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The miniaturization of medical devices has enabled the devel-
opment of new approaches for the diagnosis and treat-
ment of human diseases1,2. For instance, smart pills are 

being used to image the gastrointestinal tract3–5, distributed sen-
sors are being developed to map the function of the brain6,7, and 
microscale robots are being designed to access organs through the 
bloodstream8. Although substantial progress has been made in 
endowing microscale devices with the capability of sensing their 
environment, performing biopsies and releasing drugs1,4,9,10, a major  
challenge remains in the way these devices communicate with the 
outside world.

Existing technologies are limited in their ability to precisely 
determine the location of microscale devices inside the body and 
communicate with them in a location-specific manner. For example, 
current techniques based on radio frequency (RF) signals9,11–15 are 
limited in their resolution and ability to localize multiple devices due 
to the strong dependence of signal propagation on tissue properties 
and the close proximity of triangulating RF receivers to the implant. 
Meanwhile, approaches based on direct detection of magnetic fields 
generated by devices bearing permanent magnets or coils have a 
limited detection range11, involve millimetre-sized architectures16–23, 
and have not been applied at the microscale. Alternatively, device 
imaging using methods such as X-ray computed tomography24–26, 
positron emission tomography27, magnetic resonance imaging 
(MRI)11,27–30 and ultrasound9,11,27,31–34 are limited by the properties of 
each modality—such as the presence of background contrast or the 
use of ionizing radiation—with limited opportunity for information 
transfer to and from the device.

Here, we present an alternative approach to microscale device 
localization based on concepts from nuclear magnetic resonance. 
In particular, the magnetic-field-dependent precession frequency of 
nuclear spins allows their location in space to be encoded through 
the application of magnetic field gradients. This allows MRI to visu-
alize signals from nuclear spins located throughout a specimen with 

~100 µ​m resolution. We hypothesized that, by designing microscale 
devices whose output frequency could shift with the magnetic field, 
they too could be localized, read out and controlled with MRI-like 
precision. This would enable the development of indigestible or 
injectable sensors and actuators whose locations in the body could 
be pinpointed while they provide a readout of local physiological 
variables such as pH, pressure, temperature, electrical potential or 
concentration of certain analytes, or execute interventions such 
as releasing drugs, applying electrical stimulation or ablating tis-
sue. Critically, multiple devices such as this distributed throughout 
the body or tissue could be addressed simultaneously. To test this 
concept, we developed a prototype device using a standard com-
plementary metal-oxide-semiconductor (CMOS) process. Because 
it operates analogously to magnetic spins, we call this technology 
addressable transmitters operated as magnetic spins (ATOMS). We 
characterize the behaviour of ATOMS in 1D and 2D localization 
experiments, achieving sub-millimetre resolution. Finally, we dem-
onstrate its potential for accurate localization in vivo.

ATOMS concept
MRI measures signals from ensembles of nuclear spins, each of 
which can be thought of as an atom-sized transmitter resonating at a 
magnetic field dependent frequency (Fig. 1a). A magnetic field gra-
dient is applied such that spins in one location resonate at a predict-
ably different frequency from spins at another location. Applying 
gradients while receiving signal from the full ensemble of nuclei 
allows the use of frequency shifts to assign signals to specific loca-
tions in space. Conversely, one can excite spins selectively by apply-
ing field gradients during frequency-specific transmission.

We reasoned that by creating silicon ATOMS circuits that 
mimic the behaviour of nuclear spins, we would be able to local-
ize devices containing such circuits in space using magnetic field 
gradients (Fig. 1b). This would allow the devices to transmit infor-
mation or receive commands via RF signals in a spatially specific 
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manner (Fig. 1c). Similarly to nuclear spins in MRI, this approach 
could allow multiple identical devices at different locations to be 
addressed in parallel, wherein ATOMS devices at different loca-
tions transmit and receive signals at distinct frequency shifts. 
Importantly, unlike MRI, a strong static polarizing magnetic field is 
not required, as ATOMS oscillations can be powered by internal or 
external energy sources. Also, unlike other RF localization methods, 
the spatial resolution of this approach would not be limited by RF 
wavelengths or tissue parameters.

