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Abstract—Magnetic biosensing is an emerging technique for
ultra-sensitive point-of-care (PoC) biomolecular detection. However, the large baseline-to-signal ratio and sensor-to-sensor mismatch in magnetoresistive (MR) biosensors severely complicates
the design of the analog front-end (AFE) due to the high dynamic
range (DR) required. The proposed AFE addresses these issues
through new architectural and circuit level techniques including
fast settling duty-cycle resistors (DCRs) to reduce readout time and
a high frequency interference rejection (HFIR) sampling technique
embedded in the ADC to relax the DR requirement. The AFE
achieves an input-referred noise of 46.4 nT/Hz, an input-referred
baseline of less than 0.235 mT, and a readout time of 11 ms while
consuming just 1.39 mW. Implemented in a 0.18 µm CMOS process, this work has state-of-the-art performance with 22.7× faster
readout time, >7.8× lower baseline, and 2.3× lower power than
previously reported MR sensor AFEs.
Index Terms—Magnetic immunoassay, magnetoresistive sensor,
sensor analog front-end, sensor mismatch.

I. INTRODUCTION
OINT-OF-CARE (PoC) biomolecular testing has drawn
considerable attention worldwide due to its convenience,
portability, and potential for long-term disease surveillance [1],
[2]. While conventional in-vitro diagnostic techniques rely on
bulky and expensive medical instrumentation (mostly opticalbased) located in centralized facilities, the push towards PoC
devices has focused on moving these devices out of the lab
and into the field (e.g., clinics, bedside, at-home, etc.). Thus,
there has been significant interest in miniaturization and reducing turnaround time, ideally without compromising assay
performance (i.e. sensitivity and specificity) [3]. Such advances
could lead to broader access and a democratization of healthcare, particularly in developing parts of the world where such
biomolecular testing infrastructure currently does not exist
[4], [5].
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Fig. 1. Illustration of a magnetic immunoassay where underlying magnetic
sensors detect magnetic nanoparticle labeled antigen-antibody complexes.

Optical- and electrochemical-based PoC biosensors are the
most prevalent today [6]–[8]. Optical biosensors including colorimetric [9], fluorescent [10], and plasmonic [11] have been
reported to cover a wide range of sensitivity and portability.
These are often smaller versions of their laboratory equivalent,
albeit with sacrifices in performance and robustness due to compromises made for portability. Electrochemical sensors are also
very common, largely due to the glucometer [12], but have failed
to be as successful for other diseases to date. One issue with both
optical and electrochemical biosensors is their cross-sensitivity
to other constituents in the assay such as the sample matrix (e.g.,
pH, temperature, salinity, turbidity, etc.) and high abundance
biomolecules (e.g., albumin, globulin, fibrinogen, etc.). While
sample preparation techniques can mitigate these issues in wellequipped, centralized laboratories, they are exceptionally hard
to perform reproducibly in a PoC setting.
Magnetic sensors, often found today in hard disk drives and
magnetic random-access memories, have shown great promise
as biosensors [13]–[21], partly because the transduction mechanism is orthogonal to the sample matrix [22]. This allows very
high sensitivity measurements with no magnetic background
signal [23]. This contrasts with optical assays, which are sensitive to label bleaching and autofluorescence [24], [25] and
electrochemical assays that are sensitive to Debye screening,
pH, and other redox active molecules [26].
To use magnetic sensors for in-vitro assays, a modified version
of the classical analytical enzyme-linked immunosorbent assay
(ELISA) is needed. As shown in Fig. 1, a magnetic immunoassay
(MIA) consists of the following steps: 1) Capture antibodies are
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Fig. 2. (a) Illustration of a magnetoresistive sensor transfer curve and
(b) magnetoresistive sensor response in a MIA with a sinusoidal HA .

