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Stethoscope Acoustics
Maximilian Nussbaumer
Audible-frequency sounds from the human body are an invaluable diagnostic
tool. For over 200 years, stethoscopes have been used to listen to these sounds.
Despite this, the physics of how stethoscopes work remain poorly understood.
While the stethoscope itself is a simple device, its performance depends on how
it is coupled to both the patient and the clinician. Existing models do not
adequately address these interactions, forcing design choices to be made based on
simple heuristics. The aims of this thesis are to provide a theoretical framework
for understanding the acoustics of stethoscopes, propose a low order model to
simulate the response, and develop an experimental methodology to validate the
model.
When a stethoscope is pressed against the chest, body sounds induce small
perturbations around the equilibrium position of the nonlinear chest-stethoscope
system. In this thesis, a lumped-element approach is used to model these
perturbations. The resulting models are validated using experiments conducted
on a phantom (a laboratory model representing the human chest). Impedance
measurements on the phantom and on the human chest allow differences between
these systems to be accounted for.
The models presented in this thesis capture the trends associated with each of the
key design parameters. Minimising the cavity volume maximises the response,
while tubing significantly attenuates low frequencies and introduces distorting
standing-wave resonances. Using a diaphragm attenuates the response and shifts
the resonances to higher frequencies, but also allows smaller air cavities to be
used. Holding a stethoscope against the chest sets the equilibrium position of
the coupled system and provides a damping-dominated impedance load on the
chestpiece. The strong dependence of a stethoscope’s performance on external
factors, such as the properties of the chest and the way it is held, makes it
difficult to compare sensors objectively.
The work presented in this thesis dispels various misconceptions about how
stethoscopes work and can be used to inform design choices, ultimately improving
the diagnostic capabilities of future stethoscopes.
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Variables
[A]

A matrix

[K]

Stiffness matrix

[M ]

Mass matrix

αn

Amplitude of the nth mode.

δω/2π frequency increment between adjacent frequency bins of a DFT
∆t = N δt Measurement time for a signal with N − 1 samples and a sampling
interval of δt
δt

Time-step between discrete samples

n

Diameter of a modal circle on a Nyquist plot

η

Loss factor

Â

Area

â

A constant

ân

Modal amplitude factor

B̂b

Magnitude of a backwards travelling wave

B̂f

Magnitude of a forwards travelling wave

Nomenclature

xiv
p̂n

Placeholder for ω/ωn

ι

A generic flow

ιe

Electrical current

κ

Thermal conductivity

λ

Lumped mechanical viscous damping rate

T̃phantom The transmission matrix between impedance-head measurements at
the base of the phantom and a sensor
f

Vector of external forces

I

Identity matrix

T

A transmission matrix

Tphantom The transmission matrix between the base of the phantom and a sensor
u(n)
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X, Ẋ, Ẍ Fourier transform of displacement, velocity, acceleration
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Chapter 1
Introduction
Heart and lung disease are the dominant causes of death worldwide [165]. The
World Health Organisation have claimed that lung diseases “have continuously
resulted in more burden than any other diseases” [38]. The burden is felt at both
a personal level, with breathing difficulties and reduced abilities leading to a
major loss in quality of life, and at a societal level, with heart and lung disease
placing a significant strain on healthcare systems. Many suffers of heart and
lung disease are unaware of the affliction when the disease is in its early stages.
D’Arcy et al. [21] surveyed a cohort of 2500 individuals over the age of 65 in
Oxfordshire, UK and found that over half of them had previously undetected
(predominantly mild) valvular heart disease. Around one in twenty were found
to have clinically significant valvular heart disease. In the context of an ageing
population, D’Arcy et al. [21] estimate that the prevalence of clinically significant
valvular heart disease will double by 2050, representing an ‘emerging epidemic’.

1.1

Diagnosis

For many of these diseases early diagnosis is crucial in enabling the appropriate
medical interventions to be applied at the right time. In others (e.g. Asthma
and Chronic Obstructive Pulmonary Disease) continuous monitoring of the
progression of the disease is vital. ‘Diagnosis’ traditionally refers to the naming
of a disease affecting a patient [75]. However, Kohn [75] points out that in modern,
evidence-based medicine the aim changes from simply naming the disease to
identifying the likelihood of a specific disease, while considering the quality of the

Introduction

2

diagnostic test and assessing whether the test is worth performing. Many modern
diagnostic techniques expose patients to potentially harmful levels of radiation
(e.g. computed tomography (henceforth ‘CT’) scans) [74, 124]) or unpleasant
invasive procedures (e.g. bronchoscopy [38]). Before performing these tests it is
important to assess the pre-test likelihood of disease and to weigh up the risks
and benefits of the intended procedures [75].

1.2

Auscultation

Listening to the sounds of the human body (referred to as ‘auscultation’) may
be one of the oldest diagnostic techniques known to humankind. References to
auscultation have been identified in the works of Hippocrates (∼ 400 BC) [102],
the Hindu Vedas (∼ 1500-1200 BC) and the Ebers Papyrus (∼ 1500 BC) [97]. For
the majority of its history, auscultation has meant listening to a patient’s chest
by pressing an ear against it. This practice is known as “immediate auscultation”
and was never particularly widespread [89].
It was not until the invention of the stethoscope by René Laënnec in 1816, that
auscultation began to become part of mainstream medical practice [132]. In the
years since then, wearing a stethoscope (nowadays typically around the neck,
in what Hanley and Hanley [48] refer to as the ‘cool’ position), has become a
universal symbol of the medical profession [89, 97].
Laënnec did not simply invent a diagnostic device. He was at the forefront
of a radical change in diagnostic philosophy: away from simply listening to
patients describe their symptoms and towards the physical exam and the use
of clinical correlations between observations and outcomes to diagnose disease
[159]. Laënnec himself spent years correlating the sounds he heard through his
stethoscope with autopsies of patients with chest disease [92, 80].
In the 21st century, objective diagnostic techniques can be split into three
categories: (1) the physical exam, (2) the use of bedside diagnostic devices such
as handheld-ultrasound and electrocardiogram [159], and (3) laboratory tests,
high-tech imaging and invasive diagnostic procedures.
Over the past few decades a large number of advanced diagnostic techniques
have become available. For the diagnosis of lung diseases, CT scans can make
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use of density differences to construct a 3D map of the interior of the chest [74],
while bronchoscopy allows clinicians to visually inspect the upper airways using
a camera at the end of an endoscope, as well as allowing tissue samples to be
taken [38]. The power and scope of these techniques has led some to claim that
the stethoscope will soon be obsolete [97].
While the development of alternative diagnostic techniques has certainly diminished the once central importance of the stethoscope, the opinion that it is
becoming obsolete is widely disputed (see e.g. [102, 104, 38, 36]). The clinically
significant information that could be found in heart and lung sounds in the time
of Laënnec is still present, and can form an important part of a diagnostic assessment. Magione [91] recalls the words of Folwer in (Pulmonary Tubercolosis, 1921
[35]), claiming that “Those who advise that all stethoscopes should be ‘scrapped’
may be influenced by the fact that they do not know how to use their own”.

1.2.1

Benefits of auscultation

In a 2011 review of techniques used for the diagnosis of lung diseases, Gautam
and Pokle [38] compared four common diagnostic techniques: bronchoscopy,
roentgenography (X-ray), spirometry and lung auscultation. They concluded
that lung auscultation was the ‘safest’, ‘most cost effective’, ‘most accurate’,
‘simplest’, and ‘most convenient’. It appears that there is not a general consensus
that the stethoscope has been superseded.
The claim that stethoscopes are the safest diagnostic technique is based on
the fact that they are non-invasive and non-radioactive [104]. The dangers of
radiation have been extensively explored and recorded (see e.g. [124]) and any
diagnostic technique that makes use of radiation needs to be weighed against the
radiation risk to the patient. Invasive procedures such as bronchoscopy can be
very unpleasant (and potentially dangerous) for patients [63, 49]. The procedure
typically involves sedation and a local anaesthetic, and also carries a risk of
infection. Even spirometry (the assessment of lung function by measuring flow
rates) presents a greater risk of contamination than the use of a stethoscope. This
is because spirometry involves breathing into specialised medical equipment [100],
while for auscultation only the external skin is in contact with the stethoscope.
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It is hard to dispute that auscultation is the cheapest diagnostic technique [102].
Gregory [40] notes that a typical high-quality analogue stethoscope costs around
£150, while a bedside ultrasound unit can cost ∼40 times as much, and a CT
scanner costs ∼500 times as much. Furthermore, many established commercial
stethoscope manufacturers now offer cheap single-use stethoscopes for disease
control, and stethoscopes can be 3D-printed at low cost [127, 123]. Pavlosky et
al. (2018) [123] present open-source designs for a 3D-printed stethoscope with a
$2.40 - $3.20 material cost, although this does not factor in the cost of labour,
the local cost/availability of materials, and the cost of the 3D-printer.
Whether auscultation is indeed the most cost-effective diagnostic technique
is a more complex argument as this also depends on the utility of the outcome
- this is much harder to measure, especially as several diagnostic techniques
are typically used in combination. Advanced diagnostic techniques can uncover
information of crucial diagnostic importance that is impossible to obtain with
auscultation alone, but conversely there are important diagnostic clues that can
be picked up with a stethoscope that other diagnostic tools would miss [36]. For
example, Zhu et al. [172] argue that auscultation can be used to dynamically
monitor the progression of pneumonia with COVID-19, while ultrasound cannot.
Finally, the argument has been put forward that stethoscopes are the simplest
and most convenient diagnostic technique. Using a stethoscope does not require
support from a technician, dedicated hospital space or even access to electricity.
Stethoscopes are extremely portable, facilitating their use by paramedics and in
remote environments. These advantages have to be weighed up against the utility
of the output. The stethoscope performs one simple function: it allows clinicians
to listen to the sounds produced by processes (both normal and abnormal) within
the human body. This means that the utility of stethoscopes depends entirely on
the user. The auditory capabilities and, equally importantly, the knowledge and
experience to interpret the sounds heard, determine whether the stethoscope is a
useful diagnostic device.

1.2.2

Issues with auscultation

The central issue with auscultation is the requirement for the correct interpretation of the sounds heard. This led Ertel [30] to list “the doctor” as one of the
main barriers to successful auscultation. Auscultation is a skill that requires
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intensive training. Recent studies have repeatably reported low auscultation
proficiency among the medical profession [92, 90, 37], suggesting a lack of adequate teaching. This may be due, in part, to an increased focus on other, ‘more
advanced’ diagnostic tools [102].
A lack of adequate training is, however, not the only issue. Gregory [40] notes
that clinical correlations between lungs sounds and diseases are not very specific.
Wheezes in particular are associated with a wide range of pathologies, which can
lead to misdiagnosis [150]. Wheezes and heart murmurs can also be harmless.
By some estimates 25% of the population wheezes [24], but these wheezes are
not always linked to respiratory disease. Meanwhile, ‘innocent murmurs’ that
are not indicative of heart disease are common in young adults [52]. Hooda et al.
found that ∼90% of a sample of 210 young adults with murmurs had no evidence
of heart disease.
While the low cost of stethoscopes means that they do not represent a financial
burden to clinicians in more ‘developed’ countries, cost and availability can still
be a problem in poorer regions and war-zones [127]. However, it is often the
access to doctors rather than stethoscopes which is the limiting factor in the
availability of auscultation.
A further issue with the use of auscultation is that of hygiene. Several studies
have reported on the inadequate cleaning of stethoscopes in hospitals (see e.g.
[113, 86, 32]), and the recent COVID-19 pandemic in particular has led to a surge
in discussion about the playoffs between auscultating patients and controlling
infection [167, 172, 12] [122]. While Buonsenso et al. [12] recommend that
auscultation should be replaced by the use of hand-held ultrasound devices for
which infection-control is more straightforward, Zhu et al. [172] argue that
despite the contamination risk, the stethoscope remains an important acoustic
device.
While there are clearly many issues with auscultation as a diagnostic tool, these
are certainly surmountable [159, 104]. The need for training is not unique
to stethoscopes. Extensive training is also needed for the competent use of
ultrasound devices [36, 140] and many advanced diagnostic techniques require
entire teams of technicians [38]. The difficulty in training clinicians to interpret
lung sounds can be tackled with the use of machine learning techniques to
automate the detection of crucial features in the recorded sounds. These detected
features can subsequently be used by clinicians to inform their diagnosis. The
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development of digital stethoscopes with built-in diagnostic capabilities would
also address issues associated with access to healthcare professionals in remote
and disadvantaged areas. Hygiene issues are in no way unique to stethoscopes and
if appropriate procedures are adopted, the risk of transmitting disease through
the use of stethoscopes can be mitigated [172].

1.3

Stethoscopes

In 1816 René Laënnec was examining a young woman with symptoms of heart
disease. Laënnec recounted that he was reluctant to employ immediate auscultation due to the “age and sex” of the patient. Instead, he recalled “a well
known acoustic phenomenon”: that sound can be transmitted efficiently through
a wooden beam. Laënnec tightly rolled a ‘quire’ (24 sheets) of paper and used
this to transmit body sounds from the chest of his patient to his ear [39, 132].
Laënnec originally assumed that the sound conduction occurred predominantly
through the solid body of the ‘stethoscope’, but soon came to realise that the
constrained column of air played a crucial role [7]. The device Laënnec eventually
settled on was a wooden cylinder with a small hole through the centre.
While the invention of the monaural stethoscope can be unambiguously attributed
to Laënnec, the development of the binaural stethoscope (with sound transmission
to both ears) is more controversial, with several people laying claim to the
invention (see e.g. [88, 39] for details). In short, early versions of the binaural
stethoscope emerged in the first half of the 19th century, often using lead pipes
for the tubing [132]. In 1851, Marsh patented a stethoscope with a rubber
diaphragm, and in 1855 Cammann introduced what is widely regarded as the
first practical binaural stethoscope with flexible rubber tubing [132, 39, 88].
Bianchi introduced a rigid diaphragm in 1894 [132, 88], and the now classical
dual mode (‘bell’ / ‘diaphragm’) stethoscope was introduced by Bowles and
Sprague in 1925/6 [132, 88, 39]. Since then, the overall form of the analogue
stethoscope has only marginally varied [132] although further innovations such
as the tunable diaphragm (see [118]) as well as developments in manufacturing
have continued to improve its performance.
At a Chinese military hospital involved in the front-line treatment of COVID-19
patients in 2020, Zhu et al. [172, 62] reported the successful use of an ‘empty
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potato chip cylinder’ wrapped in a sheet of paper as a simple stethoscope that
can be utilised while the ears of the clinician are covered with personal protective
equipment. One could almost remark that the development of the stethoscope
has ‘gone full circle’, from Laënnec’s original cylinder of rolled up paper to the
‘empty potato chip cylinders’ of 2020.