In this work, we provide a proof of concept for the basic capabili-
ties of ATOMS by designing, developing and testing an integrated 
circuit capable of encoding its position inside a magnetic field gra-
dient in its oscillation frequency, and demonstrating 2D localization 
using frequency encoding. As discussed below, this core capability 
serves as the basis for engineering future ATOMS devices that can 
be addressed spatially in three dimensions using techniques analo-
gous to MRI pulse sequences—frequency encoding, phase encoding 
and selective excitation—to be combined with separately developed 
local sensing and actuation functionality.

The basic operation of our proof-of-concept device consists 
of three phases: the magnetic, excitation and transmission phases 
(Fig. 1d). During the magnetic phase, ATOMS devices sense, process  

and store the applied magnetic field at each of their locations. The 
excitation phase starts when the RF pulse is applied. The frequency 
of the RF pulse f0 is acquired, and the devices start oscillating at the 
same frequency. The transmission phase follows, during which each 
device emits a signal with a shifted frequency proportional to the 
measured magnetic field.

Results
ATOMS chip architecture. The system architecture of our ATOMS 
chip consists of a magnetic sensor, a two-stage chopper amplifier, 
an analog-to-digital converter (ADC), a phase-locked loop (PLL), a 
power amplifier (PA), an on-chip coil, and a control logic with digi-
tal signal processing (DSP) (Fig. 2a). A base frequency of 500 MHz 
(f0) was chosen based on compatibility with available equipment.

The magnetic sensor is an on-chip split-drain magnetic field-
sensitive field-effect transistor (MagFET) that measures the applied 
magnetic field orthogonal to the chip (BZ). This Hall-effect device 
generates a differential current Δ​I proportional to BZ and the bias 
current IMS

35. The MagFET’s output is amplified by a trans-imped-
ance amplifier (TIA) and a low-noise amplifier (LNA). To minimize 
noise at low frequencies, a chopper amplifier is formed by adding 
chopper modulators in the TIA and the LNA. The output of the 
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amplifier is then digitized for processing (for example, averaging) 
and storage. The on-chip coil acquires the excitation RF signal and 
emits the response of the chip. The PLL uses a ring oscillator instead 
of an LC oscillator to reduce area and power consumption at the 
expense of higher phase noise. However, the phase noise constraints 
can be relaxed by adjusting the bandwidth of the external receiver. 
An oscillation detector is included to sense the presence of the RF 
pulse and to enable control of the PLL loop. During the excitation 
phase, the chip closes this loop for frequency acquisition and syn-
chronization, where the PLL locks the internal oscillator to the RF 
pulse. During the transmission phase, the chip opens the PLL loop, 
shifts the frequency of the internal oscillator proportional to the 
measured magnetic field, and feeds the oscillator’s output to the PA 
for transmission. To generate frequency shifts, a current digital-to-
analog converter with a 6-bit resolution is used. The control logic 
manages the whole operation of the chip and processes the mea-
sured magnetic field.

In this work, we focus on integrating the critical components of 
the system in a single chip: the magnetic sensor, amplifiers, PLL, PA 

and the on-chip coil for frequency locking and radiation. The ADC 
and control logic have more relaxed requirements due to the low 
processing speed (up to a few kHz), and can be integrated into the 
system in future versions with minimal impact on size and power 
requirements. The chip was fabricated in a standard 180 nm CMOS 
process and occupies an area of 1.8 ×​ 1.2 mm (Fig. 2b,c).

The on-chip MagFET has a size of 20 ×​ 28 μ​m, a measured sensi-
tivity of 3.29% T−1 (defined as Δ​I/IMSBZ), and a measured total input 
referred noise of 625.48 μ​T between 2 Hz and 100 kHz. The TIA and 
LNA have a gain of 317.38 kΩ​ and 25 dB, respectively. The overall 
bandwidth of the amplifier is 1 kHz, and the chopper frequency is 
set to 763 Hz. These results translate to a sensitivity of 5.48 V T−1 at 
the output of the LNA. The on-chip coil has a size of 420 ×​ 420 μ​m 
and a quality factor of 4.6 at 500 MHz. The PLL has an integrated 
root mean square jitter (10 kHz–10 MHz) of 60 ps when it is locked 
and 308 ps when it is unlocked. The minimum frequency shift is set 
to 1.4 MHz for a total range of 88.5 MHz centered at f0. The power 
consumption of the chip is dominated by the magnetic sensor, the 
internal oscillator and the radiation elements, and it is measured to 
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be 339 μ​W on average. While power is provided externally in this 
design, such low power consumption allows wireless power deliv-
ery in future versions. An external ADC with 12-bit resolution and 
sample rate of 763 Hz is used for all our measurements. The control 
logic and DSP are implemented in an external field-programma-
ble gate array (FPGA). The controller runs at 1 MHz to transmit 
150 bits via a serial interface, and the DSP runs at 763 Hz.