immobilized on the sensor surface using one of several different
surface chemistries [27]–[30]. 2) The biological sample (e.g.,
blood, urine, saliva, etc.) is added and the capture antibodies
selectively bind to the antigen of interest providing the assay
specificity. 3) The unbound sample is washed away and magnetic
nanoparticle (MNP) labeled detection antibodies are added.
These antibodies bind to the target antigen to form a sandwichlike structure around the target antigen. 4) Lastly, a magnetic
field, HA , is applied that magnetizes the superparamagnetic
MNPs. The underlying magnetic sensor detects the stray field
to quantify the number of captured antigens.
Several magnetic sensors have been demonstrated for such
biosensing applications, including Hall effect [17], [18], giant
magnetoresistive (GMR) [19]–[21], and tunneling magnetoresistive (TMR) [31]. Fig. 2(a) illustrates the response of a magnetoresistive (MR) sensor to a magnetic field where the linear
portion of the curve is used for sensing. The magnetoresistance,
RMR , transduces the magnetic field into electrical resistance
though spin-dependent scattering or tunneling for GMR and
TMR devices, respectively [32], [33]. Thus, the resistance is
proportional to the magnetic field sensed by the sensor. GMR
spin-valve sensors were selected for this work due to their high
sensitivity [34]. Although TMR sensors have higher MR ratios
(∼100% vs. ∼10% for GMR), they suffer from much worse 1/f
noise (1/f corner frequency of ∼1 MHz vs. ∼1 kHz for GMR)
resulting in lower SNR and are harder to fabricate [35], [36].
In the context of the MIA, as MNPs become tethered to
the sensor surface through binding events [37], the resistance
increases from R0 (with HA = 0) to R0 + RMR + Rsig following
Langmuir binding kinetics where Rsig is the resistance change
due to the stray field of the MNPs and thus proportional to
the number of captured antigen [Fig. 2(b)]. Unfortunately, the
tethered MNPs generate an incredibly small Rsig (μΩ – mΩ) that
is on top of RMR (1 – 100 Ω) and R0 (0.1 – 5 kΩ). Thus, Rsig is
often 103 – 106 × smaller than R0 . This makes the readout circuit
design challenging since it requires an analog front-end (AFE)
with more than 120 dB of dynamic range (DR). While a reference
sensor can be used to reject common-mode signals such as the
R0 and RMR baselines, this technique is ultimately limited by the
sensor mismatch, in both R0 and RMR . GMR sensor arrays have
5–10% mismatch, even intra-chip, due to fabrication challenges
around the uniformity of the thin film stack [38].
To address this, we propose a CMOS architecture for GMR
sensor arrays that is tolerant of up to 10% sensor mismatch. The
resulting AFE and ADC achieves state-of-the-art performance

Fig. 3. Prior art magnetic biosensor AFEs: (a) Wheatstone bridge, (b) magnetorelaxometry, and (c) magnetometry with double modulation.

with sub-ppm sensitivity, an input-referred noise power spectral
density (PSD) of 46.4 nT/Hz, an input-referred baseline less
than 0.235 mT, and a readout time of 11 ms. This work is an
extended version of a previously published paper [39].
The rest of the paper is organized as follows: in Section II,
prior art is briefly reviewed followed by the proposed system
architecture in Section III. Section IV presents the circuit implementation with measurements results in Section V. Finally,
conclusions are drawn in Section VI.
II. PRIOR ART
Several techniques have been proposed to resolve the large
baseline-to-signal ratio issue discussed previously regarding
GMR sensors. A Wheatstone bridge is the most commonly used
technique, where two active sensors and two reference sensors
form the bridge, as shown in Fig. 3(a) [40]–[42]. An instrumentation amplifier followed by an ADC captures the differential
signal. This technique ideally eliminates all common-mode
baseline signals (R0 and RMR ) and the output is proportional
to Rsig . However, sensor mismatch, ΔR0 and ΔRMR , eat into
the dynamic range. Therefore, the gain, G, must be reduced by
(ΔR0 + ΔRMR )/Rsig to accommodate the mismatch and thus
decreases the resolution by 102 – 105 × for a 10% mismatch.
Instead of directly measuring Rsig when HA is applied, magnetorelaxometry measures the MNP’s temporal relaxation response after removing the magnetic field, as shown in Fig. 3(b)
[17], [18]. This approach eliminates the RMR baseline and is
immune to sensor mismatch when using magnetic correlated
double sampling (CDS) [18], [43], [44]. However, the MNP
relaxation timescale spans from ns to s for different sized MNPs
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Fig. 4. (a) System architecture containing sensor bias, a PGA, and an ADC with a decimation filter. Illustration of spectrum at (b) VS and VR , (c) VIA with and
without sensor mismatch, (d) VIA -Vac with and without HFIR sampling, and (e) Qout .