1.3.1

Anatomy of the ‘modern’ analogue stethoscope

A typical binaural analogue stethoscope is made up of a chestpiece connected by
flexible tubing to a pair of earpieces as shown in figure 1.1 (see e.g. [84, 1, 67, 123]).
flexible tubing

ear tube

earpiece

stem
binaural spring
chestpiece

Fig. 1.1 Basic features of a typical analogue stethoscope.
The chestpiece is the part of the stethoscope that is in contact with the chest.
The chestpiece can either be single or double-sided (with a rotating connector
used to select which side is connected to the tubing). In the double-sided case
there is typically a significant geometric difference between the two receivers: the
most common design is for one side to have a relatively small contact area and a
large cavity volume, while the other side has a relatively large contact area and
a small cavity volume. Both, or neither, of the two sides of the chestpiece may
be covered with a diaphragm. It is very unusual for the large-area low-volume
side not to be covered with a diaphragm, while the low-area large-volume side is
often uncovered. This has led to the popular colloquial terminology for the two
sides as the ‘diaphragm side’ and the ‘bell side’ [67].
Flexible tubing connects the chestpiece to the earpieces, which are designed to
form an air-tight seal at the ears. The final segment of the tubing is typically a
rigid metal tube. A binaural spring is used to hold the earpieces firmly in place
[7].
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1.3.2

Digital stethoscope

The first electronic stethoscopes were developed in the late 19th century [88], but
at the time the hardware was cumbersome and the devices were unsuitable for
practical clinical use. Even though modern digital stethoscopes have evolved
significantly since then (see e.g. [152]) the adoption of commercial digital
stethoscopes in clinical settings has been fairly slow. This is largely due to
the unnecessary additional complexity of use and the limited benefits with
respect to simpler and cheaper analogue models. Typically, a stethoscope is
used by clinicians as a quick ‘first-check’ in the diagnostic sequence, so increased
complexity is unwelcome. Electronic stethoscopes have the advantage of allowing
the storage of signals for later inspection so that changes can be observed over
time and the recording can be assessed by other medical professionals. However,
this is not yet common clinical practice.
Electronic recordings of heart and lung sounds also allow the waveforms to be
inspected graphically. A spectrogram (a sound power plot on axes of frequency
against time) of a heart sound recording is often referred to as a “phonocardiogram”
(henceforth ‘PCG’) [69], while a spectrogram of a lung sound recording (sometimes
with a simultaneous breathing trace) is referred to as a “phonopneumogram”
[8]. Kato et al. (2009) [68] found that the visualisation of lung sounds allowed
doctors to make a more accurate assessment than listening to the same sounds
when assessing bilateral breath sounds to detect bronchial intubation. The core
advantage of electronic stethoscopes is that they allow for computerised (and
even automated) diagnosis of respiratory and cardiac disease [104, 43, 116, 69].
Unlike the analogue stethoscope, for which differences between models have
been minor for the last 100 years, there are a wide variety of digital stethoscope
modalities on the market and in development, with no single approach dominating
the field.
Broadly speaking, digital stethoscopes can be split into two categories: ‘direct’ and
‘indirect’ contact-stethoscopes (see figure 1.2). Direct contact-stethoscopes, such
as an accelerometer, measure the absolute motion of the chest surface [153]. In
contrast, an ‘indirect’ contact-stethoscope measures the relative motion between
two parts of the chest surface. An example of an ‘indirect’ contact-stethoscope is
an analogue stethoscope [153], in which acoustic pressure perturbations arise due
to differences in motion between the rim of the chestpiece and the constrained
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skin surface (see figure 1.2(b)). Semmlow (2015) [135] uses a similar classification
to the one we have adopted, distinguishing between sensors that use an inertial
reference and sensors that use a fixed reference.
rigid
sensor

rigid
chestpiece
housing

air cavity

rim

(a)

chest

constrained
skin surface
(b)

Fig. 1.2 (a) Direct contact-sensor (accelerometer) coupled to the chest. (b)
Indirect contact-sensor (air-coupled stethoscope) coupled to the chest. The
shading represents the vertical displacement of the chest tissue when the sensor
is pressed against the chest (dark is downwards), simulated using ABAQUS CAE
(see appendix D.1.)
Table 1.1 Digital stethoscope modalities.
Category

Sensor type

Examples

Direct (inertial reference *1 ) accelerometer
contact-sensor

[153, 119, 135]

Indirect (fixed reference *1 )
contact-sensor

[117, 83, 2, 170]
[19, 50, 66]

air-coupled sensor
other medium-coupled
sensors
flexible adhesive sensor
diaphragm capacitance
piezoelectric
fixed-reference sensor

[130, 166]
[136, 137]
[106, 99]

*1 terminology used by Semmlow (2015) [135].

The use of lightweight accelerometers to measure the absolute motion of the chest
is referred to as seismocardiography (henceforth ‘SCG’) (in contrast to PCG for
the use of acoustic signals) [61, 146]. This area has seen a significant growth
in interest over the last decade, fuelled by the availability of cheap, lightweight
acceleration sensors [146]. For a detailed review of recent work in the field see
e.g. Taebi et al. (2019) [146]. Jain et al. (2016) [61] compared the performance
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of PCG and SCG methods by assessing the quality of recordings performed
in different environments. Jain et al. concluded that air-coupled stethoscopes
(PCG) perform better in a clinical setting, while lightweight accelerometers
(SCG) perform better in noisy environments. Hu et al. (2014) [54] suggest
that lightweight accelerometers are more suitable for wearable applications than
air-coupled sensors. For recent work on wearable sensors see e.g. [22, 42, 169].
An analogue stethoscope with tubing can be converted into a digital stethoscope
by using a microphone at the end of a (typically short) section of tubing [2],
[170]. The commercial digital stethoscope “Eko Core” [164] also employs this
method.

1.4

Aim: a stethoscope for the 21st century

Improvements in sensor-technology and the rise of machine learning can be
employed to tackle many of the persisting issues with auscultation. If algorithms
are able to identify abnormal features in body-sound recordings then this can
help doctors to form a diagnosis without relying on extensive training and the
subjective interpretation of sounds [69]. Furthermore, the doctor and the patient
need not necessarily be in the same location: if the patient is able to record their
own chest sounds, a doctor can access this information remotely, potentially
extending the reach of healthcare to remote communities. Avoiding direct contact
between patients and doctors can also reduce the risk of transmitting infectious
diseases [152, 167]. In addition to one-off diagnosis, this also opens up possibilities
in the monitoring of disease progression [23].
The fact that there are significantly more smartphones in the world than doctors,
suggests a significant potential for tele-diagnosis and self-monitoring. In the
future, doctors could even be removed from the diagnostic process entirely,
although it is debatable whether this is desirable [108, 172].
Our aim is to aid the development of a stethoscope for the 21st century. This
may look and function very differently from what we consider a stethoscope to
be today. The key design parameters will be cost, ease of use and quality of
recording, as well as compatibility with software for the interpretation of the
body-sound signals obtained.
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Stethoscope acoustics

Understanding stethoscope performance is a crucial aspect of automating diagnosis. Kraman et al. [79] argued that it is only by characterising the idiosyncrasies
of different stethoscopes that we can compare recordings from different sensors.
The same is true for the use of recordings in machine learning. Kay and Agarwal
[70] argue that datasets of heart sounds recorded using different stethoscopes
cannot be reliably used to train algorithms to detect abnormal body sounds.
This is because if one type of stethoscope is used to record abnormal body sounds
and another to record normal body sounds then it is not possible to tell whether
the algorithm is in fact detecting the abnormal sounds, or just the differences
between the transfer functions of the sensors. As automated auscultation begins
to play an important role in the diagnostic pathway, understanding the properties
of the sensors that are used to generate the data used by these algorithms is
more important than ever.
Table 1.1 demonstrates that, despite the wide range of digital stethoscope sensor
types described in the literature, there are two fundamental mechanisms by
which body sounds can be recorded: absolute (direct) and relative (indirect)
motion. In this thesis we explore the performance of a representative sensor type
from each category: accelerometers and air-coupled stethoscopes. Air-coupled
stethoscopes (such as the analogue stethoscope) account for the vast majority
of all stethoscopes used in 2020, and form the core focus of this thesis. The
experimental and theoretical techniques developed in this thesis to explore and
model these two types of sensor can extended to any of the sensor types in table
1.1.
In the words of Paul Ertel: “the stethoscope is a unique acoustical device: it is
coupled to human tissues at both its input and output terminals”. (Ertel, 1971
[30]). Ertel identifies two couplings between the stethoscope and human tissue:
the chest-chestpiece interaction and the ear-earpiece interaction. There is, in
most cases, a third, which is the hand of the clinician pressing the stethoscope
against the chest.
To understand the stethoscope, an investigation of the device in isolation is of
little value [46]. Instead it is these three key interactions with human tissue that
characterise the performance of stethoscopes.
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1.5.1

Problems with existing work on stethoscope acoustics

Medical textbooks and scientific literature contain an array of contradictory and
sometimes misleading claims about how stethoscopes work [108]. Findings that
apply only to individual subsections of the stethoscope have been used to make
statements about the performance of the entire stethoscope when coupled to
the human chest [108], which is an extrapolation beyond their validity [129, 46].
Explanations found in the literature can also often contradict each other, for
example on the role of the diaphragm (see e.g. [141, 67, 84, 29] versus [72, 111]).
There is little published work on modelling the entire chest-stethoscope system
within a single framework. Even the most complete attempts to model aircoupled stethoscopes (such as [163] and [142, 143]) omit important aspects of the
system, such as the role played by the rim of the stethoscope in constraining the
chest surface [129, 67]. The most common approach to modelling stethoscopes
is impedance coupling [131, 134, 82, 157, 173], but unfortunately work in this
field has been plagued by several fallacies. Furthermore, Semmlow [135] argues
that the common aim of ‘impedance matching’ between the stethoscope and the
chest may not lead to optimal performance.
The are two main experimental approaches to stethoscope acoustics: measuring
performance directly on human subjects [64, 163, 120, 41, 109, 110, 66, 129, 13, 46,
19], and using laboratory models to represent the chest [163, 157, 161, 77, 79, 19,
76, 171, 94, 51, 95, 4, 106, 105, 65, 123, 158, 73, 66, 3]. Experiments on humans
are hampered by variability: both within a single subject and across subjects.
This can lead to low reproducibility and uncertain conclusions. Experiments on
laboratory models tackle some of these problems, but cannot capture the full
nuances of a stethoscope’s use in a clinical setting [109, 110], and may thus be
misleading.
The difficulties associated with experimental measurements of stethoscope performance, and the inadequacies of current modelling approaches, present difficulties
when trying to optimise the design of stethoscopes for a specific application, and
when comparing the performance of existing devices [46, 121] .
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Objectives

Inadequate explanations of how stethoscopes work hamper the ability of clinicians
to choose and use stethoscopes optimally, and the ability of engineers to design
the ‘best’ devices. The first objective of this thesis is therefore to:
1. Explain how stethoscopes work
As air-coupled stethoscopes are both the dominant modality and the least well
understood, our primary objective is to explain how air-coupled stethoscopes
work. An explanation of how direct contact stethoscopes (i.e. accelerometers on
the chest) work is a secondary objective.
The second objective of this thesis is to use this physical understanding of how
stethoscopes work in order to:
2. Develop a low-order model for the response of a stethoscope
coupled to the chest
A complete model that takes into account all of the important influences on the
response could be used in the design of new sensors, rather than following a trial
and error approach.
The third objective of this thesis is to:
3. Validate the model experimentally
Our objective is to do this by developing a methodology to rigorously and reproducibly test and compare stethoscopes. This methodology has wider applications
beyond validation of our modelling approach since, when designing and testing new sensors, it is crucial for the development process to have a rigorous,
repeatable method for assessing performance.

1.7

Overview of thesis

The task of an analogue stethoscope is to transmit vibration signals from within
the human body to the ears of a clinician as audible sound. In this thesis we
break this down into a number of smaller tasks: the pressing of the chestpiece
against the chest, the generation of an acoustic signal within the chestpiece, and
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the transmission of this signal through the tubing. This thesis addresses these
tasks in turn, culminating in a discussion of the entire analogue stethoscope in
chapter 10. A benefit of this approach is that several of these ‘subtasks’ of an
analogue stethoscope independently correspond to feasible electronic stethoscopes.
For example, devices consisting of only a chestpiece, without tubing (so called
‘air-coupled microphones’), and devices without any air-coupling (so called ‘directcontact sensors’). The chapters dedicated to these devices have significance both
independently and as building blocks for the discussion of analogue stethoscopes.
In this thesis we introduce a new theory for air-coupled stethoscope acoustics
which takes into account the intricacies of the coupling between the stethoscope
and the chest. Unlike existing work, our model takes into account the key
parameters that determine stethoscope performance within a single cohesive
model. We also introduce a model for direct contact sensors (accelerometers) on
the chest using a framework that is consistent with our model for air-coupled
stethoscopes.
We validate our theory using experiments on a carefully designed phantom
(a simple laboratory model representing the chest). Unlike existing work, we
take into account the effect of the properties of the phantom on the transfer
function between the excitation applied to the phantom and the response of the
stethoscope in a rigorous manner.
In chapter 2, we review existing work in the field, highlighting issues to be
addressed. We then lay out the mathematical foundations for the analysis
performed in this thesis in chapter 3. Given the multi-disciplinary nature of
stethoscope acoustics, which lies at the interface between practical medicine and
acoustic engineering, the core mathematical techniques that we have employed
are laid out in considerable detail. Readers familiar with the content may wish
to skim this material and refer back to it as required.
In chapter 4, we develop new models for accelerometers and air-coupled stethoscopes coupled to the chest. The experimental techniques which we use to
validate these models are outlined in chapter 5. In chapter 6, we discuss the
design, construction and performance of a chest-phantom. We then explore the
behaviour of the phantom when subjected to different loads in order to account
for the role of the phantom in the frequency response functions obtained for
different stethoscopes.
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In chapter 7, we perform a series of driving-point impedance measurements on
the phantom and on a representative human chest to investigate the mechanical
properties of the chest ‘seen’ by sensors. In chapter 8, we investigate the performance of direct sensors on the phantom, an explore the use of impedance-coupling
techniques to predict sensor performance, using the measurements presented in
chapters 6 and 7. We validate our model for direct coupled stethoscopes on the
chest and discuss the implications for the performance of this class of sensors.
In chapter 9, we use the phantom described in chapter 6 to characterise a set of
air-coupled microphones and validate our new model for the acoustic performance
of stethoscopes. We explore the effect of varying cavity volume, the use of a
diaphragm, and the effect of holding the sensor. In chapter 10, we extend our
analysis to include stethoscopes with tubing by coupling impedance analogy
circuits for the mechanical and acoustic domains. We validate the proposed model
experimentally and identify the dominant factors to consider when designing
air-coupled sensors including tubing. Chapter 11 outlines the conclusions of this
thesis and highlights areas of useful further work.

Chapter 2
Literature Review
2.1

Physical explanations

Shortfalls with current physical explanations of how stethoscopes work fall into
three categories: extrapolation, contradiction and omission. Many explanations
consider the acoustic properties of individual components of the stethoscope and
extrapolate from this to draw conclusions about the entire coupled chest–sensor
system. Explanations available in the literature also often contradict one another
and, finally, many explanations of Stethoscope Acoustics that can be found
in textbooks and journal articles on the subject omit some of the key factors
affecting the performance of stethoscopes, such as the non-linearity of the chest.
This literature review evaluates all three of these shortfalls in detail and explains
why current models are problematic when considering stethoscope design.