Electrical characterization of the ATOMS chip. We characterized 
the performance of the ATOMS chip using the test setup shown in 
Fig.  3a. The chip was placed in a printed circuit board (PCB) to 
connect to the ADC, FPGA and power supplies. We used the wired 
output of the chip to only measure and evaluate the response of the 
system during the excitation phase in initial electrical character-
ization. All other measurements were taken from the wireless sig-
nal picked up by the external receiver coil. We used a permanent 
magnet to generate the magnetic field gradient, which was mapped 
using a gaussmeter.

The ATOMS chip first measured the local magnetic field and 
used a moving-average filter of 128 samples at 763 Hz (implemented 
in the FPGA) to reduce noise. The internal oscillator, during this 

phase, oscillated at its natural frequency. When the excitation RF 
pulse (400 μ​s pulse width) was applied, the chip wirelessly detected 
its presence, locked the internal oscillator to this signal, and mea-
sured its frequency. When the RF pulse was removed, the chip 
sensed this transition and shifted its oscillation frequency for trans-
mission (Fig. 3b). Note that the latency in communication between 
the chip and the external control logic (FPGA) caused a delay of 
~35 μ​s in frequency encoding due to the use of a serial interface for 
data transfer; during this time the PLL was opened and the oscilla-
tion frequency briefly returned to its initial value. For this experi-
ment, the output of the chip was measured for 800 μ​s at 31 different 
values of the magnetic field using a real-time oscilloscope with a 
sampling rate of 10 GHz.

The spectral profile of the chip at thirteen magnetic field strengths 
is shown in Fig. 3c. As expected, the oscillation frequency of the chip 
changed proportional to the field strength. It showed a full width at 
half maximum (FWHM) or 3 dB bandwidth of 600 kHz. A linear 
relationship between oscillation frequency and magnetic field was 
revealed in the range of 480–520 MHz and 40–170 mT (Fig. 3d). 
For each field strength, the oscillation frequency was estimated by 
calculating the centre frequency of the peak of the power spectral 
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density (PSD); then a linear fit was calculated. We defined a param-
eter to represent the relationship between the oscillation frequency 
of the device and the magnetic field, calling it its gyromagnetic ratio, 
γATOMS, by analogy to nuclear spins. The ATOMS chip has a mea-
sured γATOMS of 255.1 MHz T−1.

1D localization. To evaluate the spatial localization performance 
of ATOMS, we first performed a 1D localization experiment using 
the test setup described above, with the chip at 3 different positions 
along the same axis (Fig. 4a). The magnetic field profile generated 
by the permanent magnet, BZ =​ g(x), is shown in Fig. 4b. The chip’s 
output signal, whose frequency shifted according to the field at its 
location and γATOMS, was measured wirelessly. As expected, the chip 
generated different frequency shifts Δ​f for each position (Fig. 4c). 
We could then obtain the location of the device according to:













γ
=

Δ + Δ−x g
f f

(1)1 0

ATOMS

where g−1 is the inverse function of BZ and Δ​f0 is the frequency shift 
offset (Supplementary Fig. 1). The resulting localization is shown 
in Fig. 4c (bottom). Notably, the width of the spectral response at 
each position increased with distance from the permanent magnet 
due to the field gradient decreasing as a function of this distance. 
The position of the chip was estimated as the centre value of the 
peak of the PSD in space. The true and estimated positions for all 
three locations, and the FWHM as a function of the magnetic field 
gradient are shown in Fig. 4d,e. The standard deviation of the esti-
mated location σ​x across 32 independent measurements and the 
error of the estimate relative to the true location at each point are  
shown in Fig. 4f,g. Both quantities increased in inverse proportion 

to the magnetic field gradient at each location, from 50.44 μ​m and 
59.17 μ​m when the gradient is 51.46 T m−1 to 115.4 μ​m and 125.7 μ​
m when it is 32.14 T m−1, respectively.