[45]–[48]. Detecting slow relaxation signals integrates significant 1/f noise [43] whereas a high speed AFE and fast, pulsed
magnetic field are required to detect fast relaxation signals [17],
[18].
The magnetometry double modulation technique, shown in
Fig. 3(c), applies an ac excitation (either a voltage or current)
at frequency fC and an ac magnetic field at frequency fH to the
sensor [20], [21]. This “double modulation” scheme spectrally
separates the resistive (i.e. R0 at fC ) and magnetoresistive components (i.e. RMR and Rsig at fC ± fH ) of the signal. There
are several benefits to this technique, namely the R0 baseline
can be reduced using excitation/carrier suppression [21], lock-in
detection enables a very narrow noise bandwidth, and 1/f noise
can be partially removed provided that fH is at a higher frequency
than the 1/f noise corner frequency. (Note that some of the
1/f noise is of magnetic origin and thus not mitigated by this
technique.) However, the signal at fC ± fH still contains the
RMR baseline, which can be 100× larger than Rsig . Moreover,
the modulation scheme requires a higher bandwidth ADC and
signal processing algorithms for demodulation.
III. SYSTEM ARCHITECTURE
We propose a new MR sensor front-end, as shown in Fig.
4(a), to improve tolerance of sensor mismatch and relax the
DR requirement. The AFE contains three main blocks: sensor
bias, a programmable gain amplifier (PGA) with gain G, and an
ADC with a decimation filter and high-frequency interference
rejection (HFIR) sampling. The AFE works as follows: A sinusoidal bias current, Iin , is applied to the selected active sensor,

RS , and a reference sensor, RR . Compared to using a voltage
bias, current bias is spectrally purer and was thus chosen in this
work [21]. Meanwhile, a sinusoidal magnetic field HA generated
from an off-chip Helmholtz coil is applied to both sensors. After
buffering, the voltage at nodes VS and VR is
VS,R = I0 R0 + I0 RMR sin (2πfH t) + ΔIR0 sin (2πfC t)


ΔI (RMR + Rsig )
(1)
+
sin (2π (fC ± fH ) t)
2
where I0 and ΔI are the dc and ac components of the bias
current, respectively, R0 is nominal resistance of the active and
reference sensor, and RMR is magnetoresistance of the active and
reference sensor. It should be noted that the reference sensor is
covered by an epoxy that prevents MNP binding, thus there is
no Rsig detected by RR . Furthermore, since RR is on the same
die with the sensor array (RS [1:7]), it rejects common-mode
environmental perturbations such as temperature drift removing
the need for complicated temperature correction routines [49].
Spectrums at nodes VS and VR are illustrated in Fig. 4(b).
Based on (1), although Rsig has been modulated away from
R0 through the double modulation scheme, RMR is still at
the same frequency as Rsig . With perfect matching between
RS and RR (i.e. RMR,s = RMR,r and R0,s = R0,r ), the PGA
eliminates both common-mode baseline signals, amplifies Rsig ,
and down-modulates the signal from fC − fH to dc. As a result,
the voltage at node VIA is
VIA =

GΔIRsig
+
2



GΔIRsig
2


sin (2π2fH t) .

