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Operating principle of a miniature coil array for passive magnetocardiography sensing in non-shielded environments. 

 
Take-Home Messages  

• We report miniaturized coil sensors combined with advanced digital signal processing (DSP) to passively detect 
the magnetic fields radiated by the human body without the need for shielding.  

• In vitro experiments confirm that emulated human magnetocardiography (MCG) signals can readily be detected 
in non-shielded environments using our proposed coil array. 

• Monitoring the magnetic fields that are naturally emanated by the human body (such as the heart) can help 
diagnose several health conditions, including myocardial ischemia, arrhythmia, right atrial hypertrophy, right 
ventricular hypertrophy, and the Brugada syndrome. 

• Our coil sensor overcomes limitations in state-of-the-art MCG systems that require extensive shielding and/or 
bulky and expensive devices.   

• Leveraging our proposed 3D-printed coil fixtures, arrays of diverse number of coils and pattern configurations 
can be employed to fit diverse clinical needs and to further reduce the recording time. 
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Abstract Existing practices for monitoring heart activity rely heavily on electrocardiography (ECG) approaches, which suffer from 
low accuracy (as electric fields get impacted by biological tissues); extensive diagnostic times; and lack of comfort (as electrodes 
are in direct contact with the human body). Though magnetocardiography (MCG) provides more accurate and localized signals 
while also being non-contact, state-of-the-art equipment for capturing such weak magnetic fields (i.e., SQUIDs) requires extensive 
shielding and is very expensive. MCG sensing devices that do not require shielding have been reported, but they are bulky, heavy, 
and cumbersome to use. In this work, we take a major step forward and propose a novel, miniature, and low-cost MCG sensor for 
operation in non-shielded environments that breaks the state-of-the-art boundaries in terms of size and weight. Our sensor relies on 
novel coil design principles and Digital Signal Processing (DSP) algorithms to achieve: (a) 4.67 times smaller diameter, (b) 4.5 
times smaller height, and (c) at least 216 times lighter weight than previous passive implementations. In vitro measurements 
demonstrate that a 4-coil sensor array with 15 minutes of recording time is sufficient to capture human MCG signals. Discussions 
indicate that higher number of coils and longer recording times can be employed to improve the signal clarity and fit diverse 
clinical needs. The proposed coil sensor array provides a convenient method to diagnose several cardiac conditions, such as 
myocardial ischemia, arrhythmia, right atrial hypertrophy, right ventricular hypertrophy, and the Brugada syndrome. 
 
Keywords — Bioelectromagnetics, Faraday’s law, induction coils, magnetocardiography. 
 
 

I. INTRODUCTION1 
lectromagnetic (EM) fields are generated by different 
areas across the human body as attributed to current 

flowing through the underlying organs. As would be 
expected, abnormal organ function alters the EM fields 
being generated. In turn, monitoring and analyzing EM 
fields that are naturally emanated by the human body is 
critical in the detection and diagnosis of numerous health 
conditions. For example, EM fields generated by the human 
heart can help identify several cardiac defects [1], such as 
myocardial ischemia [2], arrhythmia [3], right atrial 
hypertrophy [4], right ventricular hypertrophy, and the 
Brugada syndrome [4].  

Existing practices for monitoring heart activity rely 
heavily on sensing the cardiac electric potential across the 
chest surface and is known as electrocardiography (ECG) 
[5]. However, ECG suffers from several limitations. First, 
the equipment used to capture ECG signals relies on 
electrode pads that are in direct contact with the human 
body, making it an uncomfortable procedure [6]. In addition, 
many people suffer from skin irritation and allergy reaction 
 

This work was supported by the Defense Health Agency under contract 
no. W81XWH-17-C-0131. 

K. Zhu and A. Kiourti are with the ElectroScience Laboratory, 
Department of Electrical and Computer Engineering, The Ohio State 
University, Columbus, OH 43221 USA (e-mail: zhu.1266@osu.edu, 
kiourti.1@osu.edu).  

A.M. Shah and J. Berkow are with Triton Systems Inc., Chelmsford, MA 
01824 USA (e-mail: amshah@tritonsys.com, jberkow@tritonsys.com).  

underneath the skin where the electrode pads are placed [7]. 
Second, due to the fact that electric signals are attenuated by 
the lossy human tissues, ECG has very low accuracy in 
detecting deep tissue signals [8]. Third, ECG can only 
provide two-dimensional views of the cardiac activity and 
typically requires extensive time for accurate diagnosis [9].  