2D localization. Next, we performed a 2D localization experiment 
using the test setup shown in Fig. 5a. We used two permanent mag-
nets (M1 and M2) to apply magnetic field gradients in two different 
directions (Fig. 5b,c). Adding and removing one magnet at a time 
allowed us to apply a sequence of two field gradients, analogous to 
the design of pulse sequences in MRI. The frequency response of 
the chip in each gradient defined a curve of possible positions cor-
responding to a specific magnetic field magnitude (BZ1

 and BZ 2
 in 

Fig. 5a). We defined the functions P x y( , )M1
 and P x y( , )M2

 as the map-
ping of the PSD of the chip’s response into the 2D magnetic field space 
of M1 and M2, respectively. We then obtained the 2D position from 
the centre of the peak of = ∕ ∕( )( )P x y P P P P( , )M M M ,max M M ,max12 1 1 2 2

, 
representing the point of intersection.

We used this system to track the location of an ATOMS chip while 
translating it in space to write the letters C, I and T. As expected, the 
three letters can be clearly identified (Fig. 5d). The estimated and 
true positions of the ATOMS chip at each measurement point are 
shown in Fig. 5e. A localization error of less than 250 μ​m was mea-
sured for all cases (Fig. 5f). Similar to the previous experiment, the 
error depended on the magnitude of the magnetic field gradient, 
with lower errors where the gradient is highest.

In vivo localization. To establish the feasibility of ATOMS technol-
ogy within the context of in vivo biological tissue, we localized our 
ATOMS device following subcutaneous implantation in an anesthe-
tized mouse (Fig. 6a). In preparation for this experiment, the chip 
was placed in the shaft of a small PCB and encapsulated using a 
silicon elastomer. We moved the chip to four different locations on 
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a single axis using a micropositioner. A stronger magnet was used 
to increase the effective field of view (FOV) to more than 12 mm by 
generating the magnetic field profile shown in Fig. 6b. Due to this 
new profile, the chip was tuned to accommodate the new magnetic 
field range by calibrating the magnetic sensor offset and reducing 
the overall gain of the system. In this case, γATOMS was measured to 
be 170.7 MHz T−1. The PSD of the received signals exhibited four 
different peaks corresponding to the target locations (Fig.  6c). A 
localization error of less than 500 μ​m was measured for all cases 
(Fig. 6d,e), and this error exhibited less positional dependence than 
previous experiments, in agreement with the more linear magnetic 
field. This experiment demonstrates that ATOMS-enabled devices 
can be localized in living biological tissues.

Discussion
In this study, we introduce the concept of ATOMS—microscale 
devices that mimic the behaviour of nuclear spins to enable their 
spatial localization using the principles of magnetic resonance—and 
demonstrate the core element of this concept in vitro and in vivo. 
The ATOMS technology provides an elegant solution to the prob-
lem of locating and interfacing with microscale in vivo biosensors 
by decoupling the dependence of RF methods from body compo-
sition and time-sensitive parameters (for example, time of arrival 
or strength of received signal). As a result, it combines the benefits 
of frequency encoding using magnetic field gradients and highly  

sensitive RF receivers. Because ATOMS technology does not require 
a superconductive magnet, it offers a more affordable and simpler 
alternative compared to actual MRI methods that image nuclear 
spin precession.

The methods developed in this work can be extended to 3D 
localization of microscale devices using techniques similar to MRI 
pulse sequences (Supplementary Fig.  2). For a single ATOMS 
device inside a patient, 3D localization can be achieved by using 
a sequence of three magnetic field gradients in different directions 
(GX, GY and GZ) and performing frequency encoding in each dimen-
sion. For multiple ATOMS devices, 3D localization can be accom-
plished by using selective excitation, phase encoding and frequency 
encoding. For instance, selective excitation can be performed by  
applying GZ such that devices outside the slice of interest  
become inactivated for transmission by experiencing field magni-
tudes above a certain threshold. Phase encoding can be achieved by 
producing a phase shift (using a digitally controlled phase shifter) 
proportional to the magnetic field generated by GY. Finally, fre-
quency encoding can be performed by applying GX as described in 
the previous sections.