2.1.1

Extrapolation

In his 2015 thesis on ‘Stethoscope design for auscultation in high noise environments’, Nelson [105] argues that a stethoscope can be broken down into a number
of subsystems that operate independently. Nelson argues that a standalone analysis of these subsystems is “both valid and advantageous”. This claim suggests
that if we can describe a transfer function from the vibration of the chest to
the pressure in the air-cavity of a stethoscope’s chestpiece, then we can simply
add on the transfer function between the air-cavity pressure and the ear-piece to
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obtain the overall response. This approach, however, oversimplifies the notion of
transfer functions in acoustics.
As early as 1941, Rappaport and Sprague [129] stated that the air-cavity in the
stethoscope chestpiece “exhibits acoustic characteristics that are entirely different”
depending on whether it is held in the open or against the chest. Hampton
and Chaloner [46] generalised this, arguing that “the acoustic properties of any
component are very different from those of a stethoscope incorporating that
component”. Each component of the interconnected chest-stethoscope system
provides loads and boundary conditions on the other components. These loads
and boundary conditions change the transfer functions of the components. The
stethoscope can be described as a strongly coupled system, which means that its
resonant phenomena are determined primarily by the coupling rather than the
resonances of the individual components. One exception to this is the tubing
of the stethoscope. In the overall response the tubing-resonances are clearly
distinguishable (see e.g. [29]).
Ertel et al. [29] found that the presence of a diaphragm can attenuate sounds by
over 30 dB when the stethoscope is held over a speaker. It is to be expected that
the air–diaphragm–air pathway significantly impedes acoustic waves, but this
has little relevance for the application of the stethoscope to the chest. Nowak
and Nowak [108] highlight this as an example of the perils of extrapolation in
the context of stethoscope acoustics and point out that, despite the fact that any
clinician who has used a stethoscope will be able to confirm that a diaphragm
does not attenuate sounds by 30 dB, this result has continued to be quoted out
of context over 40 years later.
Kindig et al. (1982) [72] also made a number of observations on the performance
of stethoscopes based on an experimental setup in which sound was played
into the chestpiece through a small air-cavity. For example, Kindig et al. [72]
found that when using this experimental setup there is little difference between
deep and shallow bells. The effect of coupling to the chest was not taken into
account, and there is no evidence that these findings can be extrapolated to
the use of stethoscopes on the chest. Nevertheless, the result that there is little
difference between deep and shallow bells is presented in the medical textbook
Evidence-Based Physical Diagnosis (McGee (2016) [98] with no reference to the
experimental setup for which this claim is valid.
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Contradiction

There are several areas within stethoscope acoustics where there are contradictions
between claims made in the literature that have not been resolved. Perhaps
the most prominent of these revolves around the role of the diaphragm. The
diaphragm is often described as a ‘high-pass filter’ (see e.g. [141, 67, 84]). Ertel
[29], for example, found that the presence of a diaphragm attenuates sounds
across the entire frequency spectrum, but that the effect is most pronounced at
low frequencies.
In a set of experiments in which the chest was represented by a small air-cavity
excited with a speaker, Kindig (1982) [72] found that the use of a diaphragm
lead to attenuation at all frequencies. This is misinterpreted in the medical
textbook Evidence-based physical diagnosis (McGee, 2016) [98], which states
that a diaphragm ‘attenuates all frequencies equally’. Equal attenuation at all
frequencies is highly implausible for any physical system, and was not claimed in
the original source material by Kindig.
A more serious challenge to the ‘high-pass filter’ model for stethoscope diaphragms
comes from Nowak and Nowak (2019) [111]. Using a laser vibrometer to measure
the vibration of diaphragms pressed against the human body, Nowak and Nowak
concluded that the diaphragm does not act as an acoustic filter. However, we
suggest that any component added to a mechanical system will have some effect
on the frequency response of that system. While describing the diaphragm as a
‘high-pass filter’ may be too simplistic, adding a component which is stiffnessdominated in the frequency range of interest to a system tends to increase the
resonant frequencies of that system (Rayleigh’s theorem). The fact that Nowak
and Nowak were unable to observe this effect in a carefully designed experimental
study suggests that there is a need for further investigation in this area.
The effect of application pressure has also been the subject of some dispute.
Rappaport and Sprague (1941) [129] suggest that when an ‘open bell’ is pressed
against the chest the skin forms a ‘natural diaphragm’. As the application pressure
is increased the pre-stress of this ‘natural diaphragm’ increases, leading to filtering
effects. Focussing on the ‘diaphragm’ effects of the skin can be misleading as it
neglects the role of the underlying chest tissue. Nowak and Nowak [107, 111] note
that the deformation of the chest tissue under the stethoscope is likely to play a
dominant role in determining the effect of application pressure. Pasterkamp et
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al. [120] performed a series of measurements with very low application pressures
by using double-sided adhesive tape in order to attach stethoscope chestpieces
to the chest. Pasterkamp et al. argue that it is unlikely that the skin acts as a
pre-stressed diaphragm in this case.

2.1.3

Omission

Many factors that play an important role in the performance of stethoscopes
are largely missing from the narrative, or only mentioned in passing. Examples
include the non-linearity of the chest, ‘occlusion’, and the role of the stethoscope
in determining the motion of the portion of the chest surface that it is in contact
with.
Wodicka et al. [163] as well as Suzuki and Nakayama [142] model the interaction
between a stethoscope and the human chest by considering the mechanical
properties of the chest as a function of the contact area only. However, published
research on the mechanical impedance of the chest shows that the properties
of the chest are non-linear with respect to the load applied and the resulting
equilibrium position (see e.g. [56, 148, 154, 5]).
‘Occlusion’ refers to the way in which the air-cavity fills with flesh as the stethoscope is pressed against the chest [129]. This reduces the contact area between
the chest and the air [129], resulting in a lower transfer of vibrational energy. The
effect is especially significant in shallow cavities, which explains why the air-cavity
on the ‘bell-side’ of commercial chestpieces is typically significantly deeper (and
steeper) than the cavity behind the diaphragm [67]. A simple experiment can
illustrate this effect: when the diaphragm on the ‘diaphragm-side’ of a typical
analogue stethoscope chestpiece is removed, and the now open cavity is pressed
against the chest with moderate pressure, the entire cavity fills with chest tissue.
Only the small hole that leads to the tubing is left to couple the chest-vibration
to the tubing. In this case, almost no sound is heard at the earpieces. Despite
this, the use of diaphragms is often assessed by comparing the performance of
the same air-cavity with and without a diaphragm (see e.g. [29]).
Rappaport and Sprague [129] report that many clinicians regard the bell simply
as an accumulator of sound, neglecting the role of its impedance in determining
the properties of the coupled chest-stethoscope system. These comments were
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made around 80 years ago, but general audience explanations on the internet still
describe the role of the chestpiece in a similar way (e.g., HowStuffWorks.com:
“vibrations hitting the chestpiece are funnelled into a narrow tube” [81]) No
mention is made of the fact that the ‘vibration hitting the chestpiece’ depend, in
part, on the properties of that chestpiece and the way in which it is applied to
the chest [135, 153].

2.2

Modelling approaches

Beyond the general comments and qualitative descriptions of stethoscope performance discussed in section 2.1, several authors have tried to model the
performance of stethoscopes quantitatively. This is typically based on one of two
approaches:
• Decomposing the stethoscope into subsections and analysing these individually (without considering the interaction between subsections).
• Deriving an impedance-based model for the coupled system.
Modelling attempts based on decomposition are problematic because of the
extrapolation issues raised in section 2.1.1. Once a subsection is incorporated
into the full system, its boundary conditions (and thus its transfer function) will
change. Rappaport and Sprague [129], as well as Kaniusas [67], derive expressions
for the resonant behaviour of a clamped diaphragm that is free on both sides and
use this to make general statements about the performance of stethoscopes with
diaphragms. This is another version of the mistake made by applying Ertel’s
experimental results for a diaphragm in air to the case where the chestpiece is
pressed against the chest (discussed in section 2.1.1).
Kaniusas [67] also models the air-cavity in a stethoscope chestpiece as a Helmholtz
resonator, and uses this to make claims about how parameters such as the cavity
volume and tubing length affect performance. In section 4.3.1 we show that
describing the air-cavity of a stethoscope as a Helmholtz resonator does not
accurately capture its role.
An impedance-coupling based approach has the potential to address all of these
issues and provide an accurate model of the physics of the entire coupled cheststethoscope system. Several authors have attempted an impedance-coupling
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based approach (see e.g. [131], [163] and [143]), but none of these models
adequately tackle the subtleties of the chest-stethoscope interaction. A detailed
review of existing impedance-based models is presented in section 4.3.2.

2.2.1

Impedance-coupling and impedance-matching

Impedance coupling refers to a mathematical technique for modelling the coupling
between two systems by considering their impedances. Impedance matching
refers to the design technique of selecting impedances in such a way as to
maximise power transfer. In chapter 3 we present the mathematical background
to impedance analysis in detail. For now we limit ourselves to one important
clarification: the source impedance is the impedance of the source as ‘seen’ by the
load, and the load impedance is the impedance of the load as ‘seen’ by the source.
In the context of this clarification and the definition of the maximum power
transfer theorem we outline three common misconceptions in the application of
the impedance-matching method to stethoscopes.
Misconception 1: matching characteristic specific impedances
Characteristic specific impedance is purely a property of a material [10]. The
impedance of a finite physical system does not simply equal the characteristic
impedance of the material of which it is composed. The importance of the
physical dimensions of a load system on the impedance ‘seen’ at the boundary
depends on the frequency of interest. We can capture this in terms of the
Helmholtz number which is the product of the wavenumber of interest and a
characteristic spatial dimension. A high Helmholtz number implies a non-compact
body in which the spatial dimensions are large compared to the wavelength of
interest. If the chest is coupled to a system with a high Helmholtz number, then
the waves propagating from the source effectively only ‘see’ the characteristic
impedance of the load. If, however, the Helmholtz number is low (as is the case for
stethoscopes at the frequencies of interest for auscultation), then the dimensions
of the systems play an important role in the impedance coupling. Schartz et
al. [134] use characteristic specific impedances to model the transmission losses
between the chest and the chestpiece cavity. A consideration of the Helmholtz
number suggests that this analysis is not appropriate for typical auscultation
frequencies. Similarly, Li et al. [82] argue that the proportion of the heart sound
signal lost between the chest and the sensor depends on the impedance difference
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between the two mediums. If this approach was valid then there would be no
significant difference between using an air-coupled stethoscope and just standing
close to the patient. Over 200 years of clinical practice suggests that this is not
the case [39].
Misconception 2: neglecting contact characteristics
Given that the coupling depends on the impedances of the load and source
systems ‘seen’ at the contact, one would expect the characteristics of the contact
to play a significant role. The impedance of the chest ‘seen’ by an air cavity
(with the surface able to deform non-uniformly) may be quite different from the
impedance seen by a rigid disc. Wodicka et al. [163] and Suzuki and Nakayama
[142, 143] both use the impedance ‘seen’ by a rigid disc and couple this to the
impedance of the air cavity of the stethoscope. This approach also neglects the
presence of the rim and its effect on the impedance ‘seen’ by the air cavity. In
section 4.3.2 we discuss these models in more technical detail.
Misconception 3: comparing impedance magnitudes only
When coupling impedances, the phase of the impedances is crucial in determining
the response of the coupled system. Impedance matching between a source and
a load is only achieved if the imaginary components of the impedances cancel.
Watrous et al. [157] and Zimmerman et al. [173] take into account the contact
characteristics by measuring the impedance ‘seen’ by an air cavity surrounded
by a rim; however, they only report and discuss the magnitude of the impedance
measured. Watrous et al. [157] suggest that when the magnitude of the chest
impedance is similar to the magnitude of the stethoscope’s impedance, power
transfer to the stethoscope is efficient. However, similar magnitudes of impedance
do not imply successful impedance matching, as this depends on the complex
values of the impedances.

2.2.2

Impedance matching and stethoscope performance

Many papers that consider stethoscope acoustics from using an impedance
approach assume that impedance matching is desirable (see e.g. [134], [157] and
[82]). However, this may not be the case. Semmlow (2015) [135] argues that
while impedance matching could improve the power transfer it would also reduce
the signal levels at the transducer, ultimately leading to a lower output signal.
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Vermairen and van Vollenhoven [153] and von Gierke and Brammer [154] show
that using heavy accelerometers leads to a decrease in the high-frequency response.
At frequencies far from any coupled resonances, the greatest possible acceleration
level is obtained by minimising the load impedance, not by matching it to the
chest. Semmlow [135] suggests that a low-mass vibration sensor may therefore
outperform current stethoscopes at high frequencies.

2.2.3

Methods for measuring impedance

The mechanical and/or acoustical impedance of both the chest and the stethoscope can be measured experimentally using a variety of techniques. Mechanical
impedance (the ratio of force to velocity) is typically measured by exerting a
measured force on a structure and simultaneously measuring the driving point
acceleration. A device designed to simultaneously measure force and driving
point acceleration is called an impedance head ([87]). See e.g. [56], [148], [154],
[153] and [5] for attempts to measure the mechanical impedance of human tissue.
Dimensionally, acoustic impedance is simply related to mechanical impedance
by the contact area. However, when we refer to acoustic impedance we mean
the acoustic impedance ‘seen’ by the air cavity. The deformable surface and the
presence of the rim mean that the acoustic impedance differs significantly from
the impedance seen by a rigid disc.
The acoustic impedance seen by the air cavity can be measured directly using
an impedance tube [173, 174]. An impedance tube is a duct with at least
two microphones and an excitation source [6]. For frequencies at which only
plane waves propagate (see section A.1) these two microphones can be used
to decompose the sound-field into waves travelling ‘forwards’ and ‘backwards’
through the duct. This technique is called ‘wave separation’. Once the sound-field
has been separated into forwards and backwards travelling waves, the acoustic
impedance can be calculated at any point in the duct. If a speaker is connected
to one end of the tube and the other end is pressed against the chest then the
setup can be used to determine the acoustical impedance of the chest as ‘seen’
by an air cavity with a contact area and rim-dimensions matching those of the
tube. Watrous et al. [157] and Zimmerman et al. [173, 174] present results for
impedance-tube measurement on the chest, but only consider the impedance
magnitude (see section 2.2.1 for why this is an issue).

2.3 Shortcomings of existing experimental work
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Shortcomings of existing experimental work

There are two key experimental approaches to stethoscope acoustics:
1. Measuring stethoscope performance directly on humans
2. Conducting experiments on laboratory setups designed to replicate the
mechanical properties of the chest (‘phantoms’)

2.3.1

Human experiments

Experiments on humans subdivide into two categories: those that take human
biosignals such as heart or lung sounds as the input signal, and those that use
external excitation such as shakers attached to the body or sound played into
the lungs.
In the context of stethoscope acoustics the term ‘biosignals’ is used to refer to
vibrations within the human body that occur as a result of natural processes.
These natural processes include the beating of the heart, breathing and digestion
[67]. There have been many attempts to use biosignals as the input when
evaluating the properties of stethoscopes (see e.g. [64, 163, 120, 109]). However,
performing experiments on the human chest can be problematic.
Unfortunately, anatomical differences between people severely hamper the reproducibility of results based on biosignals [77] unless large representative datasets
are collected that can account for variability in the population. Body sound
signals do not just differ from person to person. Within a single subject they
differ depending on location, breathing style and heart rate. Furthermore, the
coupling of sensor to the chest is found to be very sensitive to the way in which
the sensor is applied. Attaching the stethoscope with tape, resting it on the
chest with a load mass to keep it in place and applying it by hand with a range
of contact pressures all result in different coupled chest-stethoscope systems
and therefore different output signals. Considering this extensive variability,
the ability to generate data of a reproducible scientific standard (rather than
anecdotal comparisons) is limited.
In the year 2000 a set of “International Computerised Respiratory Sound Analysis”
(henceforth CORSA) guidelines were published [126]. The CORSA guidelines
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specify information that should be included when reporting the results of lungacoustics studies. This includes a careful description of the sensors used as
well as a record of the body posture, airflow, breathing rate and environmental
background conditions during the recordings. A systematic review carried
out in 2014 by Oliveira and Marques [115] found that none of the reviewed
papers published after the publication of the CORSA guidelines had followed the
recommendations made. Reproducibility in this field of science is typically low.
Nevertheless, Nowak and Nowak [108] argue that the only truly valid approach is
to test stethoscopes in their operating environment: coupled to the human chest.
Their claim is that no other method can accurately replicate the stethoscope’s
use in a diagnostic situation. Nowak and Nowak have published a large body
of experimental work on the performance of the analogue stethoscope. In order
to compensate for the inherent variability of human biosignals, Nowak and
Nowak simultaneously recorded synchronised Electrocardiogram (ECG) signals.
They then used the ECG signals to segment the acoustic heart sound signal
into individual beats which they referred to as ‘acoustic events’. Nowak and
Nowak selected a subset of the extracted heartbeats (using a similarity coefficient)
and computed an averaged spectrum from this subset of ‘acoustic events’. The
resulting averaged spectra could be compared between sensors to allow the effect
of various design parameters to be observed [109], [110].
This kind of attempt to compensate for variability in acoustic biosignals is not
new. Wodicka [163], Pasterkamp [120] and Jones [64] all used natural lung
sounds as a sound source in their studies. In all three cases, the breathing flow
rate was kept within a specified range in an attempt to maintain a constant
vibration input. Though basic, this still represents an improvement on research
which uses natural lung sounds with no attempt to measure the flow [108] [107]
[41].
Heart and breathing rates are only a limited proxy for the vibration of the
chest surface. Another common technique has been to simply test two sensors
side-by-side in the hope that the signal will be similar at these locations (see
e.g. Joyashiki and Wada (2020) [66]). Alternatively, the sensors can be tested
sequentially, with a simultaneous reference sensor at a fixed location providing a
reference signal [64]. This does not take into account the non-uniformity of the
chest and the fact that the vibrations transmitted to the reference sensor could
differ significantly from those at the test sensor (both in an averaged sense and,

2.3 Shortcomings of existing experimental work

27

more importantly, over time). This could occur if, for example, the reference
sensor picks up almost entirely heart sounds, but the test location also has a
strong presence of lung sounds (or vice-versa).
As an alternative to using human biosignals, measurements can be taken with
sensors coupled to the human chest but using an external, controllable source of
excitation. Burch applied sensors and an excitation source to the thigh in order
to minimise contamination from body sounds [13]. Rappaport and Sprague used
a loudspeaker to excite the external chest surface [129]. Hampton and Chaloner
[46] tried to replicate the method of Rappaport and Sprague but found that
it was not possible to obtain a soundproof seal between a loudspeaker and the
chestwall. Hampton and Chaloner [46] instead used a mechanical shaker to excite
the chest. Dai et al. introduced a controlled sound input into the lung by playing
sound through a tube into the mouth [19]. However, this study was concerned
primarily with investigating mechanisms for sound transmission through the
chest rather than the coupling to sensors at the chest surface.