As an alternative to ECG, magnetocardiography (MCG) 
can provide much more clinically relevant information in 
assessing cardiac activity [10]. MCG measures the magnetic 
fields generated by the heart as captured upon the chest area 
and has the ability to provide much more accurate and 
localized cardiac signal images as compared to ECG while 
also being non-contact [4]. However, the major challenge 
associated with MCG lies in the weak magnitude of the 
sensed magnetic fields. These are typically in the order of 
10-6 Gauss [11], i.e., 10-6 times lower than the earth’s 
magnetic field [12]. As a result, MCG signals are typically 
captured using superconducting quantum interface devices 
(SQUIDs) that require expensive helium cooling and 
extensive shielding. In turn, SQUIDs are very expensive to 
operate [13].  For example, the SQUID set-up used in the 
Elekta Neuromag TRIUX costs around 1 million USD, and 
due to the use of cryogenic cooling, the cost of operation is 
around 5000 USD [14]. High-Tc SQUID-based systems also 
require cooling (typical operating temperature is 77K [15]), 
yet are less expensive. In particular, some works changed the 
cryogen from liquid helium to nitrogen to reduce cost [15], 
while others employed cryocoolers to simplify the system 
and ease its handling [16]. Despite the lower cost, high-Tc 
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SQUID-based systems are still bulky as they require large 
spaces to fit the cooling structure, and often require 
sophisticated fabrication and high quality thin films to 
achieve the target noise levels [15]. For other types of 
magnetometers that do not rely on cooling, bulkiness and 
complexity remain major challenges against their 
widespread adoption [17]-[24]. For example, atomic 
magnetometers require additional space for the laser pump, 
vacuum packing and heating structure, and can only operate 
in narrow frequency bandwidths [17]-[20]. The atomic 
magnetometer in [21] requires the sensor vapor to be heated 
to over 150oC, while magnetoimpedance (MI) gradiometers 
must be used in combination with induction coils and high 
frequency AC currents [22] [23], and in some cases, active 
shielding [24]. On top of the above, a major challenge for MI 
gradiometers is the low sensitivity: even with active 
shielding, the main spike R-wave can barely be identified 
from the noise floor in [24]. As an alternative, recent works 
have reported induction coil magnetometers for MCG 
sensing [25]. The limitation in this case lies in the use of 
bulky and heavy coil arrays with embedded iron core.  

In this work, we take a major step forward and propose a 
novel, miniature, and low-cost MCG sensor for operation in 
non-shielded environments that breaks the state-of-the-art 
boundaries in terms of size and weight. The sensor’s 
operating principle builds on [25], and relies on: (a) novel 
induction coils that capture the weak magnetic field radiated 
by the heart, and (b) new signal post-processing algorithms 
to de-noise the signal. Our approach brings forward a novel 
MCG sensor that is: (a) 4.67 times smaller in diameter, (b) 
4.5 times smaller in height, and (c) at least 216 times lighter 
than [25] (based on approximate calculations since no exact 
weight measurements were reported in [25]). Besides the 
convenience and portability aspects associated with our 
proposed design, an additional advantage is that a larger 
number of sensors can now be embedded within a given 
surface area. This implies MCG imaging of much higher 
resolution as compared to [25]. 

Specifically, the MCG sensing coils reported in this work 

are designed based on the model of a tightly winded air core 
induction coil. Lack of an iron core implies significant 
weight savings. We further optimize the coil design, namely 
the coil length to outer diameter ratio and the outer diameter 
to inner diameter ratio, so as to maximize the output voltage 
with respect to noise in the intended axial direction. Digital 
signal processing (DSP) is finally applied to reduce the noise 
level. Key to our DSP method is a bandpass filter that rejects 
signals outside the intended MCG frequency range followed 
by a cycle averaging approach. As a proof-of-concept, in 
vitro measurements demonstrate the feasibility of our 
induction coil sensing system to capture MCG signals using 
4 coil sensors and only 15 minutes of recording time. 
Expectedly, results are readily scalable to coil arrays of 
diverse numbers of coil sensors. 

Section II discusses the operating principle and design of 
the proposed sensing system. Section III presents the in vitro 
experimental set-up, while Section IV reports experimental 
results. The paper concludes in Section V.  