Authorized licensed use limited to: Univ of Calif San Diego. Downloaded on February 23,2020 at 20:04:27 UTC from IEEE Xplore. Restrictions apply.

(2)

ZHOU et al.: CMOS MAGNETORESISTIVE SENSOR FRONT-END WITH MISMATCH-TOLERANCE AND SUB-ppm SENSITIVITY

Fig. 6.
Fig. 5. (a) The ADC DR is limited by high frequency interference that can be
reduced by (b) low-pass filtering or (c) high-pass feedforward filtering.

Schematic of the sensor bias.

signal at dc. The transfer function of this filter is
H(s) = 1 −

Although (2) indicates that high gain should be used to
amplify the small signal, sensor mismatch limits it. Consider
that RS and RR have R0 mismatch where ΔR0 = R0,s − R0,r and
MR mismatch where ΔRMR = RMR,s − RMR,r . The voltage at
node VIA is


ΔI (ΔRMR + Rsig )
+ ΔIΔR0 sin (2πfH t)
2


ΔI (ΔRMR + Rsig )
+
sin (2π2fH t)
2

VIA = G

s
1
=
s + ωp
1 + ωsp

(4)

where ω p is the high-pass corner frequency. Eq. (4) shows that
HPF feedforward technique has the same transfer function as a
LPF, but comes with a 1,400× reduction in the settling time.
This HFIR sampling technique embedded in the ADC sampler
filters out these ac interference tones, and thus greatly relaxes
the ADC DR requirement, as shown in Fig. 4(d). A first-order,
incremental ΔΣ modulator (DSM) oversamples VIA with an
oversampling ratio (OSR) of 10,000. A subsequent counter
decimates Dout , digitally filtering out all interference tones,
leaving the desired signal at dc [Fig. 4(e)].

+ I0 ΔR0 sin (2π (fC − fH ) t)
+I0 ΔRMR sin (2πfC t)] .
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IV. CIRCUIT IMPLEMENTATION
(3)

The spectrums with and without sensor mismatch are illustrated in Fig. 4(c), indicated as red and green arrows, respectively. It should be noted that transistor mismatch in the bias
block is much smaller than the sensor mismatch and manifests
similarly at the output whereas mismatch in the PGA and ADC
are eliminated by chopping and correlated double sampling,
respectively. Eq. (3) indicates that both ΔR0 and ΔRMR result
in residual baselines at their respective frequencies. Although
ΔRMR results in a signal at the same frequency as Rsig , a 10%
MR mismatch only leads to a baseline that is ∼10× larger than
the signal, which can be accommodated by increasing the ADC
DR. However, a 10% R0 mismatch causes a tone at fH that can be
400× larger than the signal, which would significantly increase
the ADC DR requirement [Fig. 5(a)]. In theory, a low-pass filter
(LPF) could be inserted between the PGA and ADC to filter
out this interference [Fig. 5(b)] but would increase the settling
time and thus the readout time, particularly when switching
active sensors. Instead, a HFIR sampling scheme is proposed that
reduces the ac interference without the settling penalty, as shown
in Fig. 5(c). The feedforward sampling scheme is comprised of
two phases. In the first phase, the high pass filter (HPF) passes
all ac signals while blocking dc. In the second phase, the entire
signal is sampled. After subtraction, Vsmp contains only the