2.3.2

Chest phantoms

The term ‘phantom’ refers to a device designed to replicate some features of the
human body in order to test, calibrate and train clinicians in the use of diagnostic
devices [17]. Phantoms are commonly used for a variety of medical imaging
methods such as Nuclear Magnetic Resonance Imaging, computed tomography
and ultrasound [156]. Depending on the application for which the phantom
is used it is designed to mimic different properties of the human body. This
could include electromagnetic properties, mechanical properties and ultrasound
absorption [156], as well as the speed of sound, and the acoustic attenuation of
the medium [17].
Imaging phantoms often simulate not only the contact of the sensor with the
skin but also a range of underlying anatomical structures to be detected. Dai
(2013) [19] (see also [20]) applied this technique to lung sounds by constructing a
cuboid phantom made of a viscoeleastic silicone elastomer (Ecoflex 00-10). The
cuboid phantom was filled with a network of horizontal airways with dimensions
typical for the upper airways of adults. Sound was played into the airways and
measured in the tube network using a microphone. A scanning laser doppler
vibrometer was used to measure the resulting surface motion.
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The word ‘phantom’ has also been adopted for devices designed specifically to
characterise the acoustic properties of sensors coupled to the skin rather than to
mimic their use to detect vibrations from specific sources (see e.g. [19] [94] [106]
[158] and [73]). Other names for such devices include ‘BioAcoustic Transducer
Testing system’ [77], ‘simulator’ [161, 66] and ‘sensitivity measurement system’
[65]. The latter is potentially misleading as the word ‘sensitivity’ has a strict
definition in metrology, as discussed in section 4.1.
The benefit of a phantom over direct measurements is that, provided the procedure
is adequately documented, the results should be reproducible by any researcher
in any laboratory. Unfortunately very little existing work on using phantoms
to characterise stethoscopes is adequately documented. Another major benefit
of using phantoms is that a reference input signal can be measured and used
to compare sensors rigorousl. A detailed overview of studies using phantoms to
characterise stethoscope performance is presented in section 6.1.

2.4
2.4.1

Comparison of stethoscopes
Subjective comparison

There have been numerous investigations on the subjective performance of
stethoscopes. As the subjective experience is influenced by a wide variety of
non-performance related factors (such as ergonomics, appearance, familiarity and
even branding) asking clinicians about their preferences is of limited scientific
value. An alternative is to compare the use of different stethoscopes to diagnose
disease. However, a diagnosis is ultimately qualitative, and depends on a huge
variety of factors beyond the auscultation. Furthermore, if the same clinician
used two different stethoscopes on the same patient it would be impossible for
the information from the first auscultation not to influence the second. Liu
et al. [85] solved this problem by using stethoscopes for quantitative blood
pressure measurements. Liu et al. found a statistically significant (but clinically
insignificant) difference in measured blood pressure values between different
stethoscope designs.
Pasterkamp et al. (1997) [121] describe stethoscopes as filters acting on body
sounds, applying different weightings to different frequency components [121].
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Pasterkamp et al. argue that auscultation would “benefit from a more faithful representation of sound”. However, others have shown that the filtering
characteristics of the stethoscope are in fact useful for human interpretation
[67, 160, 129]. Semmlow (2015) [135] suggests that high sensitivity (across the
relevant frequency range) is more important than a flat response when detecting
faint chest sounds.
The high-pass-filter effect often attributed to the ‘diaphragm mode’ of an analogue
stethoscope (see section 2.1.2 for controversies related to this claim) has been
deemed useful for listening to lung sounds due to a phenomenon called masking
[160, 30]. When a person hears a combination of high and low pitched sounds,
the low pitched sounds mask the high pitched sounds. As lung sounds are
typically slightly higher in pitch than heart sounds this means that, without a
diaphragm, the masking effect can make lung sounds very hard to detect. A
study into the clinical practice of clinicians and medical teachers found that a
significant proportion of stethoscope users choose the bell to detect lung sounds
despite the lack of unmasking [161]. Welsby suggests that this may be due to
“selective hearing” – the ability of individuals to focus on sounds in which they
are interested and to block out other sounds [161].

2.4.2

Objective comparison

Despite their ubiquitous use, there is no simple or standardised way to objectively
compare stethoscopes or evaluate new designs. This is largely due to the fact
that an evaluation of the standalone acoustic properties of a stethoscope (as
performed e.g. by Abella et al. [1]) is insufficient in assessing the performance of
the stethoscope when it is coupled to the human body.
To compare any two sensors, we need to know their outputs relative to a common
reference input signal. This can be achieved in two ways:
1. Simultaneously measuring the sensor output signal and a reference input
signal for a number of sensors, and then comparing the ratios of sensor
output to measured input between sensors.
2. Ensuring that the input signal remains constant for each recording performed and then directly comparing the sensor output signals.
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When applying this to stethoscopes, there is no obvious answer as to what the
‘reference input signal’ should be. The ultimate input signals we are interested
in measuring are the vibrations induced by the heart and lungs. The way in
which these signals are transmitted to the surface depends on sensor location,
subject anatomy and even posture [53, 33]). Furthermore, the soundscape at the
chest surface consists of a superposition of body sounds originating from multiple
locations within the chest (as well as external sound and vibration [133].)

2.4.3

Amplitude and noise

For analogue stethoscopes the absolute amplitude of the sound at the clinician’s
ears is important. Heart and lung sounds need to have amplitudes above the
auditory threshold in order to be of any use [129]. For digital stethoscopes,
however, the absolute amplitude of the signal is unimportant as it can be
amplified to an arbitrary degree. In this case, we are interested not in the signal
amplitude but rather in the signal-to-noise ratio (SNR). Li et al. [82] note
that the SNR does depend in part on physical amplitude of the signal at the
transducer.
Since we are interested in SNR, it would make sense to use it to characterise
sensors (see e.g. [82]). For a rigorous definition of SNR we need to know the
input signal, but we can also generate a crude estimate of the SNR by considering
the output signal only if we can segment the output signal into segments that
include the signal and segments that include only background noise.
Noise in stethoscope recordings stems from a number of different sources. The
electrical circuitry in digital stethoscopes induces random electrical noise [31].
There are also several physical noise sources to consider. Nelson [105] presents a
detailed overview of noise sources in stethoscope recordings. Nelson distinguished
between ‘vibration noise paths’ and ‘acoustic noise paths’ (involving airborne
ambient sound). The primary ‘vibration noise paths’ identified by Nelson [105] are
transmission through the patient and transmission through the clinician holding
the stethoscope. For a traditional stethoscope the primary ‘acoustic noise paths’
are leakage at the ears, leakage through the stethoscope and transmission of
ambient noise through the patient’s chest. Suzumura and Ikegaya [144] and
Schmidt et al. [133] found that the chest acts as a significant transmitter of
ambient noise to a stethoscope. Zanartu et al. [171] and Joyashiki and Wada

2.5 Stethoscope design

31

[66] characterised sensors in terms of the ratio of their sensitivity to tissue-borne
and air-borne sound. The findings of e.g. Schmidt et al. [133] suggest that it
may be difficult the decouple these two pathways.

2.5

Stethoscope design

Unfortunately, the incomplete understanding of the interaction between different
aspects of the stethoscope means that current theoretical work is of limited use in
stethoscope design. Hampton and Chaloner [46] concluded in 1967 that “most of
the previously accepted principles should be ignored and an empirical approach
should be used”. We suggest that, instead of accepting the inadequacy of current
models, a new theory for stethoscope acoustics is required. This thesis addresses
this need with a rigorous consideration of the coupling between the stethoscope
and the chest.

Chapter 3
Mathematical foundations
Sensing the vibration of the human chest and, in particular, interpreting the
signals obtained is not straightforward. The signal obtained depends on the
coupling between the source (the chest) and the receiver (the sensor). This
coupling is affected by the anatomical and material properties of the chest, the
design of the sensor, and the way in which the sensor is applied to the chest.
The interlinked complexity of the chest-stethoscope system has slowed the development of a robust understanding of the phenomena involved. Over two
hundred years since the invention of the stethoscope ushered in the world of
evidence-based medicine, we still do not truly understand the sensors we are
using. In the past, clinicians were trained to subconsciously compensate for the
idiosyncrasies of the stethoscope’s acoustic response. We are now, however, in an
age where digital sensors and automated diagnosis are beginning to revolutionise
healthcare. As a result of this, an understanding of how bio-acoustic signals
depend on the sensors we use to measure them is more important than ever.
The lumped element model (LEM) approach discretises a system to a small
number of degrees of freedoms (DOFs) and describes the way in which these
DOFs are linked using ‘lumped’ terms to represent the physics of the system.
The number of degrees of freedom needed to model the behaviour of a system
depends on the frequency range of interest and the physical dimensions of
the system. By comparing the wavelengths of body sounds to the physical
dimensions of stethoscopes, we can establish an appropriate discretisation. Apart
from drastically simplifying the system we are investigating, a lumped element
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formulation also allows mechanical and acoustical systems to be coupled in a
straightforward manner within a single mathematical framework.

3.1

Potential and flow

The governing equations for electrical, mechanical and acoustical systems can
all be expressed in terms of a potential (υ) and a flow (ι). As modern digital
stethoscopes stand at the cross-section of all three of these domains, developing
a mathematical framework in these terms seems sensible.
The ratio of potential to flow is defined as impedance:
Z = υ/ι .

(3.1)

The physical dimensions of impedance vary depending on the physical properties
playing the roles of potential and flow In the electrical domain, for instance,
voltage (υ e ) plays the role of potential and current (ιe ) plays the role of flow.
The electrical impedance can be expressed in terms of inductance (Le ), resistance
(Re ) and capacitance (C e ). Equation 3.1 then becomes Ohm’s law: υ e = ιe Ze
[6]. Table 3.1 summarises the definitions of potential, flow and impedance in the
acoustic, specific, mechanical and electrical domains.
Table 3.1 Potential, flow and impedance in different domains. All symbols are
as defined in the nomenclature: p′ , q ′ , f and u′ denote pressure, volume flow,
force and velocity, ρ0 and c0 denote a medium’s density and speed of sound, Â
represents area, and the superscripts a , s , m and e denote the acoustic, specific,
mechanical and electrical domains respectively.
Domain

potential

flow

impedance

Z0

Acoustic

p′

q′

Za

ρ0 c0 /Â

kg m−4 s−1

Specific

p′

u′

Zs

ρ 0 c0

kg m−2 s−1

f = p′ Â

u′

Zm

ρ0 c0 Â

υe

ιe

Ze

Mechanical
Electrical

q

(Le /C e

units

kg s−1
ohms
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In general, an impedance can be defined between a potential at any point ϕ, and
a flow at any point ψ. This is denoted by
Z(ϕ, ψ, ω) = Zϕ,ψ (ω) = υϕ /ιψ .

(3.2)

The characteristic impedance (Z0 ) is defined as the ratio of potential to flow (at
the same location) when waves are travelling in one direction only (such as in an
infinite transmission line). General expressions for the characteristic impedance
in different domains can be found in table 3.1.

3.1.1

Two-port transmission matrices

A port represents a point within a system that is associated with a flow and a
potential. When describing the relationship between two ports within a system
we are describing the relationship between four variables. There are 4! = 24
different ways of expressing these relationships in terms of a 2 × 2 matrix. Two
such matrices are the ‘forwards’ and ‘backwards’ transmission matrices which
relate the flow and potential at one port to the flow and potential at the other
port. The ‘forwards’ (or A′ B ′ C ′ D′ ) transmission matrix between points 1 and 2
is given by
 

 
′
′
υ
A
B
υ
2
 =
  1 ,
(3.3)
′
′
ι2
C D
ι1
while the ‘backwards’ (or ABCD) transmission matrix is given by










υ
A B  υ2 
 1 = 
.
ι1
C D ι2

(3.4)

The advantage of a transmission matrix formulation is that transmission matrices
can be cascaded, such that a complex cascaded network can be constructed from
a series of simple transmission matrices:
















υ
A′ B ′  A′ B ′  υ1 
 3 = 
.
ι3
C ′ D′ 3,2 C ′ D′ 2,1 ι1

(3.5)

The method of cascading transmission matrices (as in equation (3.5)) is only
possible if there is a single predetermined pathway for wave-propagation [101].
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More complex networks of ducts with multiple pathways cannot be modelled
using two-port matrices.
A load or driving point impedance (shorthand Zϕ = Zϕ,ϕ ) is defined as the ratio of
potential to flow at the same point. For a simple two-port system between ports
1 and 2, if the load impedance Z2 at location 2 is known, then the transmission
matrices given in equations (3.3) and (3.4) can be used to calculate the load
impedance at location 1:
Z1 =
=

3.1.2

AZ2 + B
CZ2 + D

(3.6)

Z2 D′ − B ′
.
A′ − Z2 C ′

(3.7)

Acoustic transmission matrices

The solution to the 1D wave equation for sound propagating in a uniform duct
(derived in appendix A.1) can be expressed in terms of forwards and backwards
propagating waves of pressure and velocity perturbation:
p′ (x, t) = B̂f ei(ωt−Îx) + B̂b ei(ωt+Îx) ,
u′ (x, t) =

(3.8)

B̂f i(ωt−Îx)
B̂b i(ωt+Îx)
e
−
e
.
ρ0 c0
ρ 0 c0

(3.9)

B̂f and B̂b are the magnitudes of the forward and backward traveling waves, e is
Euler’s number, i is the square-root of minus one, ω is the angular frequency,
t is time, Î is the wavenumber and x is the axial coordinate. Equations (A.17)
and (A.18) can be combined to give the (specific) forwards transmission matrix
between points 1 and 2 separated by a distance δl:










p′
cosh (iÎδl)
−Z0s sinh (iÎδl)  p′1 
 2 = 
.
u′2
−Y0s sinh (iÎδl)
cosh (iÎδl)
u′1

(3.10)

Y0s is the characteristic specific acoustic admittance, defined as 1/Z0s = 1/ρ0 c0 ,
while sinh and cosh are the hyperbolic sine and cosine functions.
For a system expressed in terms of pressure and velocity perturbations, any
change in area along a duct system must be accounted for by a transmission
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matrix that satisfies continuity of pressure and volume velocity. For a sudden
change in area from area Âleft to area Âright this transmission matrix is










p′
1
0
p′
  left  .
 right  = 
u′right
0 Âleft /Âright u′left

(3.11)

Alternatively, the system can be expressed in terms of pressure and volume
velocity (q ′ ), in which case no separate transmission matrix is needed to account
for a sudden discontinuity in area. Consider, for example, the duct in figure 3.1.
The duct has a constant area Â1 , but at the end of the duct there is a sudden
expansion to area Â2 . In terms of pressure (p′ ) and velocity (u′ ) perturbations
this can be expressed as












1
0   cosh (iÎδl)
p′
−Z0s sinh (iÎδl)  p′1 
 2 = 
.
u′2
0 Â1 /Â2 −Y0s sinh (iÎδl)
cosh (iÎδl)
u′1

(3.12)

To convert to a formulation in terms of pressure (p′ ) and volume velocity (q ′ )
perturbations we can apply the conversions
 



 

p′
1 0   p′ 
 =
,
q′
0 Â u′
and

 



(3.13)

 

p′
1 0  p′ 
 =
,
u′
0 1/Â q ′

(3.14)

which lead to
















p′
1 0  1
0   cosh (iÎδl)
−Z0s sinh (iÎδl) 1
0  p′1 
 2 = 
.
q2′
0 Â2 0 Â1 /Â2 −Y0s sinh (iÎδl)
cosh (iÎδl)
0 1/Â1 q1′
(3.15)
Equation (3.15) can be simplified to










cosh (iÎδl)
−Z0:a Â1 sinh (iÎδl) p′1
p′
 2 = 
 ,
q1′
q2′
−Y0:aÂ1 sinh (iÎδl)
cosh (iÎδl)

(3.16)
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in which Y0:aÂ1 is the characteristic acoustic admittance for a uniform duct of
area Â1 , defined as 1/Z0:a Â1 . Z0:a Â1 is the characteristic acoustic impedance of the
uniform duct segment of area Â1 , which is defined as
Z0:a Â1 =

3.2

ρ 0 c0
.
Â1

(3.17)

Lumped-element modelling of acoustical systems

Consider a short section of duct in which only plane-waves propagate. In section
3.1.2 and appendix A.1 we discuss how to model the wave propagation through
this duct segment using the 1D wave-equation. Alternatively, we can take a
lumped element approach. In the lumped element method, a linear continuous
system is discretised into a finite number of degrees of freedom connected by
‘lumped’ elements. A (sufficiently short) duct segment can be simplified to just
two degrees of freedom - one at each end of the duct. We now need to capture
the physics of how the pressure and velocity perturbations at the two degrees
of freedom are related. The duct segment can be characterised by three effects:
inertia, compressibility and dissipation. The term ‘lumped’ comes from the fact
that we are taking distributed phenomena and combining (‘lumping’) them into
a small number of elements that link the degrees of freedom.
By reducing the duct segment to two degrees of freedom, we neglect any wavepropagation phenomena between the two end points. As a result of this, the
lumped element model is only valid if the physical dimensions associated with
each lumped element are small compared to the shortest wavelength of interest.