II. METHODS AND PROCEDURES 

A. System Overview 
The proposed sensor operates based on Faraday’s law: the 

changing magnetic flux of the heart is captured by an array 
of induction coils placed against the chest, leading, in turn, to 
the generation of time-varying voltages across the coils’ 
terminals. Capturing this changing voltage is a means of 
monitoring the magnetic field activity of the heart. 
Theoretically, one sensing coil would be sufficient to couple 
to the magnetic field of the heart. But, in practice, the low 
amplitude of the heart’s magnetic field necessitates a 
multitude of sensing coils to concurrently capture the signal 
so that noise can be brought down via DSP within a 
reasonable amount of recording time (i.e., a few minutes). A 
tradeoff in this case is that the number of coils used to 
average the recorded signals limits the sensor’s imaging 
resolution. As such, optimal array designs should include 
numerous coils, groups of which image MCG activity under 
their corresponding surface. As an example, Fig. 1 shows a 
coil array that fits up to 7 groups of coils (namely ‘big fixture 
holder’). Inside each holder, a ‘small coil fixture’ can be 
inserted that includes multiple coils (up to 7 in the case of 
Fig. 1) for signal averaging. Notably, designs such as that of 
Fig. 1 are adaptable, i.e., different numbers of coils and in 
different configurations may be employed for MCG 
retrieval, per clinical situation (intended imaging resolution, 
time available, noise levels, and so on). Here, we report 
proof-of-concept results for a total of 4 coils, noting that the 
process is readily scalable to coil arrays of diverse sizes. 

The block diagram of our coil sensing system is shown in 
Fig. 2. As seen, the heart’s magnetic field is first picked up 
by the array of MCG coil sensors. Due to the signal’s 
extremely weak magnitude (i.e. ~10-6 Gauss) [11], MCG 
coils are connected to an amplifier board that amplifies their 
recorded signal by 1000 times. Key to the success of our 
design is that the amplifiers are placed far away from 

 
Fig. 2.  Overview of the proposed passive coil sensing system.   

 
Fig. 1. Overview of coil array placement upon a subject.    
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the coils so that electric signals from the amplifier board are 
not captured by the sensor. The amplified signals are then 
picked up by a multi-channel analog to digital convertor 
(ADC) and sent on for further processing. The ultimate aim 
from this stage on is to retrieve the MCG signal from the 
noise floor via advanced DSP, as will be explained in Sec. 
II.C. Here, it is worth mentioning that key to our DSP 
process is the collection of a concurrent ECG signal. Since 
ECG is synced with MCG (via a derivative relationship), 
ECG serves to identify the MCG cycles which are otherwise 
hidden under the noise floor. A 3-lead ECG sensor is 
indicated in Fig. 2, but a pulse (or other) sensor may be 
alternatively used.  

B. MCG Coil Sensor Design  
The proposed induction coil sensor is designed based on 

the model of a tightly winded air core coil. To our 
knowledge, this is the first time that air-cored coils are 
reported for MCG detection, serving to reduce the overall 
weight by over 216 times as compared to previous works 
[25]. Fig. 3(a) shows the side view of our coil design. 
Parameters subject to optimization include: (a) the coil’s 
length/height, l, (b) its outer diameter, D, (c) its inner 
diameter, Di, and (d) the diameter of the wire used, d.  

Our goal is to design the coil sensor for maximum 
sensitivity (S) along the z direction (per the coordinate 
system of Fig. 3(a)) when given a fixed magnetic flux 
density (B) at a fixed frequency (f). Here, high sensitivity 
implies large output voltage with respect to noise. The output 
voltage of an induction coil (V) can be calculated as [26]:  

                       (1) 

where is the average radius of the coil,  is the surface 
area of the coil, and  is the number of coil turns. 
Considering the coil to be tightly winded, Eq. (1) can be 
rewritten using the four optimization parameters as:  

                    (2) 

The noise, namely thermal Johnson noise (VT), produced by 
our coil can be expressed as:  

        (3) 

where R is the coil resistance, kB is the Boltzmann constant, 
T is the coil’s absolute temperature in Kevin, d is the 
diameter of the wire, and  is the wire resistivity. For 
maximum sensitivity along the z direction (per Fig. 3(a)), the 
coil parameters need to follow [27]:  

                            (4) 

Using Eq. (2), (3) and (4), the sensitivity can be expressed as:  

 (5) 

Here, it is worth noting that d does not play any role in 
determining the coil sensitivity (S). Given fixed values for 
the coil length/height (l), outer diameter (D) and inner 
diameter (Di), an increase in the wire diameter will decrease 
the signal level. In the meantime, with fixed l, D and Di, an 
increase in wire diameter will also decrease the thermal 
Johnson noise. When calculating the sensitivity, these two 
effects will eventually cancel out the impact of d.  

