in a 2.5 mm × 1 mm silicon area. In addition, to reduce the power 

consumption, we tailored low-power circuits techniques for the 
ASIC. We employ low-power IF-assisted backscatter-based 
data transmitter. This technique removes the need for a power-
hungry high-speed oscillators and power amplifier. In PPG 
measurement, we implement a SC LED driver to enhance 
energy efficiency of capacitor charging. Additionally, In PPG 
measurement, the SC integrator with integrate-and-hold 
operation removes the need for synchronizing ADC sampling 
with current pulses, simplifying the logic design and allowing 
one shared ADC to sample each AFE’s output in a time-
multiplexing manner. These innovations and characteristics 
collectively make the device highly suitable for animal health 
monitoring applications. 

IV. IN VIVO VERIFICATION 

We verified and evaluated the functionality and 
performance of the ASIC via an in vivo experiment. Fig. 19 
shows the experiment setup. The animal model was 9-week-old 
adult Wistar rats (Rattus norvegicus) under isoflurane 
anesthesia. All animal procedures were approved by the 
Institutional Animal Care and Use Committee (IACUC) of NC 
State University. We subcutaneously inserted a PD-LED pair 
and ECG needle-electrodes into the rats' thoracic region on their 
dorsal side. The ASIC was mounted and connected to an 
evaluation board via wire-bonding. This board also contains 
necessary passive components such as storage capacitors. The 
microcontroller (MCU) encodes user commands into OOK 
pulses and modulates the power carrier, allowing the ASIC to 

TABLE I: PERFORMANCE COMPARISON WITH STATE-OF-THE-ART MULTIMODAL PHYSIOLOGICAL MONITORING ASICS 
Specifications [20] [23] [24] [21] [22] This Work 

System 

Technology 55 nm 180 nm 130 nm 55 nm 65 nm 180 nm 

Chip Area 
2.5 mm ×  
1.8 mm 

3 mm ×  
4 mm 

3 mm ×  
2 mm 

4.32 mm ×  
4.32 mm 

3.1 mm ×  
1.6 mm 

2.5 mm ×  
1 mm 

Power Source Battery Capacitive Link 
15.7 MHz 
Inductive 

 Link 
Battery N/A 

13.56 MHz 
Inductive 

 Link 
Forward  

Wireless Data 
N/A N/A ASK  

Bluetooth Low 
Energy 

N/A 
PPM-OOK  
(50 kbps) 

Backward 
Wireless Data 

N/A N/A 
LSK Backscatter 

(22 kbps) 
Bluetooth Low 

Energy 
N/A 

IF-LSK 
Backscatter  
(192 kbps) 

Power  
Consumption (μW)* 

N/A 279.7  N/A 769 9.27 155.3 

Form Factor Smart Watch 
Implantable 

Devices 
Implantable 

Devices 
Chest Patch 

Wearable  
Devices 

Cylindrical  
Injectable Devices 

Sesnsing  
Modality 

ECG/BIOZ/PPG PPG 
Elec. Recording/ 

Temp 
ECG/BIOZ/PPG ECG/Ozone/PPG ECG/PPG/Temp 

ADC  
Architecture 

Oversampling 
SAR 

2nd order ΔΣ 8-bit SAR 
Oversampling 

13-bit SAR 
N/A 10-bit SAR 

ECG/ 
Elec. Recording 

IRN (μVRMS) 
0.73 

(0.3 Hz -150 Hz) 
N/A 

7.79 
(1 Hz -1 kHz) 

0.7 
(0.3 Hz -150 Hz) 

20  
(0.4 Hz - 45 Hz) 

3.1  
(0.3 Hz -1 kHz) 

Power (μW) 192.6  N/A 57.6** 40 0.165 5 

PPG 

IRN (pARMS) 
100*** 

(0.1 Hz -20 Hz) 
162***  

(0.1 Hz-10 Hz) 
N/A 

151/28 
(0.1 Hz - 20 Hz) 

45 
(0.55 Hz -5 Hz) 

47  
(0.1Hz -10 Hz) 

Max ILED (mA) N/A 92.3 N/A N/A 1.5 15 

Power (μW) 
72 

(AFE only) 

279.7 
(includes  

LED driver) 
N/A 

179/121 
(includes  

LED driver) 

9.032  
(Includes  

LED driver) 

105.6****  
(includes  

LED driver) 
DR (dB) 130 108.2 N/A 111 92 75 

Body  
Temperature 

Range (̊C) N/A N/A 0-50 N/A N/A 27-47  
Resolution (̊C) N/A N/A 0.12 N/A N/A 0.03 
Inaccuracy (̊C) N/A N/A N/A N/A N/A ±0.2 

Power (μW) N/A N/A 36 N/A N/A 12.6 
*Includes the power of LED; **Includes the ADC’s power consumption; ***Estimated; ****Measured power consumption with 15 mA LED current; 
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wirelessly receive and configure each AFE. The commercial 
SDR (BladeRF, Nuand LLC) picked up the ASIC digitized and 
backscattered physiological signals wirelessly. The LED was 
driven with current pulses with a current of 10 mA, pulse width 
of 200 μs, and frequency of 150 Hz. According to our previous 
work [40], the increase in the local temperature of the rat’s skin 
due to LED current is minimal, well below the safety limit of 
0.5 °C [41]. We utilized a conventional gold-standard device 
(Go Direct™ EKG Sensor, Vernier Software & Technology) to 
simultaneously record the ECG signal alongside the ASIC. The 
ECG signal recorded by this commercial device serves as the 
baseline, which is utilized to verify and validate the 
performance and accuracy of the ASIC. 

