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Abstract— Continuous and wearable heart monitoring is
essential for early detection and diagnosis of cardiovascular
diseases. We demonstrate a continuous, wearable, and wireless
heart monitor that is worn at the ear. The device has the form
factor of a hearing aid and is wirelessly connected to a PC for
data recording and analysis. With the ear as an anchoring point,
the heart monitor measures the ballistocardiographic (BCG)
motion of the head using a MEMS tri-axial accelerometer,
which is an electrode-less method to measure heart rate.
Additionally, electrocardiogram (ECG) is measured locally near
the ear using a single-lead configuration. The peak timing delay
between the head ECG and the head BCG, or RJ interval, can
be extracted in the presence of noise using cross-correlation.
The RJ interval is shown to correlate to the heart’s pre-ejection
period during both Valsalva and whole-body tilt maneuvers.

I. INTRODUCTION

CARDIOVASCULAR disease (CVD) affects 37% of the
United States population and is the leading cause of

death in the U.S. [1]. For the next twenty years, the medical
cost of CVD is projected to triple from $273 billion to
$818 billion due to the aging population [1]. To reduce
this cost, the traditional hospital-centric healthcare system is
shifting towards a consumer-oriented individual healthcare
system [2]. This individual-centric paradigm emphasizes
early detection and diagnosis [3].

Heart monitors that continuously measure heart rate,
electrocardiogram (ECG), and heart intervals aid the early
detection of risk factors by providing the long term data
necessary for an accurate and timely diagnosis [4]. Currently,
clinical continuous heart monitoring is usually performed
using Holter monitors, which measure chest ECG using
multiple leads. Single-lead continuous heart monitors have
been demonstrated by works such as [5] [6] [7], all of which
are located at the torso using chest or waist bands. As for
consumer products, a popular continuous heart monitor is the
wrist-watch heart rate monitor, which involves a chest strap
that senses ECG [8].

We demonstrate a continuous, wearable, and wireless heart
monitor that is worn at the ear in the form factor of a
hearing aid. The ear location is chosen because the ear
provides a natural anchoring point as proven by hearing
aids and headsets [9]. The device monitors the heart using
both mechanical and electrical methods. Mechanically, the
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device detects the head’s ballistocardiographic (BCG) motion
due to the heart’s pumping of blood. This head BCG signal
allows the measurement of heart rate. Electrically, the device
measures ECG near the ear, which also yields heart rate.
When combined, the BCG and ECG signals yield additional
timing information about heart intervals.

II. MEASURING HEAD BALLISTOCARDIOGRAM

The ballistocardiogram (BCG) is a measure of the body’s
mechanical reaction to the blood ejected during systole.
BCG is traditionally measured by having the subject lie
on a low-friction bed [10]. The displacement of the bed is
then captured as BCG. Alternative methods using pneumatic
chair and strain-sensing foot scale have also proven success-
ful [11] [12]. However, all of the above methods involve
a large stationary BCG measurement device. Meanwhile,
it has been documented in the MRI society that ballisto-
cardiographic head movements are a source of movement
artifacts in MRI [13]. Therefore, we can achieve a proxy
measurement of BCG by sensing head movements instead of
sensing the body movements. Because the neck is flexible,
the morphology of the head BCG will differ from that of the
traditional BCG.

To sense the head’s BCG movements in a portable and
wearable manner, we use a MEMS tri-axial accelerometer
that is mounted at the ear. Because the BCG acceleration of
the head is in the range of mG’s, a highly sensitive and
low noise accelerometer is required. Bosch’s BMA180 is
chosen for its 14-bit resolution and 0.69mGRMS of measured
noise at 10Hz bandwidth with ±2G range. Because BCG
records acceleration, any major motion such as walking will
overwhelm the low-amplitude BCG signal. Therefore, head
BCG is a measurement taken at rest (tolerated head motions
include light chewing and speaking).

The advantage of this measurement is that it is electrode-
less and wearable. Fig. 1 shows a measurement of head
BCG in the upright standing posture. Here, the axis with
the best BCG signal is the y-axis, or the up-down direction.
This is consistent with the direction of blood volume shift.
Additionally, it is seen that the head BCG acceleration is in
the range of 10mGp−p.