Assuming a fixed frequency and temperature, Eq. (5) can 
be rewritten as:  

             (6) 

where M is a positive real value. Eventually, Eq. (6) can be 
used to identify the optimal coil design with the highest 
sensitivity given fixed values for B and f. It is found that 
when Di/D ≈ 0.6 and l/D ≈ 0.7, the coil’s sensitivity is 
maximized. Concurrently, larger values of D while 
maintaining the same Di/D and l/D ratios will achieve higher 
sensitivity as compared to smaller values of D. This is 
because when the two ratios are kept the same, S is 
proportional to D2.5, meaning that larger values of D will 
result in higher sensitivity. In our case, given that coil 
miniaturization is of paramount importance, we select 
D=15mm, and fine-tune the rest of the coil design 
parameters so as to fit the ratios above. The final coil 
parameters are given in Fig. 3(b) with the coil prototype 
shown in Fig. 4(a). Notably, this coil sensor is: (a) 4.67 times 
smaller in diameter and 4.5 times smaller in height than [25], 

 
Fig. 4. (a) MCG coil sensor employed in this work. (b) 20 amplifier boards 
integrated into a single circuit board.  (c) Amplifier circuit overview 

 
Fig. 3. (a) Coil design parameters. (b) Optimized coil parameters values.    
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and (b) at least 216 times lighter than [25].  
The amplifiers used to amplify the raw coil signals by 

1000 times (per Fig. 2 and Section II.A) are shown in Fig. 
4(b). The circuit overview is shown in Fig. 4(c). Improving 
upon [25], our new amplifier design adds an input network 
that eliminates oscillations at the input port. The input 
network consists of two inductor/resistor pairs connected to 
the positive and negative ports of the input signal and is 
further connected to an amplifier (INA217). We note that our 
coil sensor has very low impedance (~3.5 Ω) which is 
desirable for the chosen amplifier that has a very low voltage 
noise and a relatively high current noise [28]. Given the low 
source impedance, the current noise will not contribute much 
to the application. On the other hand, a very low source 
impedance (<10Ω) might cause the instrumental amplifier to 
oscillate [28]; our input network greatly reduces any 
oscillation tendencies [28]. As another improvement, our 
design places the amplifiers far away from the sensor coils so 
as to eliminate noise per Section II.A. By contrast, the design 
in [25] placed each amplifier right atop of each coil, hence 
degrading sensitivity. To further eliminate vibration noise 
across multiple amplifiers, all amplifiers are integrated into a 
single board (20 amplifiers shown in the example prototype 
of Fig. 4(b)). 
 To demonstrate the sensitivity, the noise floor of the 
proposed system (coil sensor and the amplifier) is measured 
inside a non-shielded environment – as the targeted 
operation environment for our sensor. The power spectrum 
density in this case is shown in Fig. 5. A uniform magnetic 
field provided by a Helmholtz coil is used to convert the 
voltages to magnetic field strength. At 10 Hz, the noise level 
is measured to be 70 pT/√Hz, while at 100 Hz, the noise level 
is measured to be 5.08 pT/√Hz.  

C. Digital Signal Processing  
As expected, signals captured by the ADC need extensive 

DSP before they can be de-noised and depict a clear MCG 
signal. Our proposed DSP process involves 6 steps and is 