Fig. 20 illustrates the baseline ECG recorded by the 
commercial device, alongside the ASIC-captured ECG and PPG 
signals. Utilizing the peak detection algorithm [42], [43], we 
successfully extracted both HR and BR data from the three 
signals: the baseline ECG, the ASIC-recorded ECG, and the 
ASIC-recorded PPG. In Fig. 21a, the heart rates extracted from 
the baseline ECG and the ASIC-recorded ECG were 378.4±7.47 
beats per minute (BPM) and 379.4±6.67 BPM, respectively, 
demonstrating a strong agreement between the two 
measurements. However, the heart rates extracted from the 
ASIC-recorded PPG were 390.2±9.49 BPM, slightly deviating 
(approximately 3%) from the baseline. This discrepancy may be 
attributed to motion artifacts including the breathing motion, 
which affect PPG signals more aggressively than ECG signals. 
However, incorporating multiple sensing methods in a device 
can potentially ensure redundancy for heart rate measurements 
and other health metrics. This multimodal approach would not 
only improve measurement robustness and accuracy but also 
mitigate the impact of artifacts on collected physiological data, 
enhancing overall system reliability and performance. As 
indicated in Fig. 21b, breath rates extracted from the baseline 
ECG, ASIC-recorded ECG, and the ASIC recorded-PPG were 
consistent at 57±5 breaths per minute (BPM), 57±3 BPM, and 
57±4 BPM, respectively. The HR and BR across modalities 
demonstrate consistent results, confirming the ASIC’s 
functionality and reliability. This emphasizes the ASIC's 

ability to monitor vital physiological parameters consistently 
and accurately, making it a valuable tool for animal use. 

V. CONCLUSION 

In this paper, we have introduced an ASIC with wireless 
operation and multimodal sensing for the injectable health 
monitoring device. The ASIC is fabricated in the 180 nm process 
with a size of 1 mm × 2.5 mm. The ASIC use the same link for 
both power and bidirectional data transmission, reducing the 
number of off-chip components and facilitating device 
miniaturization. The ASIC has multiple sensing modalities, 
including PPG measurement, ECG sensing, PPG, and body 
temperature monitoring. Multimodal sensing provides the 
necessary redundancy for physiological signal measurement and 
data collection, improving the ASIC immunity to motion 
artifacts. To realize the low power consumption of 155.3 μW, 
the AFE circuits are designed to be highly energy efficient while 
achieving the required performance in terms of noise level, 
bandwidth, gain, and linearity under limited power budget. 
Consuming an average power of 5 μW, the ECG AFE provides 
a gain range of 45 dB to 79 dB and IRN of 3.1 μVRMS to 
effectively amplify the ECG signal. The PPG measurement 
frontend, featuring a switched-capacitor-based structure, can 
deliver up to 15 mA of LED current. Additionally, the SC 
integrator-based PPG AFE is capable of detecting PD currents 
up to 720 nA, with a transimpedance gain adjustable between 
2.5 MΩ and 40 MΩ. The body temperature AFE senses 

 
Fig. 20.  Transient waveforms of Vernier EKG sensor-recorded baseline ECG
signal, ASIC-recorded ECG signal and PPG signal. 

 
(a) 

 
(b) 

Fig. 21. The (a) heart rate and (b) breath rate extracted from baseline ECG, 
ASIC-recorded ECG, and ASIC-recorded PPG. 
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temperatures in the range of 27°C to 47°C with an accuracy of 
±0.2°C. The 10-bit SAR ADC, with an ENOB of 9.3 bits, 
samples the output of each AFE sequentially at a rate of 8 kHz. 
The data packetizer serializes each ADC’s sampled data and 
combines it with headers to generate a 24-bit data packet, 
resulting in a 192-kbps data rate. In addition, the data transmitter 
employs an IF-assisted backscatter scheme, which not only aids 
in realizing a low-power ASIC but also simplifies the data 
receiver design. A low-power ASIC not only facilitates wireless 
power transmission but also aids in device miniaturization. The 
low power consumption enables the use of a tiny coil for 
receiving wireless power, which in turn allows the assembly of 
the ASIC into a compact, injectable device. The functionality of 
the ASIC has been effectively validated through in vivo 
experiments conducted on anesthetized rats. The alignment of 
the measured breath rate and heart rate with the gold-standard 
demonstrates the reliable ECG and PPG recording enabled by 
our ASIC, showcasing the ASIC’s promising potential for being 
a flexible, reliable, and robust tool in animal health monitoring 
applications. 
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