A. Sensor Bias
The sensor bias block is composed of a bias current generator,
sensor selection control logic, and two buffers (Fig. 6). The bias
current generator uses an external reference voltage, VB , an offchip resistor, RB , and an on-chip feedback loop to generate a bias
current, Iin = VB / RB . A compensation capacitor, CC = 30 pF,
is added for stability. Iin is mirrored into two channels to bias the
selected active sensor and reference sensor. The sensor in this
work has a breakdown voltage of ∼500 mV, which limits Iin . A
3-to-8 decoder generates control signals Sel [1:7] and a RstRS
signal that opens all sensors during reset. Gated source followers
that can also be disabled by RstRS buffer the voltages and drive
the PGA. To reduce the noise mirrored from the bias current
Ibuf , the bias voltage is low-pass filtered by a pseudo-resistor
Rbuf and a capacitor Cbuf .
B. Programmable Gain Amplifier
A 2-bit PGA rejects the large common-mode component
of VS and VR while amplifying the differential signal. It is
implemented by a capacitively-coupled instrumentation amplifier with chopper switches in the OTA and the feedback loop
[Fig. 7(a)]. The choppers inside the OTA down-modulate the
signal from fC − fH to dc and up-modulate the offset and 1/f noise
out-of-band where it is subsequently filtered. A 2-bit variable
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Fig. 7. Schematics of the (a) PGA and (b) fully-differential folded-cascode
OTA with built-in down modulator.

capacitor, C3 , is adjusted in tandem with the input capacitor C1
to maintain the same closed-loop bandwidth across different gain
modes. The OTA is implemented by a folded-cascode differential amplifier, as shown in Fig. 7(b). The choppers are placed at
the cascode nodes for better settling and M3,5 are large devices
to reduce 1/f noise as their noise is not chopped. The tail current
source is cascoded to improve the common-mode rejection ratio
(CMRR) to be greater than 70 dB in simulation. To accommodate
large common-mode input swing, the input dc voltage is set to
300 mV through a duty-cycled resistor (DCR), implemented
by a switch controlled by ϕdcr and a poly-resistor R1 . The
output dc voltage is set to mid-supply by a switched-capacitor
common-mode feedback network for large swing.
At the start of a measurement (i.e. RstRS goes from 0→1),
VS and VR are discharged from VDD to Vop , resulting in a
rapid transient at Vin that needs time to settle back to Vcmi .
The settling time would be prohibitively long as DCRs are
usually designed to have very large impedances for low noise
contribution. Worse, such settling happens every measurement
when using time division multiplexing for multi-sensor readout,
thus significantly increasing the overall readout time. To reduce
the settling time due to sensor switching, a modified DCR timing
scheme is proposed where the switches are briefly closed during
and after sensor switching. Thus, Vin has a low-impedance path
to Vcmi through R1 enabling fast settling. Afterwards, the DCRs
return to duty-cycled mode to operate as large bias resistors for
low noise measurement. The timing diagram is shown in Fig. 8.
Compared with a traditional DCR, the proposed fast-settling
DCR reduces the settling time by 40×.
After settling, the PGA amplifies the signal with a programmable gain that depends on the sensor mismatch. Specifically, the PGA gain is set to amplify the dc signal as much as
possible but ensure the ac swing is within the PGA linear range.
An algorithm implemented on the FPGA determines which gain
mode is appropriate for each sensor during startup.
C. Analog-to-Digital Converter
The ADC is implemented by a first-order incremental ΔΣ
modulator, as shown in Fig. 9(a). The HFIR technique is embedded into the ADC sampling network. The HFIR block is

Fig. 8. PGA timing diagram that includes clocks and analog waveforms (ac
swings not shown in the settling phase).

Fig. 9.

ADC (a) schematic with HFIR sampling and (b) timing diagram.

implemented by a pseudo-differential, switched-capacitor HPF
followed by a chopped buffer. When the HFIR sampler is enabled
(ENHFIR = 1), the sampling capacitor, C4 , samples the voltage
difference (i.e. VIA − Vac ) during the sampling phase (ϕ1,1e
= 1). At the same time, C6 samples the OTA offset and 1/f
noise. It should be noted that the CDS realized by C6 , S1 , and
S2 is different from conventional CDS, which does not need
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Fig. 10.

Annotated die photo.

Fig. 11.

Distribution of (a) power and (b) noise.