hereafter described considering m number(s) of coils used to 
capture the cardiac signal from one target area. Of course, 
the proposed system and accompanying DSP process have 
the ability to scale up and detect MCG signals across any 
number of target areas: 
Step 1. Raw signal collection: Both MCG and ECG signals 
are collected simultaneously for a period of time. In turn, the 
ADC collects m sets of “raw MCG” signals (namely, 
raw_MCG1, raw_MCG2 … raw_MCGm) and one set of ECG 
signal. We note that capturing raw signals over a period of 
time is critical so that uncorrelated noise can be cancelled out 
at a later stage. 
Step 2. Bandpass filtering: For each set of collected “raw 
MCG” signals, bandpass filtering is employed to eliminate 
noise outside the intended MCG frequency range (i.e. 8-35 
Hz) [29]-[32]. This process generates m sets of “filtered 
MCG” signals (namely, filtered_MCG1, filtered_MCG2 … 
filtered_MCGm).  
Step 3. Cutting to viewing windows: The collected ECG 
signal is synced with each set of “filtered MCG” signals. 
Using the ECG R-peak as a guide, each set of “filtered 
MCG” signals is cut into N viewing windows, with the 
synced ECG R-peak located in the middle of each viewing 
window. The duration of each viewing window (1 sec in our 
case) is selected such that each viewing window contains 
information on one cardiac cycle. For example, 
filtered_MCG1 is cut into MCG1_viewing_wdw1, 
MCG1_viewing_wdw2 … MCG1_viewing_wdwN . 
Step 4. Averaging viewing windows: All viewing windows 
are averaged for each set of “filtered MCG”, generating m 
sets of averaged MCG, namely MCG1_ave, MCG2_ave… 
MCGm_ave. In doing so, uncorrelated noise is eliminated. 
Within each set of averaged MCG, all N viewing windows 
are added up and divided by N. 
Step 5. Multiple sensor averaging: The m sets of averaged 
MCG signals resulting from Step 4 (i.e., MCG1_ave, 
MCG2_ave… MCGm_ave) are then averaged to generate a 
single averaged MCG signal (i.e., MCG_ave).  
Step 6. Final signal: Depending on the coil array 
configuration, the final MCG signal can be a combination of 
diverse values of MCG_ave. For example, a set of coils can 
be placed on the top left side of the heart capturing an 
averaged positive magnetic field (MCG_ave_positive), 
while another set of coils can be placed on the opposite side 
of the heart to pick up the averaged negative magnetic field 
(MCG_ave_negative). In this case, the two MCGs can be 
independently visualized, or they can be subtracted from 
each other to result in a single MCG value (i.e., final_MCG 
= MCG_ave_positive - MCG_ave_negative). The latter will 
be the case followed in our in vitro experimental setup. 

III. EXPERIMENT  
To validate our proposed coil array, we aim to: a) identify 

the minimal signal level that the system can detect in a 
non-shielded environment, and b) compare this signal level 
vs. the actual signal level generated by the human heart. An 

 
Fig. 6. Block diagram showing an overview of our experimental set-up.   

 
Fig. 5. Sensitivity of the proposed system (coil sensor and the amplifier) 
measured in a non-shielded environment.   
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overview of our in vitro experimental set-up is shown in Fig. 
6. Here, the function generator is outputting two identical 
ECG signals (as originally recorded by the human heart) 
indicated as “signal 1” and “signal 2”, respectively. “Signal 
2” heads directly to the ADC and is used as an ECG that will 
be used later in the process to identify each cardiac cycle 
during the DSP process. By contrast, “signal 1” heads 
towards an emulate heart (see Fig. 7(a)), i.e., an 8-shaped 
coil that serves to generate the corresponding magnetic 
signal, namely the emulate MCG. The latter is picked up 
wirelessly though our coil array. Eventually, the collected 
emulate MCG and ECG are both converted to digital signals 
via a   multi-channel ADC. A Helmholtz coil is used to 
calibrate the system by providing a uniform magnetic field 
surrounding our coil sensor. Specifically, our coil sensor is 
placed in the middle of the Helmholtz coil with known 
uniform magnetic field passing through it. This known field 
is used to calibrate the unit from Voltage to Tesla. Then, 
though DSP, the “final MCG” signal is retrieved. Here, it is 

worth noting that the 8-shaped emulate heart employs the 
two circles winded in the opposite direction, each with a 
diameter of 8cm. When feeding the emulate heart with an 
electric signal, the opposite-directed windings create a 
magnetic field that comes out of one loop (area 1 in Fig. 7(a)) 
and then heads into the second loop (area 2 in Fig. 7(a)). This 
magnetic field map closely resembles the real MCG signal 
over the human chest shown in [33].   