III. MEASURING HEAD ELECTROCARDIOGRAM

Because the body is a conductive medium, the ECG signal
from the heart can be detected elsewhere on the body in an
attenuated form. Since the monitor is worn at the ear, we
choose the mastoid area behind the ear to sense ECG, where
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Fig. 1. A sample head BCG measurement taken while standing upright.
The data is filtered with a 1-10Hz bandpass filter.

the bony structure and flat surface allow a stable electrode
contact with minimal motion artifacts.

The head ECG front-end circuit is shown in Fig. 2. The
circuit is kept as simple as possible to reduce component
count and PCB area.

Fig. 2. The head ECG front-end circuit.

In Fig. 2, the two differential electrodes go through a
high pass filter with a corner frequency of 0.16Hz. Then,
the filtered differential signal is amplified by an instrumen-
tation amplifier (IA) (Texas Instruments INA333) with an
adjustable gain. The amplifier output is connected to a 12-
bit SAR ADC (Analog Devices AD7466) with a sampling
frequency of 300Hz. Because the ECG amplitude near the
ear is in the range of µV ’s, the IA’s noise performance
is important. We choose INA333 for its low input-referred
noise, which is comparable to the thermal noise generated
by the 1MΩ biasing resistors within a bandwidth of 150Hz
(1.6µVRMS).

Common-mode feedback (CMFB) is usually used in ECG
front-end circuits to reduce powerline interference and to set
the DC level of the circuit. However, CMFB is not needed
in this application because powerline interference is reduced
by digital filtering. Also, the circuit’s DC level is isolated
by the high pass filters. This filtering removes the need for
a CMFB electrode and eliminates its footprint.

Using clinical AgCl electrodes, Fig. 3 shows ECG mea-
surements taken from the chest (lead II, 15cm apart, gain
of 250) and from the left mastoid area (4cm apart, gain of
7,000, positioning is shown in Fig. 5).

Fig. 3. Top: ECG measured from the chest. Bottom: ECG measured from
the mastoid area behind the left ear. The ECGs are filtered with a 1-50Hz
bandpass filter. Measurements are not simultaneous.

As can be calculated from Fig. 3, the ECG measured
at the mastoid area is in the range of 30-40µVp−p, which
is two orders of magnitude smaller than the chest ECG.
This attenuation is due to the longer distance from the heart
and the shorter distance between the differential electrodes.
Because of the attenuation, the head ECG has a poor signal-
to-noise ratio and is only measurable with minimal head
motions. A robust method to extract information from the
head ECG in the presence of noise will be discussed in
Section V.

IV. SYSTEM DESCRIPTION

The system consists of the BCG accelerometer, the ECG
front-end, a power management circuit, a microcontroller, a
wireless transmitter and receiver, the PC software, and the
mechanical housing. Fig. 4 shows the system block diagram.

Fig. 4. The system block diagram with arrows indicating the signal path.

The BCG and ECG components have been described in
Sections II and III. The power management circuit is supplied
by a 3V lithium coin cell battery (Panasonic CR2032) and
consists of a DC-DC converter and a linear regulator. To
reduce power supply noise for the analog front-end, the
digital circuits are powered from the DC-DC converter, and
the analog circuits are powered from the linear regulator.
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The microcontroller (Texas Instruments MSP430) shuttles
continuous real time BCG and ECG data to the 2.4GHz
low-power wireless transmitter (Texas Instruments CC2500).
Wireless data is sent to a wireless receiver (CC2500) using
the open source low-power SimpliciTI protocol. The receiver
communicates with a PC via a custom-made UART-to-USB
dongle. The PC records, plots, and analyzes the BCG and
ECG data in real time using MATLAB.

The mechanical housing of the wearable device is mod-
ified from a hearing aid housing. Fig. 5 shows the entire
system and shows the device being anchored to the ear
similar to a hearing aid.

Fig. 5. The wearable heart monitor, the PC USB interface, and the heart
monitor being worn at the ear with ECG electrodes attached.

V. DETERMINING THE RJ INTERVAL USING
CROSS-CORRELATION

The RJ interval is the electromechanical delay between
the left ventricular depolarization (ECG’s R wave) and when
the body experiences the greatest recoil from pumped blood
(BCG’s J wave) [14] [15]. The RJ interval is of physiological
significance because it has been shown to correlate with
the pre-ejection period (PEP), which relates to the heart’s
contractility and can be used to diagnose certain heart
diseases [15] [16] [17].