3.2.1

Acoustic mass

Consider a narrow duct, in which most of the acoustic energy is stored as kinetic
energy, with only a negligible amount of potential energy due to compression.
We can approximate the duct as incompressible, such that the volume velocity
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flowing into the duct equals the volume velocity flowing out:
′
′
qin
= qout
= q′.

(3.18)

The air in a duct of length l and area Â can then be treated as a rigid lumped
mass (ρ0 Al) which is accelerated by the pressure forces on its ends. Newton’s
second law then gives
Â(p′in − p′out ) = iω(ρ0 lq ′ ),
(3.19)
in which iω is the frequency-domain equivalent of differentiation with respect to
time. Combining equations (3.18) and (3.19) in transmission matrix form yields










p′
1 −iωρ0 l/Â p′in 
 out  = 
.
′
′
qout
0
1
qin

3.2.2

(3.20)

Compliant cavity

Consider a short segment of duct in which compressive effects are dominant and
the proportion of acoustic energy that is stored as kinetic energy is negligible. We
consider only the frequency range for which the wavelengths are large compared
to the length of the duct segment. This means that the acoustic pressure
perturbations are approximately uniform throughout the segment. We can thus
treat the short duct segment as a uniform pressure cavity with constant volume
(V ) and negligible kinetic energy. If the pressure is uniform in the segment then
p′in = p′out = p′ .

(3.21)

Mass conservation dictates that the net mass flow into the volume must be
matched by density changes within the volume, which yields
′
ρ0 (qin

−

′
qout
)

∂ρ′
=V
,
∂t

(3.22)

in which ρ′ is a density perturbation and ∂ is the partial differential operator.
We now assume that the density fluctuations in the cavity are isentropic (since
the fluctuations are reversible, and occur so fast that there is no heat transfer to
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the surroundings (adiabatic)). For an isentropic process
p′ = c20 ρ′ ,
such that
p′ =

(3.23)

′
′
)
− qout
c20 ρ0 (qin
.
iωV

(3.24)

Combining equations (3.21) and (3.24) in transmission matrix form yields






1
p′
 out  = 
−iωV
′
qout
ρ0 c2
0

3.2.3





0 p′in
  .
′
1 qin

(3.25)

LEM for a Helmholtz resonator

Consider a Helmholtz resonator consisting of two segments of circular crosssection duct. Figure 3.1 shows a schematic of the system. The first segment of
duct is long and narrow, while the second is short and wide. The maximum
spatial dimension is the length of the long segment of duct lmax = x2,1 . A pressure
perturbation p′1 is applied to one end of the long duct. In this example, we
consider the response of the pressure at the far end of the short duct (p′3 ) to the
input pressure (p′1 ).

x2,1 = lmax

x
1

2

3

Fig. 3.1 Schematic of a simple Helmholtz resonator model with maximum spatial
dimension lmax = x2,1 .
The long, narrow segment (1 → 2) can be treated as an acoustic mass, while
the short, wide segment (2 → 3) can be created as an incompressible compliant
cavity. Cascading the matrices in equations (3.20) and (3.25) yields






1
p′
 3 = 
−iωV
q3′
ρ 0 c2
0







0 1 −iωρ0 lmax /Â p′1

  .
1 0
1
q1′

(3.26)
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Equation (3.26) is solved by setting q3′ = 0 and dividing through by p′1 to obtain
two equations for two unknowns. Figure 3.2 shows solutions for p′3 /p′1 for the
Helmholtz resonator in figure 3.1 computed by solving both the 1D wave equation
(solid blue line) and the LEM (dotted grey line). The pressure ratio is shown
as a function of the non-dimensional measure of frequency lmax /ň, where ň is
the wavelength. It is clear from the simulations that a lumped element model
is valid provided the maximum spatial dimension in the problem is around
ten times smaller than the longest wavelength of interest. It is possible to
capture higher modes using a lumped element model by choosing an appropriate
discretisation. It is ultimately the length-scale associated with the discretisation
that is important.

20
0
-20
-40
-60
0.01

0.1

0.25

1

Fig. 3.2 Response of the pressure at p′3 to the pressure at p′1 as a function of the
ratio of maximum spatial dimension (lmax ) to wavelength (ň) computed using
both the 1D wave equation (solid line), and a 2DOF LEM (dotted line). (See
appendix A.2 for details of the 1D wave equation solution.)

3.2.4

Application to sensors at the human chest

The primary relevant frequencies for auscultation are usually stated to extend
from 20-60 Hz to around 600 Hz [82, 84]. Most of the energy in heart sounds can
be found below 100 Hz [93], while lung sounds are typically dominant from 100
to 1000 Hz [93, 145] (-1500 Hz [163]). Some abnormal wheezes can extend up
to 5 kHz [145], but in general stethoscope performance above around 3 kHz is
considered unimportant.
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Depending on the medium of interest, this frequency range corresponds to
different wavelengths. The speed of sound in air at room temperature is around
340 m/s [28] while the speed of sound for compression waves in human body
tissue is typically between 1500 and 1600 m/s [154]. At 3 kHz the wavelength of
sound in air is around 11 cm, while in human soft tissue it is around 50 cm. The
physical dimensions of a sensor (excluding the tubing in the case of an acoustic
stethoscope) rarely exceed a few centimetres so it is reasonable to model the
system using a lumped element discretisation [163].

3.3

Lumped-element modelling of mechanical
systems

The lumped element method can be applied to mechanical systems by discretising
the systems into a finite number of degrees of freedom which are linked by various
types of lumped-element such as springs, dashpots and inerters. The combination
of lumped elements chosen to model the properties of a material is referred to as
a constitutive model [45]. The lumped elements exert forces on the degrees of
freedom and, by considering the force balance at each degree of freedom, a set of
equations can be written for the system.
Figure 3.3 introduces the symbols (k, λ and b) used for stiffness (springs), viscous
damping (dashpots) and inertance (inerters) throughout this thesis. Dot notation
is used to denote differentiation with respect to time. The figure also shows the
forces exerted by each element on the degrees of freedom to which it is connected.
Assuming the motion of each degree of freedom can be expressed in harmonic
form as xi = Xi eiωt , the force balances can be expressed in matrix form as
[A]x = f ,

(3.27)

where [A] is a matrix containing all the information about how the degrees of
freedom are linked by the lumped elements, x is a vector of the displacements
and f is a vector of the external forces applied to each degree of freedom.
For an undamped system λ = 0 and k is purely real. In practical structures
damping occurs through a variety of complicated mechanisms which typically
cannot be accurately modelled in detail [31]. There are two simple models for
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damping which are commonly used in vibration analysis. Viscous damping gives
a dissipative force (fλ ) proportional to velocity and is modelled by dashpots
fλ = λẋ. Structural damping gives a dissipative force proportional to displacement
and is modelled by complex stiffness k → k(1 + iη), where η is the ‘loss factor’.
k1,2 (x2
x2
k1,2

x2
=

k1,2 (x1

x1

x2

1,2 (ẋ1

x1

ẋ2 )
x1

b1,2 (ẍ2
x2

x1

ẋ1 )
x2

=

b1,2

x2 )
x1

1,2 (ẋ2

1,2

x1 )

ẍ1 )
x2

=

b1,2 (ẍ1

ẍ2 )
x1

Fig. 3.3 Standard mechanical lumped elements connecting two degrees of freedom
(x1 and x2 ). Stiffness (k1,2 ), viscous damping (λ1,2 ) and inertance (b1,2 ). The
left-hand side of the figure shows the symbols used for each element type. On
the right-hand side the elements are replaced by the forces that they exert on
the degrees of freedom to which they are connected.
Mass (m) is a special case of an inerter with one terminal connected to ground.
This reflects the fact that it is the absolute acceleration of a mass that gives a
force according to Newton’s second law of motion.
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=
m1

x1

b1,0 = m1

=
x1

m1 ẍ1
x1

Fig. 3.4 Lumped element model for (mechanical) mass. Mass at a degree
of freedom is equivalent to an inertance between that degree of freedom and
(mechanical) ground.
A variety of constitutive models have been proposed to model the behaviour of
viscoelastic materials. The simplest constitutive models are the Maxwell model
(spring and dashpot in series), and the Kelvin-Voigt model (spring and dashpot
in parallel) [45]. Both of these models struggle to capture the key properties
of viscoelastic materials, so a succession of more complex models have been
proposed [45]. The Standard Linear Solid Model and the Generalised Maxwell
Model make use of more spring and dashpot elements to improve the match
to physical behaviour [45]. More recently ‘springpots’ (fractional-order lumped
elements) have been employed [18] to deal with the limitations associated with
springs and dashpots and reduce the number of separate elements needed between
two degrees of freedom.

3.4

Frequency response functions

In order to characterise the dynamic response of an oscillating mechanical
system we consider the harmonic response of a kinematic quantity (such a
displacement, velocity or acceleration) to a harmonic excitation force. The ratio
of the response to the excitation as a function of frequency is called a frequency
response function (FRF). The FRF definitions corresponding to acceleration,
velocity and displacement are given in table 3.2.
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Table 3.2 Terminology for frequency response functions.
Term

Symbol

Definition

Accelerance

Ha (ϕ, ψ, ω)

−ω 2 Xϕ (ω)
Fψ (ω)

Admittance

Hv (ϕ, ψ, ω)

iωXϕ (ω)
Fψ (ω)

Compliance

Hx (ϕ, ψ, ω)

Xϕ (ω)
Fψ (ω)

In table 3.2, Ha (ϕ, ψ, ω) refers to the accelerance evaluated for observation at the
ϕth coordinate, when subject to excitation at the ψth coordinate, as a function
of frequency (ω). Fψ (ω) refers to the force applied at the ψth coordinate, while
Xϕ (ω) refers to the displacement at the ϕth coordinate. By taking the ratio of
force to response we can also define three inverse FRFs, which are shown in table
3.3.
Table 3.3 Terminology for inverse frequency response functions.
Term

Symbol

Definition

Dynamic mass

Md (ψ, ϕ, ω)

Fψ (ω)
−ω 2 Xϕ (ω)

Mechanical impedance

Z m (ψ, ϕ, ω)

Fψ (ω)
iωXϕ (ω)

Dynamic stiffness

Kd (ψ, ϕ, ω)

Fψ (ω)
Xϕ (ω)

Tables 3.2 and 3.3 define FRFs and inverse FRFs in the mechanical domain. The
same functions can be defined in the specific or acoustical domains by applying
the appropriate area scaling. The nomenclature introduced in these tables is
used as stated for the mechanical domain, while superscripts s and a are added
for the specific and acoustical domains respectively. Thus, for example, the
acoustical compliance FRF is denoted by Hxa . The exception is impedance, for
which there is no subscript, and the domain is noted by a superscript in all cases
(Z m , Z s , Z a ).
FRFs and inverse FRFs both have their uses in modal analysis. FRFs enable
simple modelling of systems as a summation of modal responses (see section
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5.2.1), while driving point inverse FRFs can be linked directly to the spatial
properties (mass, stiffness and viscous damping) of the system (see section 3.4).

3.4.1

Single degree of freedom damped oscillator

Consider a single degree of freedom system described by the displacement x1
of the degree of freedom, as shown is figure 3.5. A force balance at x1 yields
F1 = (k1,0 + iωλ1,0 − ω 2 m1 )X1 . The (driving point) inverse FRFs can therefore
be evaluated as:
Md (1, 1, ω) = −

k1,0 λ1,0
+ m1
+
ω2
iω

k1,0
+ λ1,0 + iωm1
iω
Kd (1, 1, ω) = k1,0 + iωλ1,0 − ω 2 m1

Z m (1, 1, ω) =

(3.28)
(3.29)
(3.30)

In equations 3.28 to 3.30, λ1,0 is non-zero for viscous damping and k1,0 is complex
for structural damping.

k1,0

1,0

m1

x1

f1

Fig. 3.5 Schematic of single degree of freedom damped oscillator.
Figure 3.6 shows the inverse FRFs as functions of (normalised) frequency for the
system in figure 3.5. At low frequencies, the spring dominates the response of
the system. In the dynamic mass plot this is characterised by a region with a
slope of -40 dB/decade. In the mechanical impedance plot, multiplication by iω
turns this into a slope of -20 dB/decade, and in the dynamic stiffness plot this
region is characterised by a constant value (equal to the stiffness of the spring).
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q

At ω = k1,0 /m1 the system resonates (resulting in a trough in the inverse FRFs),
and we see a shift from a stiffness dominated response to a mass dominated
response. At the resonance the phase of the impedance is 0 degrees, as the
imaginary terms from the mass and stiffness cancel. The magnitude of the
mechanical impedance at resonance therefore depends only on the damping
factor.
At high frequencies the system is mass dominated. The phase of the dynamic
mass tends to zero and the magnitude tends to a constant value equal to the
mass (in dB) at the driving point x1 .
The magnitude, slopes and phase angles that we see at frequencies where the system is dominated by a certain component generalise to any system. Furthermore,
for any system, a trough in an inverse FRF relates to a shift from a stiffness
dominated system to a mass dominated system.

Fig. 3.6 Bode plot of the driving point dynamic mass, mechanical impedance
and dynamic stiffness for the system in figure 3.5. The decibel reference values
are the values of m1 , λ1,0 and k1,0 used in the simulation. These are mref = 1 kg,
λref = 10 kg s−1 and kref = 10 kN m−1 . The grey dotted line represents a pure
mass, the grey dot-dash line represents pure viscous damping and the grey dashed
line represents pure stiffness.
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We now illustrate some dynamic phenomena and show the signatures these leave
on the driving point inverse frequency response function plots. These phenomena
are evident in many of the experimentally measured FRFs in this thesis and are
crucial in the coupling of sensors to the human chest.