As a proof-of-concept, we employ 4 coil sensors to detect 
MCG signals upon two areas of the emulate heart (2 coil 
sensors per area), as shown in Fig. 7(b). All 4 sensors are 
placed 5 cm away from the “heart” to emulate a typical torso 
size, with foam being used to elevate the sensors. The overall 
experimental set-up is shown in Fig. 7(c). A 24-bit 
multi-channel ADC by National Instruments is used, 
powered at ±10V and set to sample at 2,000 Hz across its 5 
channels (4 channels for the coil sensors and 1 channel for 
the ECG). The amplifier board is purposely placed away 
from the sensing array so as to eliminate the risk of the 
amplifier electric signal being picked up by the coils. 
Labview® is used to interface with the ADC. Our 
experiment ran for 30 minutes, yet only 15 minutes were 
sufficient to produce a clear final_MCG signal, per Section 
II.C.  

IV. RESULTS 

A. Detection Sensitivity 
With the function generator outputting a 2mV 

peak-to-peak (pk-pk) ECG signal, and by using the 4 coil 
sensor array with only 15 minutes of recording time, the 
final_MCG signal can be retrieved, Fig. 8. More specifically, 
Fig. 8(a) shows the obtained raw MCG signals (namely 
area1_raw_MCG1, area1_raw_MCG2, area2_raw_MCG1, 
area2_raw_MCG2). As expected, these raw signals are very 
noisy and MCG activity is buried under the noise floor. Data 
from areas 1 and 2 are then processed separately, following 
the process of Section II.C. That is, Steps 1 to 4 transform the 
raw signals to the averaged ones (namely, area1_MCG1_ave, 
area1_MCG2_ave, area2_MCG1_ave, area2_MCG2_ave), as 
shown in Fig. 8(b). Note here that, since not all coils are 
placed in the exact location with respect to the emulate heart 
(see Fig. 7(c)), the magnetic signals that are being picked up 
by each of the 4 coil sensors are different. Then, Step 5 
generates the area1_MCG_ave and area2_MCG_ave, as 
shown in Fig. 8(c). Based on the coil array configuration, the 
final averaged MCG signal can be obtained via subtraction 
(final_MCG = area1_MCG_ave - area2_MCG_ave). This is 
reported as Step 6, shown in Fig. 8(d), where the blue line 
represents the final_MCG signal and the red line represents 
the corresponding averaged ECG signal. As seen, the 
processed MCG signal has a clear peak that is also synced 
with the corresponding ECG R-peak. This proves that the 
collected MCG signal is indeed a real one. Note that 
averaging the data for a period of time so as to obtain the 
final MCG is common practice for most of the existing MCG 
sensors, including SQUID-based sensors and other 

 
Fig. 8. (a) Raw signal data from each individual coil. First row (left to right): 
area1_raw_MCG1, area1_raw_MCG2, and second row (left to right): 
area2_raw_MCG1 and area2_raw_MCG2. (b) Processed data after Step 4 of 
the DSP process. First row (left to right): area1_MCG1_ave, 
area1_MCG2_ave, and second row (left to right): area2_MCG1_ave, 
area2_MCG2_ave. (c) Averaged signal from each area obtained after Step 5. 
First row: area1_MCG_ave, and second row: area2_MCG_ave. (d) The 
final averaged signal (final_MCG) obtained through Step 6.  

 
Fig. 7. (a) 8-shaped emulate heart. (b) Overview of the experimental set-up.   
(c) Overview of the 4 sensing coils placed upon the emulate heart.   
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commercial devices [25] [34]-[37]. A number of cardiac 
conditions, such as coronary artery disease (CAD), can be 
identified by the averaged MCG signal [38].  

Transitioning from the aforementioned in vitro set-up to a 
real-world in vivo set-up, we note that the human heart MCG 
is ~10-6 Gauss [11]. Considering the set-up of Fig. 7, when 
inputting a 2 mV pk-pk signal into the emulated heart, the 
induced current is calculated to be 40 μA pk-pk. With these 
in mind, our experimental setup was simulated in CST’s low 
frequency solver to confirm its capability of detecting 
magnetic signals in the ~10-6 Gauss range. In simulations, a 
50 Hz sinusoidal current of 40 μA pk-pk was used as the 
excitation signal fed into the 8-shaped coil. We note that the 
50 Hz frequency is selected as an example scenario that lies 
within the range of our frequencies of interest. As would be 
expected, the maximum absolute magnetic field occurs at 
each ¼ (0.005s, 0.025s …) and ¾ (0.015s, 0.035s …) wave 
cycle. For these time instants, Fig. 9(a) shows that the 
maximum z-component magnetic field is increasingly 
stronger as the viewing plane gets closer to the emulated 
heart. Fig. 9(b) shows the z-component of the magnetic field 
at the z = 5 cm plane (typical chest size) where our sensing 
coils are placed (z direction shown in Fig. 7(c)). As seen, the 
maximum absolute z-direction field strength at the plane 
where the detection coil sensors are placed is 1.54 ×10-6 