To measure the RJ interval, the simplest method is to use
a peak detection algorithm to determine the delay between
the ECG peak and the BCG peak. However, as shown in
Fig. 1 and Fig. 3, head BCG and head ECG have inherently
weak signals. Here, a peak detection algorithm could easily
misinterpret noise as a peak. Therefore, a noise-tolerant
method is needed for RJ interval calculation.

We propose cross-correlation as a robust method for
determining the RJ interval. This method takes advantage of
the fact that both head BCG and head ECG waveforms have
a similar morphology and are phase-locked. To determine
the RJ interval, a time window of the head ECG signal is
cross-correlated with the same time window of the head BCG
signal. The result of such a correlation is shown in Fig. 6.

In Fig. 6, the highest peak of the cross-correlation occurs
when the R wave of ECG and the J wave of BCG coincide
during shifting. The lag index of the highest cross-correlation
peak is thus the RJ interval. To shorten calculations, the

Fig. 6. A two-second time window of head ECG and head BCG are cross-
correlated (both bandpassed filtered 1-20Hz). The lag index of the highest
peak in the cross-correlation is the RJ interval.

cross-correlation can be limited to a lag range of 0.1s to 0.3s
because RJ intervals physically fall in this range [12]. Further
noise tolerance can be achieved by increasing the length of
the time window of BCG and ECG. This uses more R and J
waves to calculate the correct correlation, albeit at the cost
of losing high frequency features of the RJ interval. In our
testing, a three-second time window is sufficient to reliably
extract RJ intervals compared to manual extraction.

VI. CHANGES IN RJ INTERVAL DUE TO HEMODYNAMIC
RESPONSES

Fig. 7 shows the RJ interval measured during a Valsalva
maneuver performed in the sitting posture. PEP was simul-
taneously measured using a Sonosite BioZ Dx impedance
cardiography (ICG) machine. Here, the RJ interval is shown
to correlate to the PEP. In particular, during the strain,
ventricular filling volume is reduced, which leads to a pro-
longed PEP [17] [18]. The PEP’s increase of 30ms correlates
to an equal increase in RJ interval as seen between 62s
and 83s. Then, as the sustained strain lowers the blood
pressure, the baroreceptor reflex activates the sympathetic
response, and PEP begins to shorten due to increased heart
contractility [18]. This corresponds to the drop in PEP and
RJ interval just before the release. The results in Fig. 7 are
consistent with the RJ interval trends during Valsalva and
with the PEP correlation documented in [15] and [16].

Fig. 8 shows simultaneously measured RJ interval and PEP
during a whole-body tilt test. As the body is tilted from 0◦

(supine) to 80◦ (tilt), an increase in RJ interval is observed.
This correlates to the observed increase in PEP in the tilted
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Fig. 7. Simultaneously measured RJ interval and PEP during a Valsalva
maneuver. The PEP is measured using thorax-neck ICG sampled at 200Hz.

Fig. 8. Simultaneously measured RJ interval and PEP during a whole-body
tilt test. The PEP is measured using thorax-neck ICG sampled at 200Hz.

position, which is caused by the reduction of ventricular
filling volume [17] [18]. However, PEP increases by 45ms
while RJ interval only increases by 15ms. We hypothesize
this to be due to the change in head BCG’s morphology in
the supine position, where the head movement is impeded
by frictional contact with the bed and the RJ interval is
mechanically prolonged.

VII. CONCLUSIONS AND FUTURE WORK

In summary, a continuous and wearable heart monitor at
the ear has been demonstrated. Using the ear as a natural
anchor, the device measures head BCG and head ECG, each
of which yields the heart rate. The RJ interval between the
measured ECG and BCG signals can be calculated in the
presence of noise using cross-correlation. The RJ interval is
shown to correlate to PEP during the Valsalva maneuver and
the whole-body tilt test.

In its current implementation, the system sends continuous
real time data wirelessly to the PC for analysis. A future
implementation will perform the analysis on the microcon-

troller and periodically send scalar data such as heart rate
and RJ interval to the PC. This will drastically reduce the
radio’s duty cycle and power consumption (20mA transmis-
sion current). Furthermore, significant size reduction of the
device is possible by combining the microcontroller/radio
daughterboard with the motherboard and by integrating the
discrete ECG front-end components into an integrated circuit.
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