3.4.2

‘Mass locking’

Consider a simple two-degree-of-freedom system, in which the ground link in
figure 3.5 has been replaced by a second mass m2 that is free to move. As there
is no ground connection, the first resonance is at ω1 = 0 Hz and corresponds to
rigid body motion of the entire system. The system is driven by a force f1 which
is applied to m1 . Allowing for viscous damping by including a dashpot (λ1,2 ),
the governing equations can be expressed in matrix form as






















m
0  ẍ1   λ1,2 −λ1,2  ẋ1   k1,2 −k1,2  x1  f1 
 1
+
+
=
.
0 m2 ẍ2
−λ1,2 λ1,2
ẋ2
−k1,2 k1,2
x2
0
(3.31)
At low frequency the response is dominated by the net mass (m1 + m2 ). As the
frequency increases the response then moves through a peak in dynamic mass as
m2 resonates with k1,2 . The undamped antiresonance frequency is
s

ω− 1 =

k1,2
.
m2

(3.32)

Above ω− 1 , m2 effectively stops moving and becomes ‘locked’. This means that
the mass m2 has a negligible effect on the high frequency driving point response of
the system. Above ω− 1 , the response is dominated by the stiffness (k1,2 ) between
the driving point and the locked mass m2 . The peak in dynamic mass at ω− 1 is
followed by a trough at the second natural frequency of the combined system
(ω2 ). For an undamped system this frequency is given by:
ω2 =

v
u
u k1,2 (m1
t

+ m2 )
.
(m1 m2 )

(3.33)
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x2

m2

k1,2

1,2

m1

x1

f1

Fig. 3.7 Two degree of freedom lumped element mechanical system to demonstrate
‘mass locking’.
Beyond this resonance, the base mass dominates over the stiffness. On the
dynamic mass plot (figure 3.8) the effect of these two resonances is that we
move from a low frequency plateau at the combined mass of the system to
a high frequency plateau related to the base mass only. Between these two
mass-dominated plateaus there is an intermediate region in which stiffness effects
dominate.
The distance between the two peaks is determined by the relative magnitude of
the two masses. If m2 ≪ m1 the gap tends to zero, while if m1 ≪ m2 the gap
tends to infinity. This can be verified by inspection of equations 3.32 and 3.33.
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Fig. 3.8 Driving-point dynamic mass for the system in figure 3.7. Decibel
reference values are the values of m, λ and k used in the simulation. These are
mref = m1 = 0.01 kg, λref = λ1,2 = 1 kg s−1 , kref = k1,2 = 10 kN m−1 . In this
simulation m2 = 10m1 . The net system mass (m1 + m2 ) is given by a horizontal
black dot-dashed line. The driving point mass (m1 ) is given by a horizontal black
dashed line. The frequency axis is normalised by ω− 1 (see equation 3.32). The
vertical dotted red line corresponds to the first antiresonance, while the vertical
dashed red line corresponds to the second resonance (see equation 3.33).

3.4.3

‘Stiffness Shedding’

Mass-locking gives rise to another phenomenon which we refer to as ‘stiffnessshedding’. If a mass in the system ‘locks’, then any stiffnesses ‘beyond’ that
mass (as seen from the driving point) no longer affects the driving point response
of the system. In figure 3.9 the two-degree-of-freedom system in figure 3.7 is
modified by adding a spring and a dashpot between x2 and mechanical ground.
k1,2

k2,0

f1
m2

m1

2,0

1,2

x1

x2

Fig. 3.9 Two degree of freedom lumped element mechanical system to demonstrate
‘stiffness shedding’.
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The driving point dynamic stiffness FRF for the system in figure 3.9 is shown
in figure 3.10. There is a low frequency plateau in dynamic stiffness with a
magnitude that matches the net stiffness of the system knet = k1,2 || k2,0 . The
symbol || denotes the parallel combination of the two terms such that
k1,2 || k2,0 =

k1,2 k2,0
.
k1,2 + k2,0

(3.34)

At intermediate frequencies (ω− 1 < ω < ω2 ) there is a second plateau in dynamic
stiffness, corresponding only to the stiffness ‘below’ the ‘locked’ mass (k1,2 ). For
the case shown, the plateau is cut off by the next resonance of the system (ω2 ).

Fig. 3.10 Driving-point dynamic stiffness for the system in figure 3.9, using the
parameter values given in appendix D.2. The decibel reference value is kref = k1,2 .

3.5

Electrical analogy

In section 3.1 we discuss the way in which acoustical, mechanical and electrical
systems can all be described in the same manner using the concepts of potential,
flow and impedance. This gives rise to an analogy: any system for which the
governing equations can be expressed in terms of flow, potential and impedance
can be converted into an equivalent electrical circuit. There are two forms of the
electrical-analogy. In the impedance analogy impedances in the original physical
domain become electrical impedances, while in the admittance analogy it is
admittances in the original physical domain that become electrical impedances.
This means that in the impedance analogy electrical flow and potential represent

Mathematical foundations

52

flow and potential in the original system, while for the admittance analogy
potential and flow are switched.
Table 3.4 Equivalence of terms in the electrical impedance analogy. The superscripts e , m and a denote terms in the electrical, mechanical and acoustic
domains.
Electrical

Mechanical

Acoustic

υe
ιe
ze
Le
Re
Ce

f
ẋ
zm
m
λ
1/k

p′
q′
za
ma = ρ0 l/Â
Ra
1/k a ∗ = V /ρ0 c20

∗

The capacitance corresponding to an acoustic stiffness (k a ) must always have one terminal
grounded.

Table 3.5 Equivalence of terms in the electrical admittance analogy.
Electrical

Mechanical

Acoustic

υe
ιe
ze
Le
Re
Ce

ẋ
f
ym
1/k
1/λ
b or m∗

q′
p′
ya
1/k a = V /ρ0 c20
1/Ra
ma = ρ0 l/Â

∗

The capacitance corresponding to mass (m) must always have one terminal connected to
ground, the true admittance-analogue of capacitance is inertance (b).

3.5.1

A note on notation

There is a fundamental difference between frequency response functions and
lumped parameter values despite the fact that they have the same physical
m
dimensions. For clarity, let us emphasis that Md:ϕ,ψ (ω), Zϕ,ψ
(ω) and Kd:ϕ,ψ (ω)
are the (inverse) FRFs between an excitation force at ϕ and acceleration, velocity
or displacement at ψ. On the other hand, bϕ,ψ , λϕ,ψ and kϕ,ψ are the lumped
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inertance, viscous damping and stiffness between points ϕ and ψ. The lumped
mass mϕ is equivalent to a lumped inertance between ϕ and ground (mϕ = bϕ,0 ).
We also introduce a general lumped impedance zϕ,ψ , which is defined in the same
way as λϕ,ψ , but is permitted to be complex and frequency dependant, such that
the real part can capture any damping terms, while the imaginary part captures
mass and stiffness terms.

3.5.2

Mechanical systems

When dealing with mechanical systems, the admittance analogy is the most
intuitive as it preserves the topology of the system (i.e. the way in which the
elements are connected), in contrast to the impedance analogy which does not.
Circuit-manipulation techniques can be used to convert between the analogies as
shown by the example in this section (see also [6]).
Consider a simple point mass under the action of two forces fa and fb , as shown
in figure 3.11. By rearranging Newton’s second law to
X

f − mẍ = 0 ,

(3.35)

the acceleration of a lumped mass can be modelled as a d’Alembert (inertia)
force (−mẍ).
Now consider the admittance analogy for the system. The d’Alembert force is
always related to the absolute acceleration of the mass, so the electrical component
representing the lumped mass is a capacitance between the nodes corresponding
to x1 and ground. Mass is therefore not the true analogue of capacitance. This
role is attributed to a fairly recently defined mechanical device called an ‘inerter’
(see [138, 139]). An ‘inerter’ gives a force proportional to the relative acceleration
between its two ends, and can thus be represented in the admittance analogy as
a capacitance between any two nodes.
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x1

fb

fa

m
mẍ1

Fig. 3.11 Schematic of point mass under the action of forces. The acceleration of
the point mass has been expressed as a d’Alembert (inertia) force.
Figure 3.12 shows the admittance analogy circuit for the point mass in figure 3.11.
The sum of currents into node ï1 represents the force balance at coordinate x1 .
The current flowing through the capacitor (ι = mẍ1 ) represents the d’Alembert
force on the mass.
fa

fb

ï1
mẍ1

1
i!m

ẋ1

Fig. 3.12 Admittance analogy circuit for the point mass in figure 3.11.
As a more complete example of the method, figure 3.13 gives the admittance
analogy for the lumped element mechanical system in figure 3.9. The topology
of the system has been conserved, and the impedances in the electrical circuit
are given by the mechanical admittances of the lumped elements.
i!/k1,2
ï1

ï2

f1
ẋ1

1 1/
i!m1

1,2

ẋ2

1
i!m2

1
2,0

i!
k2,0

Fig. 3.13 Admittance analogy circuit for the two-degree-of-freedom lumped
element system in figure 3.9.
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An admittance analogy circuit can be converted into an impedance analogy
circuit by taking the ‘dual’ of the circuit. The method for doing this is described
in appendix A.3 (see also (Beranek, 2012) [6]). When performing this conversion,
potentials and flows switch and impedances are replaced by their inverse. The
topology of the circuit changes, such that the sum of flows into a node becomes
the sum of potentials in a loop. For example, the forces modelled as currents
‘flowing’ into node ï1 in figure 3.13 become the voltages across the components
in loop1 in figure 3.14. In general, we see that components in parallel in the
admittance analogy circuit are in series in the impedance analogy circuit and
vice versa.
ẋ1

f1

⇠

i!m1

loop1

i!m2

ẋ2
1,2

2,0

k1,2
i!

k2,0
i!

Fig. 3.14 Impedance analogy circuit for the two-degree-of-freedom lumped element
system in figure 3.9.

3.5.3

Acoustic systems

For acoustic systems, it is the impedance analogy that preserves the topology of
the system (see e.g. [6]). For example, the Helmholtz resonator in figure 3.1 can
be converted into the impedance analogy circuit in figure 3.15, with the topology
of the components conserved (the two lumped elements remain in series).
q10

p01

⇠

i!⇢0 l2,1 /Â

⇢0 c20
i!V

q30

p03

Fig. 3.15 Impedance analogy circuit for the simple Helmholtz resonator in figure
3.1.
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3.5.4

Two port formalism and transmission matrices

The theory of two-ports is outlined in section 3.1. Taking υϕ and ιϕ to represent
potential and flow at location ϕ, the forwards transmission matrix for a general
lumped series impedance (zseries ) can be expressed as










υ
1 −zseries  υ1 
 2 = 
,
ι2
0
1
ι1

(3.36)

while the transmission matrix for a general lumped parallel impedance (zparallel )
is given by
 

 
υ
1
0
υ
 2 = 
  1 .
(3.37)
ι2
−1/zparallel 1 ι1
It is important to make a distinction between the electrical analogy and the
two-port method. The two-port method is a mathematical technique that can
only be used to provide a solution for the response of systems with a single
predetermined pathway for wave propagation. The electrical analogies, on the
other hand, are fundamental analogies for the governing equations and are valid
for any lumped system.
In order to convert an electrical circuit into the required two-port formulation
it may be necessary to rearrange the circuit without altering the topology of
the components. For example, if we are interested in the force in spring k1,2 in
the two-degree of freedom example from figure 3.9, then the impedance analogy
circuit in figure 3.14 needs to be rearranged into the circuit shown in figure 3.16.
ẋ1

i!m1

1,2

ẋ = 0

i!m2
f1

2,0

k1,2
i!

fk1,2

k2,0
i!

Fig. 3.16 Rearrangement of circuit in figure 3.14 into a two-port formulation for
the force in spring k1,2 . The dots represent the boundaries between adjacent
two-ports.
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By taking the two-port matrix for each of the four two ports in figure 3.16, the
circuit can be expressed as a cascaded set of multiplied transmission matrices:
















f
1
0 1 −λ1,2   1
0 1 −iωm1   f1 
 k1,2  = 
, (3.38)
0
−iω/k1,2 1 0
1
−1/z2,0 1 0
1
ẋ1
where
z2,0 = iωm2 + λ2,0 + k2,0 /iω .

3.5.5

(3.39)

Boundary conditions

The boundary conditions in a physical system are represented by load impedances
in equivalent circuits. For the impedance analogy, an unconstrained node in
a mechanical system and an open duct (with no radiation impedance) in an
acoustic system are both represented by a short-circuit (zero impedance), as there
is no output potential. A ground-link in a mechanical system and a rigid wall in
an acoustic system are both represented by an open-circuit (infinite impedance)
in the impedance analogy equivalent circuit as there is no output flow. For
the admittance analogy the opposite is true: open ducts and unconstrained
ends are represented by open-circuits, while ground-links and rigid walls become
short-circuits.

3.5.6

Coupling

The advantage of using electrical analogies to model physical systems lies in the
ease of coupling different types of system within a single mathematical framework.
k1,2
f1

m2

m1

V

1,2

x1

Fig. 3.17 Schematic of a coupled mechano-acoustic system.
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We now consider the coupling of a mechanical system to an acoustic system.
For this example, we modify the system in figure 3.9, replacing the spring and
dashpot to ground with a small volume of constrained air upon which the mass
m2 acts as a piston. This setup is shown schematically in figure 3.17. Neglecting
dissipation in the constrained volume of air, and assuming that the dimensions
are appropriate for a lumped element model, we now have two coupled systems:














f
1 −iωm2   1
0 1 −iωm1   f1 
 2 = 
,
ẋ2
0
1
−1/z1,2 1 0
1
ẋ1
and









(3.40)



p′
1
0 p′2 
 2 = 
,
0
−iωV /ρ0 c20 1 q2′

(3.41)

z1,2 = λ1,2 + k1,2 /iω .

(3.42)

where

For convenience we represent both the mechanical and acoustic domains using
electrical-impedance-analogy circuits. The uncoupled impedance analogy circuits
of the two sub-systems are shown in figure 3.18.
ẋ1

i!m1

i!m2

q20

ẋ2

1,2

f1

⇠

k1,2
i!

f2

p02

⇢0 c20
i!V

Fig. 3.18 Uncoupled impedance analogy circuits for the mechanical and acoustical
sub-systems in figure 3.17.
The systems are coupled by considering the relationships between f2 and p′2 and
between ẋ2 and q2′ . In both cases this depends on the surface area of the piston
(Â):
p′2 = f2 /Â ,
(3.43)
q2′ = ẋ2 Â ,

(3.44)

f2
p′
= Â2 2′ .
ẋ2
q2

(3.45)
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These relationships can be represented in the impedance analogy by a transformer
with a ratio of Â : 1. As shown in figure 3.19, the two separate physical systems
are now included within a single circuit.
i!m1

ẋ1

i!m2

ẋ2

Â : 1

q20

1,2

f1

⇠

⇢0 c20
i!V

k1,2
i!

p02

Fig. 3.19 Coupled impedance analogy circuit for system in figure 3.17. A transformer with a ratio of Â : 1 is used to model the coupling between the mechanical
and acoustical systems.
To simplify the coupled circuit we can transfer all terms to one side of the
transformer. To transfer impedance terms across a transformer they are multiplied
by the square of the transformer ratio. For example, to transfer the acoustical
stiffness term to the mechanical side it must by multiplied by (Â/1)2 . The
resulting circuit is shown in figure 3.20.
ẋ1

i!m1

i!m2

ẋ2 = q20 /Â

1,2

f1

⇠

⇢0 c20 Â2
i!V

k1,2
i!

p02 Â

Fig. 3.20 Coupled impedance analogy circuit for system in figure 3.17, with
acoustical terms converted to mechanical terms by transferring them across the
transformer in figure 3.19.
In this case there is a single, predetermined pathway for wave propagation, and
the system can be expressed in two-port form as
1
0 1 −iωm2
p′ Â
1
0 1 −iωm1   f1 
 2 =


.
−iωV
1 0
0
1
−1/z1,2 1 0
1
ẋ1
ρ0 c2 Â2








0









(3.46)
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When transferred to the mechanical side the stiffness of an air cavity is given by
equation (3.47). For systems which are predominantly mechanical but include
air cavities, this stiffness can be used directly in the mechanical model without
formally working through the mathematics in this section:
ρ0 c20 Â2
.
ka =
V