In the case of an angular misalignment of θ​° between BZ and the 
ATOMS device, a localization error can occur because the magnetic 
sensor measures the magnetic field orthogonal to its surface (that is, 
BZcosϴ). To overcome this limitation, we can add an extra step in the 
pulse sequence where a uniform magnetic field BC is applied to provide  
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a correction factor for measuring BGZ
, the magnetic field gener-

ated by GZ at the location of the chip (Supplementary Fig. 3). In this 
scheme, we first apply the reference field BC, and the device responds 
with a frequency shift Δ​fMC, generated by the measured magnetic 
field BMC =​ BCcosϴ. We then apply GZ, and the device responds with 
Δ​fMZ, generated by BMZ =​ BGZcosϴ. Using both measurements, BGZ

 
can be obtained from BCΔ​fMZ/Δ​fMC (see Supplementary Material for 
detailed derivation). This approach allows the correct estimation 
of the chip’s location and orientation as long as the local magnetic 
fields perpendicular to the chip, BMC and BMZ, are above the noise 
floor of the magnetic sensor. For a single device, BC and GZ can be 
applied in two successive acquisitions. For simultaneous localiza-
tion of multiple devices, both fields are applied consecutively in 
a single acquisition, where each device calculates the ratio of BMZ 
and BMC internally and responds with a frequency shift propor-
tional to this ratio. Another approach is to use a 3D magnetic sen-
sor in the chip. In this case, BGZ

 can be calculated by measuring  
all three components of the magnetic field and performing fre-
quency encoding with the total field. Both methods can also be 
applied to phase encoding.

The noise of the magnetic sensor and the phase noise of the 
oscillator are the main factors that affect the minimum detectable 
frequency shift Δ​fmin and, therefore, the resolution of the system. It 
can be shown that, for frequency encoding, the theoretical spatial 
resolution is given by

γ
Δ =

Δ
x

f

G
(2)min

ATOMS Z

where Δ​fmin =​ 2σf , and σf is the standard deviation of the oscillation 
frequency (see  Supplementary Material for detailed derivation).  

The resolution of our current in vivo system would be limited to 
360 μ​m (γATOMS =​  170.7 MHz T−1, GZ =​  9 T m−1). It is important 
to note that, in our current design, the magnetic sensor noise and 
oscillator phase noise are limited by the small power consumption 
befitting a wirelessly powered implantable device. Applications such 
as capsule endoscopy or minimally invasive surgery1,3,5, in which 
power can be supplied externally or via battery, present higher 
power budgets that would boost the performance of the sensor and 
oscillator, and therefore the resolution of the system.

The strength of the magnetic field gradient also impacts the 
localization resolution. Our experiments show an in vivo accuracy 
of ~500 μ​m when the field gradient is ~10 T m−1. Therefore, in our 
current implementation, a magnetic field gradient of ~5 T m−1 is 
required for 1 mm resolution. Field gradients of this magnitude are 
already in use in magnetic particle imaging instruments, with values 
as high as 7 T m−1 (ref. 36). This resolution is larger than the MagFET 
sensor on our chip, meaning that localization is currently limited by 
noise rather than device dimensions.