Fig. 12.

switches S1 and S2 to isolate the top plate of C6 and Vac . During
the integration phase (ϕ2,2e = 1), the charge stored on C4 and
C6 is integrated on to C5 . A dynamic comparator compares
Vint to generate the digital output, Dout . The integrator is reset
by two low-leakage switches, which provide negligible leakage
(sub-fA) during normal operation [50].
The timing diagram of the ADC is illustrated in Fig. 9(b). A
non-overlapping clock generator creates ϕ1 and ϕ2 with early
phases (ϕ1e and ϕ2e ) to avoid signal-dependent charge injection.
The chopping frequency, ϕchop , and the switched capacitor
resistor (SCR) switching frequency, ϕscr1,2 , are set to 1/4 and
1/8 of the sampling frequency, respectively. Both clocks change
right after the sampling phase to ensure the maximum settling
time.
To reject the ΔR0 interference, the HFIR block must provide
a low enough high-pass corner frequency, fHP , yet must have a
high enough low-pass corner frequency fLP to ensure Vac settles
in time and does not integrate too much white noise. These two
critical frequencies are
fscr C8 + 2fchop Cin
2πC7
1


=
2π g1m + Ron 2C9

fHP =

(5)

fLP

(6)

where fscr is the SCR switching frequency, fchop is the buffer
chopping frequency, Cin is the capacitance at node Vscr , gm is
the buffer OTA transconductance, and Ron is the on-resistance of
the output chopper. To have a low fHP for better ac rejection, Cin
must be minimized where Cin is mainly composed of the buffer
input capacitance, switch parasitic capacitance, and interconnect
parasitic capacitance. Since the buffer input transistors must be
large enough to provide gm for settling, Cin can only be reduced
by decreasing the parasitic capacitance. Therefore, minimum
sized switches are used in the SCR and the buffer input chopper,
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Measured spectra at (a) VS , (b) VS -VR , (c) VIA , and (d) VIA -Vac .

indicated as red switches in Fig. 9(a). On the other hand, to
ensure sufficient settling time, all other switches in the ADC
are implemented by 3.3× larger CMOS switches to reduce their
on-resistance. The HPF in the HFIR is simulated to have a passband between 1.2 kHz and 20 MHz. The interference at 10 kHz
passes through the HPF with −0.52 dB amplitude loss and 6.2°
phase shift. Accordingly, after subtraction, the interference is
reduced by 8.3×, thus relaxing the ADC DR requirement.
V. MEASUREMENT RESULTS
This chip was fabricated in a TSMC 180-nm CMOS process.
An annotated die photo is shown in Fig. 10. It operates from a
single supply of 1.8 V and consumes 1.39 mW excluding the
sensor bias, which is dependent on the sensor resistance and
consumes 5.4 mW for the 150 Ω sensors used in this work. The
power and input-referred noise contributions of each block are
shown in Fig. 11.
The proposed AFE was connected to a one-time use 8-pixel
GMR sensor chip (MagArray, Inc.) placed inside of a custom
designed Helmholtz coil. A 3D-printed chip holder forms a
100 μL well over the sensing area. The sensors nominally have
an R0 of 150 Ω and a MR ratio of 9.04%. The synchronized
excitation sources and clocks were generated externally by two
function generators (Keysight 33600A) with fH = 9.9 kHz, fC
= 99 kHz, and fC − fH = 89.1 kHz. A power amplifier (Kepco
BOP 36-12) provides an ac current at fH to the Helmholtz coil
to generate an ac magnetic field of 60 Oepp that was verified
by a Gauss meter (LakeShore 475 DSP). It should be noted that
the maximum fH is 9.9 kHz, limited by the Helmholtz coil’s
large inductance (∼80 μH). The digital inputs and outputs were
controlled by an FPGA (Opal Kelly XEM6310).
Fig. 12 shows the measured spectra at critical nodes. In
Fig 12(a), the sensor output (node VS ) contains large tones
at fH , fC , and fC ± fH . Most of the baselines are suppressed
by the reference sensor, leaving only the residue tones due to
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Fig. 13. Measured settling time of pseudo-resistor, DCR, and fast
settling DCR.