3.5.7

(3.47)

Norton and Thévenin’s theorems

Norton and Thévenin’s theorems allow us to represent large sections of a linear
circuit in terms of a single impedance term and a single source term [6]:
Norton’s theorem:
Any linear circuit consisting of both energy sources and impedances can be replaced
by a single current source in parallel with a single impedance.
Thévenin’s theorem:
Any linear circuit consisting of both energy sources and impedances can be replaced
by a single voltage source in series with a single impedance.
zThé

linear
network

zl

=

⇠

fThé

zl

=

ẋNor
zThé

Fig. 3.21 Circuit representation of Thévenin and Norton’s theorems for a mechanical impedance analogy circuit. Any linear network (left) can be replaced
by a force source in series with an impedance (centre) or a velocity source in
parallel with an impedance (right).
The ‘Norton current’ is the current that flows at the load terminals when these
are connected by a short-circuit (zero impedance). The ‘Thévenin voltage’ is the
voltage across the load terminals when the load is replaced by an open-circuit
(infinite impedance). The ‘Norton impedance’ is equivalent to the ‘Thévenin
impedance’ (zThé ), and is the impedance that would be ‘seen’ at the load terminals

zl
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when all voltage sources are shorted and all current sources are replaced by open
circuits.
Due to the analogy that exists between linear circuits and lumped mechanical/acoustical systems, Norton and Thévenin’s theorems must apply to these
systems too. For example, for a mechanical system the Norton velocity (ẋNor ) is
the velocity at the output of the source system when the source is not connected
to any load. The Thévenin force (fThé ) is the force applied by the source on a
completely constrained load. The Norton/Thévenin impedance is the impedance
seen at the output terminals of the source when all external force and velocity
inputs are inactive.
In a practical mechanical system, none of these quantities can be measured
directly. If, for example, we wanted to characterise the chest using Thévenin’s
theorem, we would need to measure the pressure exerted on a surface that is
constrained to zero motion. In practice, we cannot measure pressure without
some finite displacement. Direct measurement of the Thévenin impedance is also
impossible as, in a living subject, there is no way of ‘switching off’ all of the
source terms (such as the heart beat, lung sounds and background vibration).
Despite not being amenable to direct measurement, Norton and Thévenin’s theorems can provide a useful way of comparing results from different measurements
on the chest. Several authors have proposed the use of the Norton surface velocity
[163], or the Thévenin ‘stop-surface’ pressure [142] as the reference quantities
to be used when comparing sensors. However, Vermarien and Vollenhoven [153]
make an important point that limits the applicability of these theorems to stethoscope acoustics: the impedance of the chest is altered by the application of a
sensor. This means that it is not possible to use Norton and Thévenin equivalent
circuits in the traditional manner. Norton and Thévenin’s theorems are, by
definition, limited to linear systems, but the human chest is not linear. The
impedance ‘seen’ by a load applied to the chest is a function of the load itself.
In chapter 4 we show that the chest-stethoscope system can be linearised for
small perturbations about an equilibrium position, which means that Norton
and Thévenin’s theorems can be applied to these perturbations.
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3.6

Summary

In this chapter we outline the techniques required for modelling mechanical and
acoustic systems using the lumped element method (LEM). The LEM is valid
provided the spatial dimensions of the system are small compared to the shortest
wavelengths of interest, which we have shown to be the case for stethoscopes
(with the exception of the tubing).
We introduce definitions for frequency response functions (FRFs) between applied
excitation and the resulting motion of a system. There are three characteristic
features on FRF plots that play an important role in the interpretation of the
experimental data in later chapters of this thesis: a single degree of freedom
resonance, ‘mass-locking’ and ‘stiffness-shedding’. We show how these features
arise using simple lumped element models and describe their characteristic
features on FRF plots.
This chapter also lays out the electrical impedance and admittance analogies,
which can be used to transform acoustic and mechanical systems into equivalent
circuits. The benefits of this method are that it allows straightforward coupling
between the acoustic, mechanical and electrical domains and that it enables
a straightforward visualisation of the resulting coupled circuits. Furthermore,
the impedance analogies enable the use of linear circuit analysis techniques to
manipulate and interpret models. In particular, we discuss the use of the two-port
method, in which transmission matrices are used to describe the propagation of
waves through the chest-stethoscope system.
The methods and terminology introduced in this chapter underpin the analysis
in the remainder of this thesis, and the concepts discussed herein are utilised
without further introduction.

Chapter 4
Developing a theory for
stethoscope acoustics
Stethoscopes are characterised by three human-sensor interactions: the interaction
between the chest and the sensor, the holding of the sensor by the user and
finally the interaction between the sensor and the ear.
chest

sensor

hand

ear

Fig. 4.1 Three human-stethoscope interactions. The nodes represent the stethoscope, the chest of the patient and the hands and ears of the clinician. The
vertices represent the interactions between these nodes.
We argue that considering the nodes in figure 4.1 in isolation tells us little about
the performance of stethoscopes. Instead, we need to address the vertices and
develop a model for the entire coupled system.
In this chapter we consider what is meant by ‘the performance’ of a stethoscope
(section 4.1), and then develop lumped-element models for direct contact sensors
(section 4.2) and air-coupled sensors (sections 4.5 - 4.6) on the chest. To place this
new theoretical work in context, we present (in section 4.3) a detailed technical
review of the successes and shortfalls of existing models for stethoscope acoustics
by Vermarien and van Vollenhoven [153], Kaniusas [67], Wodicka et al. [163],
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Suzuki and Nakayama [142, 143] and Joyashiki and Wada [65, 66]. In section 4.4
we lay out a new theoretical approach to the coupled chest-stethoscope system
which informs the low-order models derived in sections 4.5 - 4.6. The models
proposed in this chapter are validated and explored in the remainder of this
thesis.

4.1

Characterising stethoscope performance

The performance of a contact sensor can be characterised by comparing the
measured variable-value to one of two references:
1. The actual value of the variable when the sensor is applied to the test piece.
2. The value that the variable would take if the sensor was not there.
The first of these is a property of the sensor itself and is typically defined as the
‘sensitivity’ of the sensor. The second is a property of the entire coupled system
(consisting of both the sensor and the test-piece).
When characterising the performance of stethoscopes on the chest there are three
crucial difficulties: sensor-impedance effects, non-linearity in the mechanical
properties of the chest (with respect to the static load applied), and the difficulty
in defining a suitable reference.

4.1.1

Sensor impedance (‘added mass’) effects

To illustrate the effect of sensor impedance on a system we consider the simple
single-degree-of-freedom (henceforth ‘SDOF’) system shown in figure 3.5. The
solid blue line in figure 4.2 shows the driving-point admittance FRF for this
system. When we connect a sensor to this system in order to measure this FRF
we alter the system. These alterations are discussed in detail in section 4.2.
The green dotted line in figure 4.2 shows the driving point response of the new
system. The key feature we can observe is that the original SDOF resonance
shifts to a lower frequency. This is an example of a more general result: if we
add mass to a system, we lower the resonance frequencies of all modes [87]. We
can also observe that the amplitude of the peak in the coupled system is lower
than that of the SDOF resonator. This is because we have additional sources
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of damping in the sensor and at the system-sensor interface. At frequencies
above the SDOF resonance we can see that the mass plateau (the level of the
-20 dB/decade roll-off) differs from the unloaded case. At higher frequencies
we observe a mass-locking effect and the coupled response tends towards the
unloaded response (until, at much higher frequencies not shown here, the internal
resonance of the sensor begins to affect the response).

Fig. 4.2 Bode magnitude plot of the simulated admittance frequency response
function for the SDOF oscillator from figure 3.5, with and without an added
accelerometer. The model for the accelerometer is as described in section 4.2.1.
Details of the simulation are given in appendix D.3. The decibel reference value
is 1/λ1,0 (as defined in D.3).
The phenomenon described here is an example of what is commonly referred to
as an ‘added-mass effect’. If the impedance of the sensor is significant compared
to the local properties of the test structure, then the response deviates from the
unloaded response.

4.1.2

Discrepancy between assumed and actual measurement

A further issue can arise if we think of a device as measuring a certain variable
when it is, in fact, measuring a different variable. In section 4.1.1 we assume that
the accelerometer gives a perfect measurement of the acceleration of the structure
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on which it is mounted. In reality, the voltage output from an accelerometer is
proportional to the deformation of the piezoelectric crystal within the accelerometer. In section 5.3.1 we show that this deformation is linearly proportional to
the acceleration of the ‘seismic mass’ (see figure 4.3). However, the acceleration
of the seismic mass differs from the acceleration of the test-structure.
The grey dashed line in figure 4.2 shows the simulated admittance FRF based on
the acceleration measured by the accelerometer (Ẋa /F1 ). At low frequency this
matches well with the loaded response of the test-structure (the green dotted line).
However, at higher frequencies the two responses begin to differ. The measured
response does not capture the anti-resonance seen at the driving point. After the
second system resonance the measured response falls off sharply. This is because
the accelerometer mass effectively ‘locks’ at these frequencies (evidence of this
can also been seen in the mass-locking phenomenon observed in the driving-point
response).

4.1.3

Non-linearity of the chest with respect to static
load

In the example in figure 4.2 we assume that the properties of the SDOF resonator
remain unchanged when the sensor is added. Previous work by other researchers
(see e.g. [5, 56, 148, 153, 154]), and our measurements (in chapter 7) suggest that
this is not the case for the chest. The mechanical properties of the chest exhibit a
significant dependance on the static load applied. The effect of this non-linearity
on the response of accelerometers on the chest has been partially investigated
by Vermarien and van Vollenhoven, but (to our knowledge) the effects of chest
non-linearity on air-coupled stethoscopes have not yet been investigated.

4.1.4

Difficulty in defining a reference

In the preceding sections we discuss some of the ways in which measurements
made by sensors can deviate from the reference response that they aim to capture.
For measurements of acoustic biosignals on the chest surface there is an additional
complication: there is no clearly defined reference signal.
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When investigating the acoustic signal obtained at the ear-pieces of an analogue
stethoscope, it is important to consider with what these pressure perturbations
should be compared. Possible examples of references include the pressure perturbations transmitted to the air if no stethoscope is present, the average velocity
or volume velocity of some area of the unloaded chest surface, or a vibration
defined somewhere within the body. In all of these cases there is a degree of
arbitrariness in the definition, and there is no obvious ‘correct’ answer.
The literature depicts two main approaches to choosing references: the ‘unloaded
surface motion’ (see e.g. [153, 157, 163, 142]) and the ‘stop-surface pressure’ (see
e.g. [142]) which is the pressure perturbation that would be seen at the surface
if this were loaded with an infinite impedance.
If we take the ‘unloaded surface motion’ as the reference, then we are faced
with the issue that the motion of the chest surface is non-uniform. Non-uniform
surface motion means that the value of the reference depends on the area which
it is averaged over. This causes difficulties when comparing sensors with different
contact areas. Even for a single stethoscope it is unclear whether we should
pick the contact area between the chest and the entire chestpiece (including the
rim) or just the contact area between the chest and the air-cavity to define the
reference value. The fact that the reference, by nature, cannot be measured
simultaneously with the actual sensor response also presents difficulties.
The ‘stop-surface pressure’ [142] is defined for a particular contact area, and
can therefore be used to compare sensors of a given contact area. However, as
for the unloaded-surface response, it is not possible to simultaneously measure
the ‘stop-surface pressure’ and the actual response of a sensor. Furthermore, an
infinite passive load impedance does not actually define a single reference, as
there is still an arbitrary static load which influences the response (see section
4.2.4 for more detail on this).The ‘stop-surface pressure’ reference thus needs to
be defined for a stated contact area and application force in order to be a valid
reference. This has not been done in the literature.
If we take a reference point within the body, then, beyond the fact that this
makes direct measurement of the reference very difficult, we need to consider
that different body sounds have different physical origins within the chest. The
location within the body that is picked as the ‘reference’ is largely arbitrary.
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Concentrating on reference signals may cloud our view as to what we are actually
trying to establish. The ultimate aim is to obtain a clear signal with a high
signal to noise ratio and (arguably) limited distortion/filtering. For an analogue
stethoscope the absolute magnitude of the acoustic signal is of importance,
while for an electronic stethoscope it is only the signal-to-noise ratio (SNR)
that matters. Unfortunately, a rigorous definition of signal-to-noise ratio also
depends on having a known reference signal. Furthermore, while SNR can be
used to compare stethoscopes, we are also interested in establishing the physical
mechanisms that govern the response. For this purpose we have constructed a
‘chest phantom’: a simple laboratory model of the chest in which a reference
input can be clearly defined.

4.2

LEM for a direct contact sensor on the chest

The simplest form of stethoscope is a direct contact sensor, such as an accelerometer, which is mounted on the chest and measures the motion of the loaded
surface. The output of the sensor depends on the physical properties of both
the sensor itself and the area of the chest to which it is coupled. We start by
deriving a lumped element model for a generic direct contact sensor in section
4.2.1, and then consider how to model the impedance and excitation of the chest
in section 4.2.2. Finally, we combine the two to create a full model for the
coupled chest-sensor system.

4.2.1

Sensor

Figure 4.3 shows the general design of a pressure mode accelerometer. A typical
accelerometer consists of a housing that is attached to the test-system using
e.g. a bolt, wax or glue. The accelerometer-housing can also be held against
the test-system by hand. Within the housing there is a ‘seismic-mass’ which is
connected to the housing by a piezoelectric element. The piezoelectric element
generates an electrical charge that is proportional to the relative displacement
between the housing and the seismic mass. This relative displacement can be
shown to be proportional to the acceleration of the seismic mass (see section
5.3.1), which is used as an estimate of the acceleration of the test-system at the
measurement point. A shear mode accelerometer is designed with the seismic
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mass and piezoelectric crystal mounted in a configuration that induces shear
forces in the crystal in response to acceleration of the base. This design has
several advantages (see e.g. [10]), but can be represented by the same lumped
element model [10], so will not be treated separately here.
wire

rigid base

seismic
mass
piezoelectric
element

chest

Fig. 4.3 Simplified schematic of a pressure mode accelerometer on the chest. See
main-body text for an explanation of the components.
Figure 4.4 shows a lumped element model for a generic direct contact sensor.
The base of the sensor (i.e. the housing) has mass of ms:b , and is coupled to the
chest surface with a spring of stiffness kc,s:b . This stiffness is referred to as the
mounting stiffness, and depends on the manner of application. The piezoelectric
element between the base mass and the ‘seismic mass’ (ms:a ) has a stiffness of
ks:b,s:a The base of the sensor may also be connected to mechanical-ground by a
load impedance. In figure 4.4 the load impedance is represented by a stiffness
ks:b,0 but this can be replaced by any load impedance zload . The load impedance
could represent, for example, the sensor’s wire, or the holding of the sensor
against the chest by a clinician.
In this lumped element model, damping terms have been omitted from the
schematic for simplicity, but each spring in fact represents a suitable constitutive
model, which may also include damping and inertance.
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xs:a
ks:b,s:a
kc,s:b
ms:b

chest

xc

xs:b

ms:a
ks:b,0

Fig. 4.4 Lumped mechanical model of a generic direct sensor. xc is the displacement of the chest surface, xs:b is the displacement of the sensor base, and xs:a is
the displacement of the sensor’s seismic mass. The lumped elements are described
in the main-body text. ks:b,0 can be replaced by any complex impedance zload .