The size of a fully wireless ATOMS device depends on the power 
delivery method and communication requirements. For instance, 
on-chip integration of RF power delivery components limits device 
size to the area of the power antenna. Current approaches use fre-
quencies in the range of 0.9–2 GHz, which maximize power transfer 
to microscale devices in tissue37,38, and use antennas with <​2 mm2 
areas38,39. With a thickness of 100 μ​m, the size of a device incorporat-
ing such an antenna would be ~0.2 mm3. Alternative power delivery 
methods, such as a battery or piezoelectric powering, could have a 
smaller footprint on the device, in which case device size would be 
limited by the on-chip radiating antenna used for communications. 
In our current device, this antenna has an area of ~0.2 mm2, which 
could be reduced at higher frequencies (single GHz range). Using 
the power requirements of our current device and available battery 

PS
D

 (d
B 

nm
–1

)
PS

D
 (d

B 
H

z–1
)

–140

–120

–100

–140

–120

–100

Frequency shift (MHz)
–20 –10 0 10 20

B Z 
(m

T)
G z (

T 
m

–1
)

Distance (mm)

8

16
14
12
10

300

200

100

0

Distance (mm)
0 2 4 6 8 10 12 14

0 2 4 6 8 10 12 14
Distance (mm)

0 2 4 6 8 10 12 14

0

100

200

300

400

500

Lo
ca

liz
at

io
n 

er
ro

r (
μm

)

d (mm)0

a b c

d e

4 7 101

Subcutaneous
implantation

Bz = f(d)

ATOMS
chip

x1

x1

x1x2x3
x4

x1x2x3
x4

x2 x3 x4 x1 x2 x3 x4

x2 x3 x4

–2

0

2

4

6

8

10

12

Lo
ca

tio
n 

(m
m

)

True
Estimated
Samples

Fig. 6 | In vivo localization. a, An illustration of the in vivo localization experiment. The ATOMS chip was implanted subcutaneously in the shoulder area 
of an anesthetized mouse, placed at four different locations. A permanent magnet placed above the mouse generated the magnetic field profile, and a 
transmit/receive coil was used for RF excitation and signal reception. b, Magnetic field and magnetic field gradient produced by the magnet. c, Frequency 
shift-location mapping. The figure shows the PSD of the received signal as a function of frequency shift (top) and distance (bottom). d, Estimated and true 
positions of all 4 cases. Circles represent all data points. e, Localization error of the experiment. N =​ 32 for d. Error bars represent ±​s.d.

Nature Biomedical Engineering | VOL 1 | SEPTEMBER 2017 | 736–744 | www.nature.com/natbiomedeng742

http://www.nature.com/natbiomedeng


© 2017 Macmillan Publishers Limited, part of Springer Nature. All rights reserved. © 2017 Macmillan Publishers Limited, part of Springer Nature. All rights reserved.

ArticlesNature Biomedical Engineering

technology, with capacities greater than 65 µ​Wh  mm−3 (refs  40–42) 
an ATOMS device incorporating a battery smaller than 0.01 mm3 
could make more than 1,000 location measurements during its 
transit through the body (each measurement lasting 5  ms), such 
that total device size could be close to 0.03 mm3. Incorporation of 
control logic and ADC onto a fully wireless chip is not expected 
to significantly impact device dimensions or power requirements, 
since these circuit elements operate at kHz frequencies and can be 
designed to consume less than 1 µ​W while occupying areas smaller 
than 0.017 mm2 and 0.01 mm2, respectively43,44.

The in vivo experiments presented in this study provide a rudi-
mentary proof of concept for magnetic gradient spatial encoding 
and RF communication in living tissue. Future experiments are 
needed to establish the range of possible ATOMS applications in 
light of parameters such as RF absorption and tissue movement. 
RF absorption in deep tissues will determine the size and power 
requirements of ATOMS antennae, with the estimates discussed 
above valid to depths of a few centimetres37,38. Device motion inside 
the body will affect the spatial precision of localization. However, 
the timescales for performing a MagFET measurement, locking 
into a base frequency, and radiating a position-dependent signal, 
on the order of single ms, are well below the relevant timescales of 
breathing, heartbeat and gastrointestinal peristalsis. The fastest of 
these, cardiac wall motion, has a speed of ~50 mm s−1 in humans45, 
which would allow for a 20  ms ATOMS interaction to preserve 
sub-millimetre spatial precision. Although rotational motion could 
also play a role in ATOMS devices using a reference field measure-
ment to account for MagFET alignment, rotation is expected to be 
severely restricted in most tissues for micrometre-to-millimetre 
scale devices.