Fig. 15. (a) Measured ADC SNDR under different sensor mismatch conditions. (b) ADC DR vs. sensor mismatch.

Fig. 14.

Measured ADC spectra with and without HFIR sampling.

mismatch [Fig. 12(b)]. The PGA down-modulates the signal to
dc, and up-modulates 1/f noise [Fig. 12(c)]. The HFIR sampling
technique reduces the interference tone at fH by 6.1×, as shown
in Fig. 12(d). The suppression is slightly lower than in simulation
due to larger parasitics at node Vscr .
Fig. 13 shows measured settling times of the PGA with
a pseudo-resistor, a traditional DCR, and the proposed fastsettling DCR, all implemented on-chip for comparison. After
the row select switch closed, a sudden ∼100 mV voltage drop at
Vin was observed. The pseudo-resistor, traditional DCR, and
fast-settling DCR had a recovery time of >14 ms, ∼2 ms,
and ∼50 μs, respectively. Thus, the proposed fast-settling DCR
achieves 40× faster settling than a traditional DCR.
The ADC achieves 74.6 dB SNDR and an ENOB of 12.1 bits
within a 100 Hz bandwidth, as shown in Fig. 14. Also evident
from the spectra is the first-order noise shaping. The ADC was
also measured with an in-band signal tone and an out-of-band interference tone at fH . The amplitude of the interference tone was
calculated based on 0.3% R0 mismatch to avoid saturating the
ADC when the HFIR is disabled. The spectra demonstrate 16-dB
suppression of the interference tone by the HFIR sampling.
Although the HFIR sampling increases the in-band noise, it is

still comparable to the ADC quantization noise in incremental
mode (−106 dBFS).
The HFIR sampling improves the ADC DR by reducing the
ac swing from ΔR0 . In Fig. 15(a), the ADC DR is improved
by 10, 16, and >74 dB for 1.1%, 1.3%, and 2-10% mismatch,
respectively. Fig 15(b) plots the ADC DR versus sensor mismatch. When the mismatch is <0.5%, the ADC DR is higher
without the HFIR samping since the ac swing from mismatch is
smaller than the added noise. However, when the mismatch is
>0.5%, the HFIR sampling benefits the ADC by canceling the
interference. When the mismatch is >2%, the ADC is saturated
by the interference tone if the HFIR samping is disabled.
The readout time can be as fast as 11 ms (1 ms reset + settling
and 10 ms measuring), but it can also be traded off for higher
sensitivity by averaging. Fig. 16(a) shows the sensitivity versus
readout time for different PGA gains. The spectra for the fastest
readout and highest sensitivity are plotted in Fig. 16(b) and (c),
respectively. In the fastest readout mode, it takes 11 ms per
acquisition and integrates 464 nTRMS noise in high gain mode,
which corresponds to a 4.4 ppm sensitivity and a theoretical limit
of detection (LOD) of 9,280 MNPs (d = 50 nm). In contrast,
the highest sensitivity mode takes 880 ms per acquisition but
integrates only 111 nTRMS noise corresponding to a sensitivity
of 0.98 ppm and a theoretical LOD of 2,200 MNPs. Further
increasing the acquisition time would not improve the sensitivity
since the noise is limited by the 1/f noise and cannot be reduced
by averaging.
Temperature sensitivity measurements are shown in Fig. 17.
To measure the temperature sensitivity, a low temperature coefficient resistor with similar resistance as R0 replaced the reference
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Fig. 16. (a) Measured integrated noise vs. readout time for different gain
modes. Measured input-referred noise spectra for (b) fastest readout (11 ms)
and (c) highest sensitivity (880 ms).

Fig. 18. (a) Measured binding curves for negative control (BSA), positive
control (Biotin-BSA), and IL-6 at different concentrations; (b) IL-6 calibration
curve.