Gauss. This value lies in the range of a typical human heart 
MCG. That is, we can safely assume that our MCG sensing 
system has the ability to detect human heart signals with 15 
min of recording time. We note that this performance is not 
achieved by the coils themselves, but rather by a 
combination of the coils and the associated DSP algorithms. 

Without DSP, MCG signals cannot be retrieved from the raw 
data captured by the coils (i.e., they are buried under the 
noise floor). Higher levels of MCG signals can easily be 
detected using the same system with less recording time 
and/or less recording coils (i.e., less averaging windows). 
The key to actually picking up the MCG signals from an 
unshielded environment is the DSP.  In vivo validation is 
outside the scope of this work, but will be performed in the 
future.   

B. Parametric Studies 
Several experimental studies have been carried out to 

assess the effect of varying recording time and varying 
number of recording coils. For example, Fig. 10 compares 
the final_MCG signal acquired using the 4-coil array of Fig. 
7 with 30 min (Fig. 10 (a)), 15 min (Fig. 10 (b)) and 6 min 
(Fig. 10 (c)) of recording time. As seen, longer recording 
times produce a much clearer signal. This is because with 
decreasing recording time, a smaller number of viewing 
windows is averaged. In turn, less uncorrelated noised is 
canceled out and the processed final signal will have higher 
noise levels. Similarly, when the signals are averaged over 
an increased number of recording coils, the final_MCG is 
anticipated to be much clearer. Indeed, considering 15 min 
of recording time, Fig. 10 compares the final_MCG when 
using 1 (Fig. 10 (a)), 2 (Fig. 10 (b)) and 4 (Fig. 10 (c)) coils.  

Depending on the clinical situation and application 
scenario (intended imaging resolution, time available, noise 
levels, and so on), different recording times and number of 
recording coils can be eventually selected.   

V. CONCLUSION  
In this paper, we presented a lightweight and miniaturized 

passive induction coil sensing system that has the ability to 
monitor human MCG activity in non-shielded environments. 
The proposed array consists of coils, each having an outer 
diameter of 15 mm and a height of 11 mm, and weighing less 
than 8.5 g. Compared to previous works in the field, our 
sensor is (a) 4.67 times smaller in diameter and 4.5 times 
smaller in height, and (b) at least 216 times lighter.  

Notably, in vitro experimental results indicated that our 
proposed system has the ability to detect 2mV pk-pk source 
signal strength within only 15 min of recording time. This 
level was deemed adequate to retrieve human MCG under in 
vivo scenarios. Though outside the scope of our current 
work, in vivo studies will be performed in the future.  
Leveraging our proposed 3D-printed coil fixtures, arrays of 
diverse number of coils and pattern configurations can be 
eventually employed to fit different clinical needs. For 
example, a higher number of coils, much like a longer 
recording time, were shown to improve the signal clarity. 

Overall, our proposed coil sensor array brings forward 
unprecedented opportunities for the future of cardiac activity 
sensing in a non-invasive and more comfortable manner for 
the patients.  

 
Fig. 10. Processed final averaged signal (final_MCG) of all 4 coil sensors 
using (a) 30 min, (b) 15 min, and (c) 6 min of recording time. Processed 
final averaged MCG signal using 15 minutes recording time when (d) 1 coil 
sensor is used to detect 1 area, (e) 2 coil sensors are used to detect 2 areas, 
and (f) 4 coil sensors are used to detect 2 areas.    

Z=5cm

(a) (b)
 

Fig. 9. (a) Maximum Z-component of the magnetic field B at planes with 
different distance away from the emulated heart. (b) Z-component of B 
generated by the emulated heart at the plane where the recording coils are 
placed (z = 5 cm).    
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