With precise localization in vivo, ATOMS-enabled devices can 
act as real-time sensors and actuators for diagnosis and therapy. For 
sensors, information about the measured quantity can be encoded 
in the device’s transmitted output via amplitude or time modula-
tion. For actuators, slice selection in three dimensions can activate 
a therapeutic event for ATOMS-enabled devices located only at a 
specific spot in the body.

Outlook
In summary, our results establish the concept of microscale silicon 
devices mimicking the physical behaviour of nuclear spins to enable 
their localization inside the body, and provide a proof of concept 
by localizing a device smaller than 0.7 mm3 in vivo with sub-mil-
limetre precision. The ATOMS technology combines the benefits 
of RF communication with the simple spatial encoding offered by 
magnetic-field gradients. In addition, it enables external control 
and adaptation of the spatial resolution by programming of γATOMS 
and GZ. The integration of ATOMS with microscale biological sens-
ing and actuation technologies will enhance the development of a 
wide range of biomedical applications, from distributed localized 
monitoring of biologically relevant biomarkers to targeted release of 
therapeutic agents and tissue imaging for disease diagnosis.

Methods
Test setup for bench experiments. The ATOMS chip was placed in a small 
daughter PCB and connected using wirebonds. This PCB was connected to a 
mother PCB which interfaces with the ADC, FPGA, and voltage and current 
sources. The PCBs were fabricated on a standard 4-layer 0.062" FR4 substrate.  
The outputs of the chip’s LNA were buffered using an AD8512 dual amplifier from 
Analog Devices in a voltage-follower configuration. The buffered outputs of the 
chip were digitized by an AD7450 12-bit ADC from Analog Devices. The FPGA 
was a Cyclone IV EP4CE115F29C7 from Altera, and was integrated in a DE2-115 
development board from Terasic. The FPGA interfaced directly with the ADC, 
processed the digitized data and controlled the operation of the chip. The FPGA 
code was written in Verilog HDL. A MSO7104B mixed-signal oscilloscope from 
Keysight was used to visualize the output of the chip and other control signals.

The RF pulse was applied via a 4-turn coil which was connected to a matching 
network. The coil had a diameter of 5 mm and was manually wounded using 

copper wire with a diameter of 320 μ​m. The coil was aligned with the chip and 
placed at ~3 mm distance from it. The RF signal was generated by a MG3694B 
signal generator from Anritsu and was amplified by a ZHL-20W-13SW +​ power 
amplifier from MiniCircuits. Semirigid coaxial cables were used to connect the coil 
and matching network to the output of the power amplifier. The RX channel used 
a second coil which is similar to the transmit coil. A similar matching network was 
also used. The signal from the chip was picked up by the coil and amplified by  
a chain of 3 ZX60-P33ULN +​ low-noise amplifier from MiniCircuits. The output 
of the amplifier is sent to a DSA90804A real-time oscilloscope and an E4440A 
spectrum analyser, both from Keysight. Pulse modulation of the RF signal and 
synchronization between TX and RX channels were performed using a Keysight 
33522B waveform generator. The whole test setup was automated and controlled  
by a custom script written in MATLAB. The magnetic field was generated  
using an NdFeB grade N40 magnet from MAGCRAFT, with a size of  
0.5" diameter ×​ 1" length. The distance between the chip and the magnet was 
controlled by moving the magnet using a micropositioner.

Test setup for in vivo experiments. For the in vivo experiment, the interface with 
the chip was modified as follows. A small PCB with a shaft on a standard 4-layer 
0.062" FR4 substrate was designed to hold the chip for insertion. The shaft had 
a length of 32 mm and a width of 3.55 mm before encapsulation. The chip was 
placed in the tip of the PCB’s shaft and both were encapsulated using a silicon 
elastomer. The total width of the shaft after encapsulation was 4 mm. The PCB 
with the chip was inserted into the mouse and moved to target locations using 
a micropositioner. A shielded cable was used to connect this small PCB to the 
mother board and the rest of the test setup. The magnetic field was generated  
using an NdFeB grade N52 magnet from K&J Magnetics, with a size of 2" 
diameter ×​ 2" length. The magnet was placed above the mouse. A transmit/receive 
coil was used to send the RF pulse and to pick up the response of the chip.  
Custom 3D-printed structures were designed to hold and position the small PCB, 
magnet and animal in place.