Fig. 17.

Measured temperature drift.

sensor such that the reference sensor would not cancel the
temperature change. Cold isopropyl alcohol (IPA) at 4 °C was
dropped on sensor surface at t = 2 min, which caused a large
temperature-induced signal (∼240 ppm). The same experiment
performed with the reference sensor caused only a negligible
signal (10 ppm) demonstrating the ability to reject environmental
common-mode interference.
Biological experiments were conducted to validate the system
performance. Sensors were functionalized with biotinylatedbovine serum albumin (Biotin-BSA) for use as a positive control,
a captured antibody for human Interleukin 6 (IL-6), a cancer
biomarker, and BSA for use as a negative control to monitor nonspecific binding. The reference sensor was covered by epoxy,
preventing it from sensing signal from the MNPs. To functionalize the sensor surface with the BSA or IL-6 antibodies, chips
were washed with acetone, methanol, and IPA. After 5 minutes
of cleaning with oxygen plasma, 1% Poly(allylamine) in distilled water (DIW) was added for another 5 minutes. After baking
for 1 hour at 110 °C, 2% aqueous Poly(ethylene-alt-maleic

anhydride) in DIW was added to the chips for 5 minutes. Finally,
the chips were baked for 1 hour at 160 °C. Capture reagents were
spotted on the sensors and incubated at 4 °C overnight.
Fig. 18(a) shows overlaid transient measurement results for
the negative control, positive control, and various concentrations
of IL-6. In each assay, the sensors were washed with phosphate
buffered saline (PBS) 1 minute after starting and MNPs (Streptavidin microbeads, catalog number #130-048-101, Miltenyi
Biotec) were added afterwards. The system continuously measured the real-time binding curves in the high gain mode. After
the binding curves saturated, a washing step (not shown in Fig.
18(a)) was performed to remove any non-specific binding. Multiple experiments showed that the signal after washing did not drop
indicating that the binding was highly specific. The averages of
each measurement (n = 6 sensors) are compiled to obtain the
calibration curve shown in Fig. 18(b). The resulting data is fit
with a 4-parameter logistical (4-PL) regression with an R2 value
of 0.986. The LOD, calculated based on [51], is 0.96 pM.
This work is summarized in Table I and compared
to state-of-the-art magnetic sensor AFEs. Compared with
other magnetometry-based designs such as Wheatstone bridge
and conventional double modulation architectures, this work
presents HFIR sampling technique and fast settling DCR to
break the baseline rejection limit from sensor mismatch and
reduce system settling time, respectively. As a result, this work
achieves 22.7× faster readout time, >7.8× lower input-referred
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TABLE I
COMPARISON WITH THE CURRENT STATE-OF-THE-ART MAGNETIC SENSOR AFES

∗

Does not include sensor bias and magnetic field generator. ψ Does not include power and noise from ADC. † Read from figures.

baseline, and 2.3× lower power. Although relaxometry-based
designs inherently eliminate the baseline, their lower signal amplitude and higher input-referred noise confound high sensitivity
measurements. Most importantly, this design can tolerate up to
10% sensor mismatch making it compatible with commercial
tolerances for MR sensor fabrication.
VI. CONCLUSION
In this paper, we present a GMR sensor front-end and an ADC
for magnetic biosensing. The design uses a reference sensor to
cancel most of the baseline signals and reject common-mode
interference, such as temperature drift. A fast-settling DCR is
presented to improve the system settling time by 40× comparing
to a traditional DCR enabling fast readout. A HFIR sampling
technique is embedded into the ADC to reject high frequency
interference from sensor mismatch, thus improving the ADC
equivalent DR to tolerate high sensor mismatch. As a result,
the proposed AFE achieves sub-ppm sensitivity, fast readout
time of 11 ms, and tolerance to sensor mismatch up to 10%. It
makes this work ideal for multichannel, high sensitivity, PoC
diagnostic systems.
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