Chip silicon encapsulation. First, a layer of Sylgard-184 was applied on top of 
the chip to cover and protect the wirebonds, and it was cured at 75 °C for 60 min. 
Silastic MDX4-4210 was then used for encapsulation. Dip-coating was performed 
on the PCB’s shaft with the chip, and it was cured at 75 °C for 60 min.

Animal procedures. A small incision of 1.5 cm was made in the skin of the 
shoulder area of a female BALB/c wild-type mouse (>​30 weeks old) to insert the 
microchip. The mouse was anaesthetized during the entire experiment with an 
IP injection of ketamine/xylazine (100 and 10 mg kg−1 of BW, respectively). The 
incision area was shaved and cleaned before insertion of the microchip. An RF 
signal and a magnetic field was applied using a small antenna and a permanent 
magnet. The chip measured these signals and then radiated an RF signal back.  
This signal was picked up by the antenna to be analysed. The signal was measured 
for 5 min per location. A total of 4 locations were measured. One mouse was used 
in these experiments, since this was adequate to demonstrate device performance. 
This animal procedure was approved by the Institutional Animal Care and Use 
Committee of the California Institute of Technology.

Data and statistical analysis. The detection algorithm, fits and measurement 
figures were written and generated in MATLAB running on a standard 
workstation. Where replicate measurements were performed, the sample size 
was selected based on preliminary experiments to provide sufficient data for 
calculation of mean and standard deviation.

Code availability. Code used in this study is available from the authors  
upon request.

Data availability. The authors declare that all data supporting the findings of this 
study are available within the paper and its Supplementary Information.
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group allocation during data collection and/or analysis.

n/a

Note: all studies involving animals and/or human research participants must disclose whether blinding and randomization were used.

6.   Statistical parameters 
For all figures and tables that use statistical methods, confirm that the following items are present in relevant figure legends (or in the 
Methods section if additional space is needed). 

n/a Confirmed

The exact sample size (n) for each experimental group/condition, given as a discrete number and unit of measurement (animals, litters, cultures, etc.)

A description of how samples were collected, noting whether measurements were taken from distinct samples or whether the same 
sample was measured repeatedly

A statement indicating how many times each experiment was replicated

The statistical test(s) used and whether they are one- or two-sided (note: only common tests should be described solely by name; more 
complex techniques should be described in the Methods section)

A description of any assumptions or corrections, such as an adjustment for multiple comparisons

The test results (e.g. P values) given as exact values whenever possible and with confidence intervals noted

A clear description of statistics including central tendency (e.g. median, mean) and variation (e.g. standard deviation, interquartile range)

Clearly defined error bars

See the web collection on statistics for biologists for further resources and guidance.
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   Software
Policy information about availability of computer code

7. Software

Describe the software used to analyze the data in this 
study. 

n/a

For manuscripts utilizing custom algorithms or software that are central to the paper but not yet described in the published literature, software must be made 
available to editors and reviewers upon request. We strongly encourage code deposition in a community repository (e.g. GitHub). Nature Methods guidance for 
providing algorithms and software for publication provides further information on this topic.

   Materials and reagents
Policy information about availability of materials

8.   Materials availability

Indicate whether there are restrictions on availability of 
unique materials or if these materials are only available 
for distribution by a for-profit company.

All materials, including circuit designs, available.

9.   Antibodies

Describe the antibodies used and how they were validated 
for use in the system under study (i.e. assay and species).

n/a

10. Eukaryotic cell lines
a.  State the source of each eukaryotic cell line used. n/a

b.  Describe the method of cell line authentication used. n/a

c.  Report whether the cell lines were tested for 
mycoplasma contamination.

n/a

d.  If any of the cell lines used are listed in the database 
of commonly misidentified cell lines maintained by 
ICLAC, provide a scientific rationale for their use.

n/a

    Animals and human research participants
Policy information about studies involving animals; when reporting animal research, follow the ARRIVE guidelines

11. Description of research animals
Provide details on animals and/or animal-derived 
materials used in the study.

Stated on lines 361-370.

Policy information about studies involving human research participants

12. Description of human research participants
Describe the covariate-relevant population 
characteristics of the human research participants.

n/a
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