4.2.2

Chest

The human chest is a complex, distributed, three-dimensional system. When
we talk about including ‘the chest’ in our lumped element model of the coupled
chest-sensor system we are not trying to capture the chest as a whole, but rather
the chest as ‘seen’ by the sensor. Accordingly, our lumped element model for ‘the
chest’ depends on the sensor used. In particular, the chest model is a function
of the contact area, the contact type (rigid or deformable) and the static load
from the sensor. A further complication stems from the fact that there is also
a dependance on the location of the sensor on the chest, on the anatomy and
posture of the person, and even on the breathing cycle. In this thesis the term
‘chest’ is used as a general placeholder for any part of the human body that a
stethoscope is used on. It is impractical to take measurements on every person,
in every position, at every location throughout each section of the breathing cycle.
Therefore, trends need to be established with respect to contact area, contact
type and static load, for a representative case, with insight into the variability
introduced by other factors.
By applying Thévenin’s theorem, we assume that the chest is a linear system.
The properties of the chest are non-linear with respect to the static load applied
[153, 154]. However, the force fluctuations due to body sounds are small compared
to the static equilibrium forces, and as such can be treated as small linearised
fluctuations about an equilibrium position in a non-linear system. This means
that we can use a single source term and a single impedance term to characterise
‘the chest’, but that the dependance of these terms on contact area, contact
type and static load needs to be considered for each individual sensor in each
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operating condition. Many researchers (e.g. Wodicka et al. [163] and Suzuki
and Nakayama [142]) have made the mistake of considering only the effect of the
contact area while neglecting the effects of the contact-type and the static load
applied.
For a direct contact sensor the chest-sensor interface is typically rigid, which
means that the relevant output impedance of the chest (as seen by the sensor)
can be measured for a given contact area and load using a rigid coupler. The
methodology for these measurements is described in chapter 7. Chest impedance
measurements in the literature suggest that the chest (as ‘seen’ by a rigid disk in
contact with the surface) can be modelled as a single-degree-of-freedom system
within the frequency range of interest for auscultation [56, 148, 154, 153]. By
fitting a single-degree-of-freedom LEM to the response it is possible to extract a
lumped effective mass meff , stiffness keff and damping coefficient λeff .
to sensor
xc

me↵
fin
ke↵

e↵

Fig. 4.5 SDOF model for the chest, as seen by a rigid sensor. A Thévenin
equivalent force (fin ) is applied to xc .
The effective lumped parameters naturally depend on the contact area (Âc ) and
the static load (fstatic ) with which the sensor is applied against the chest. In
other words, for a rigid sensor at a given location on a given chest:
meff = meff (Âc , fstatic ) ,

(4.1)

keff = keff (Âc , fstatic ) ,

(4.2)

λeff = λeff (Âc , fstatic ) .

(4.3)

To model the response of a stethoscope to body sounds we need to consider
how to model the excitation source. The simplest way to do this is to assume a
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Norton or Thévenin input term for a given contact area and static load.
fin = fin (Âc , fstatic ) .

(4.4)

Figure 4.5 shows a SDOF LEM for the chest with an input force fin applied to
xc . This input force is not an external force applied to the chest-surface, but
rather an ‘equivalent force’ that represents the source terms within the chest
from the ‘viewpoint’ of a sensor at the chest surface. This is analogous to using
a Thévenin equivalent circuit of the impedance-analogy circuit for the system as
shown in figure 4.6.
e↵

fin

⇠

ke↵
i!

i!me↵

zload

Fig. 4.6 Impedance analogy circuit for the lumped mechanical system in figure
4.5. The Thévenin input force (fin ), and the Thévenin impedance (zeff = iωmeff +
λeff + keff /iω) are defined for a given contact area and static load. When a sensor
is used zload = zsensor .

4.2.3

Impedance analogy circuit for the coupled system

Figure 4.7 shows an impedance analogy circuit for a direct sensor coupled to the
chest. To generalise the circuit, the capacitance corresponding to the ks:b,0 spring
is replaced by a general impedance zload to allow the sensor to be constrained by
any passive load. We refer to this load on the sensor as the attachment. The
attachment could simply be the wire of the accelerometer, but it could also
represent a clinician’s hand pressing the sensor against the chest.
The circuit has been divided into three segments: the chest, the attachment and
the sensor. The chest impedance and the excitation force are both functions of
the contact area and the static load applied. To generalise this circuit we can
convert it into a Thévenin equivalent circuit, replacing the three chest terms
with a single impedance zchest that can be measured.
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i!ms:b
ẋs:a

fin

⇠

ks:b,s:a
i!

i!ms:a

Fig. 4.7 Coupled impedance analogy circuit for a direct sensor on the chest. The
contact stiffness is included in the Thévenin chest impedance (zchest ). The order
of series terms does not effect the circuit, which allows the attachment impedance
zload to be positioned between the chest and the sensor rather than between the
sensor and ground.

4.2.4

Response functions

Considering the coupled circuit in figure 4.7, and particularly the fact that the
impedance of the chest is a function of both the sensor area and the static load
applied, we can see that it is not possible to define the sensor response with
respect to the unloaded response using this model. This is because if there is no
load the contact area is undefined, and thus the chest impedance is also undefined.
The ‘stop-surface reference pressure’ proposed by Suzuki and Nakayama [142]
could be employed if we take into account that this is defined for a specific
contact area and static force. In the circuit in figure 4.7, fin (Âc , fstatic ) is the
‘stop-surface’ reference force for the given equilibrium position.
In experiments in which a phantom with a measurable excitation signal is used,
the model can also be employed to simulate the response with respect to this
excitation signal. This requires a model for the phantom, as discussed in chapter
6.
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4.3

Review of existing models for stethoscopes

In this section we review existing models that have been proposed to explain the
acoustics of air-coupled stethoscopes. We highlight the shortcomings of these
models, thereby motivating the need for a new theory for stethoscope acoustics.
In section 4.3.1 we consider the claim that the chestpiece acts as a Helmholtz
resonator, in section 4.3.2 we discuss models which neglect the presence of the rim
of an air coupled sensor, and in section 4.3.3 we critique Suzuki and Nakayama’s
[143] method of treating the air-cavity as rigid.

4.3.1

Helmholtz resonator

It is often suggested that the air-cavity of a stethoscope can be modelled as a
Helmholtz resonator (see e.g. Rappaport and Sprague [129] and Kaniusas [67]).
As outlined in this section, we believe this suggestion to be misleading. The term
‘Helmholtz resonator’ is used to describe a system in which an acoustic-mass and
a constrained volume form a mass-spring system that resonates at a particular
frequency. The mathematics of Helmholtz resonators are derived in section
3.2.3. Considering a duct of area A and length l filled with air of density ρ0
and speed-of-sound c0 , the lumped acoustic mass is ρ0 l/A. The acoustic stiffness
of a cavity of volume
V and contact area A is cavity is ρ0 c20 A2 /V , leading to a
q
resonance at ωn = c20 A/lV .
Kaniusas [67] uses this expression for the resonance of a Helmholtz resonator to
argue that the resonance frequency of a stethoscope increases as the tubing area
increases, the cavity volume decreases and the tubing length decreases.
housing
l
cavity

microphone
2r0

V
rc

output
channel
diaphragm

Fig. 4.8 Schematic to represent Kaniusas’s model for the ‘bell’ of an air-coupled
microphone. Based on Fig. 4.28 in Sensing by Acoustic Biosignals (Kaniusas,
2015) [67]. V is the volume of the cavity (not including the output channel), rc
is the cavity-surface contact radius, r0 is the radius of the output channel, such
that A = πr02 ; and l is the length of the output channel.
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The problem with this model becomes evident when we consider the topology
of the system that Kaniusas suggests. Figure 4.8 shows our interpretation of
Kaniusas’s model. The excitation is provided by the motion of the diaphragm
which is in contact with the cavity volume. A short air-duct on the far side
of the volume leads to a microphone. Figure 4.9 shows an impedance-analogy
circuit that we have constructed for the system in figure 4.8. From this circuit
it is apparent that Kaniusas’s model does not, in fact, give a resonating circuit.
The pressure is applied to the volume, while the lumped acoustic-mass is rigidly
fixed due to the high impedance of the microphone. For this circuit it is evident
that the pressure at the microphone (p′3 ) simply equals the fluctuating input
pressure (p′1 ), with no resonant behaviour.
q10

p01

i!⇢0 l/⇡r0 2

⇢0 c20
i!V

p03 = p02

Fig. 4.9 Electrical impedance analogy circuit for Kaniusas’s air-coupled microphone (shown in figure 4.8). The microphone impedance is high and is
approximated here by an open circuit. This is not a resonating circuit as the
mass in the output channel does not move. (For comparison see the impedance
analogy circuit of a Helmholtz resonator in figure 3.15).
A further problem with this model is that it does not correctly account for the
effect of the duct length between the air-cavity and the microphone. Experimental
results (see e.g. [29]) show that changes to the tube length only have a small effect
on the frequency of the fundamental system resonance. For a Helmholtz resonator
the resonance frequency would be inversely proportional to the square-root of the
tubing length. Furthermore, for typical tubing lengths the lumped-mass approach
is no longer valid, and the tubing must instead be treated as a transmission
line. Kaniusas uses the Helmholtz resonator model to discuss the response of
stethoscopes with long tubing, despite the fact that it then becomes somewhat
arbitrary as to how much mass to lump to the start of the tube.
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4.3.2

Rimless contact

Many researchers who propose impedance-coupling models for the stethoscope
take the problematic approach of treating an air-coupled sensor as if it were a
direct contact sensor (see e.g. [163, 142]). This approach is characterised by
considering the coupling of a constrained air-cavity to the chest surface, without
taking into consideration the role played by the rim surrounding the cavity. When
a stethoscope is pressed against the chest, the chest is loaded by both the rim and
the cavity, so that the motion of the loaded chest surface will depend, in part, on
the rim. The pressure in the air-cavity depends on the relative motion between
the stethoscope rim and the chest surface (‘seen’ by the cavity). Consequently,
omitting the presence of the rim entirely from a model of the coupling between
the stethoscope and the chest is problematic.
Wodicka et al.’s 1994 paper [163] is a classic example of this approach. Figure
4.10 shows our interpretation of the model presented in this paper. At first
inspection this seems to make sense: a Thévenin equivalent lumped element
model for the chest is coupled to a T-element model for the air-cavity (see e.g.
Beranek [6] for a description of the T-element model), which is in turn coupled
to a SDOF model for the microphone.
cavity

chest
i!⇢0 l
qc0

⇠

2Âc

⇢0 c20
i! Âc l

i!⇢0 l
2Âc

R2a

R1a

zmic

p0c

zc

R1a

microphone

p0mic

Fig. 4.10 Electrical impedance analogy circuit for an air-coupled microphone
coupled to the chest according to Wodicka et al. (1994) [163]. This circuit is
based on that given in Figure A1. in Measurement of Respiratory Acoustic
Signals: Effect of Microphone Air Cavity Depth (Wodicka, 1994) [163]. The
nomenclature has been adapted for consistency with the rest of this thesis. R1a
and R2a are damping terms for the short duct segment.
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On closer inspection, however, the approach breaks down. The chest impedance
zc used in this model is that ‘seen’ by a rigid disc with an area matching the
cavity-contact area. By using a chest impedance model based on a measurement
with a rigid contact, the model is based on the implicit assumption that the
contact surface between the chest and the air-cavity is rigid, which is incorrect.
Furthermore, the presence of the rim of the air-coupled sensor, which also loads
the chest wall, is completely omitted. In Wodicka et al.’s model, the microphone
backplate is fixed to mechanical ground, rather than to a movable housing. This
would be applicable if the stethoscope was rigidly fixed to a wall and the patient
leaned against it, which would be highly unusual in a clinical setting. Figure 4.11
shows a lumped mechanical system that corresponds to Wodicka et al’s proposed
circuit. Several important features of the coupled chest-stethoscope system are
not captured in this circuit.

kmic,0

mmic

l
no contact between
chest and housing

short duct

frictionless
pistons

m=0

chest
rigid surface with
contact area Âc

Fig. 4.11 Representation of a physical system corresponding to Wodicka et al.’s
impedance analogy circuit. There is no contact between the chest and the housing
of the sensor.
Suzuki and Nakayama (1998, 2000) [142, 143] take a similar approach. They
make some sensible simplifications: taking the microphone impedance as infinite
and modelling the cavity as a pure compliance rather than a short duct. Suzuki
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and Nakayama estimate the mechanical impedance of the chest ‘seen’ by a rigid
disc of a given area by analytically modelling the vibration of the disc on a
semi-infinite elastic medium representing the chest. This allows them to explore
the design-space more easily than relying entirely on experimental measurements
of chest impedance. However, their model is still based on the assumption of a
rigid contact.
Neither Wodicka et al. (1994) nor Suzuki and Nakayama (1998, 2000) include
in their models the mass of the sensor or the stiffness with which the sensor is
held in place. In chapter 9 we present experimental results that demonstrate
that these two factors play a significant role in determining the dominant low
frequency resonance in the response.
Joyashiki and Wada (2020) [66] build on the model of Suzuki and Nakayama
by including the mass of the housing in their model. Joyashiki and Wada claim
that they are modelling the case where the sensors are stuck to the chest wall
rather than held firmly in place by a clinician. However, their model does not
seem to match this case. Joyashiki and Wada’s equation for the response of an
air-coupled sensor adds together the impedance due to the sensor mass (iωms )
and the impedance due to the cavity stiffness (ka /iω), thus implying that these
terms are in series in the impedance analogy circuit (and therefore in parallel in
the mechanical system) as shown in figure 4.12. This means that Joyashiki and
Wada (unintentionally) model a system in which the housing mass directly loads
the chest surface and there is an air cavity (of stiffness ka ) between this mass
and mechanical-ground. Note that, beyond this topological error, the form of
the response function presented by Joyashiki and Wada is difficult to interpret
physically, as discussed in appendix C.4.
(a)

ẍc /i!

ẍN
i!

zc

(b)
ka
i!
i!ms

ka
ms

xc

Fig. 4.12 (a) Norton equivalent electrical impedance analogy circuit that gives
a response of ẍc /ẍN = zc /(zc + (iωms + ka /iω)). (This ratio of impedances is
given in the equation for the ‘pressure response’ of air-coupled microphones by
Joyashiki and Wada (2020) [66].) (b) Corresponding mechanical system.
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Joyashiki and Wada’s model can be corrected by combining the housing-mass
and cavity-stiffness impedances in parallel in the impedance analogy circuit as
shown in figure 4.13. The pressure on the microphone can then be obtained by
scaling the force on the housing-mass (fm = ẍm ms ) by the contact area Âc :
pm = ẍm ms /Âc .

(4.5)

While this adaption makes more physical sense in terms of the topology of
the lumped elements, it still does not capture the mechanics of the rim-cavity
interaction. In contrast to this model, we do not expect all of the force exerted
on the housing mass to be exerted through the air-cavity.
(a)

(b)

ẍc /i!

ẍm /i!

xm
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ẍN
i!
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i!
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xc

Fig. 4.13 (a) Schematic for a simple mechanical model of a (rim-less) air-coupled
sensor with cavity stiffness and mass behind the microphone with no connection
to mechanical ground. (b) Corresponding Norton-equivalent impedance analogy
circuit.

4.3.3

Rigid cavity with rim

In section 4.3.2 we discuss models for the stethoscope that ignore the stethoscope’s
rim and find these to be inadequate. Suzuki and Nakayama [143] propose an
alternative modelling approach in which the rim is included but the finite
compliance of the air-cavity is neglected. In the models described in section 4.3.2
the finite compliance plays a dominant role in determining the response, so these
two approaches are in direct contradiction. However, despite discussing both,
Suzuki and Nakayama do not attempt to combine or reconcile them.
Figure 4.14 shows a cross-section of a simple air-coupled sensor coupled to the
chest. The gross contact area is πro2 , while the cavity-contact area is πri2 .
Suzuki and Nakayama make the assumption that the entire air-coupled sensor
(including the air-cavity) can be modelled as a rigid, immobile cylinder. In order

80

Developing a theory for stethoscope acoustics
ro

h

ri

Fig. 4.14 Dimensions for a simple air coupled sensor, on a cross-section of the
cylinder. The cavity volume is given by πri2 h.
to estimate the pressure in the cavity, they employ the principle of superposition.
Suzuki and Nakayama compute the stress profile in the ‘chest’ surface when the
base of the ‘chest’ is fixed and the rigid cylinder is oscillating at a prescribed rate.
They then integrate the normal stress over the cavity-contact area (r = 0 → ri )
and divide this integral by the cavity-contact area (πri2 ) to obtain an estimate for
the pressure in the cavity. Suzuki and Nakayama compare this pressure estimate
to the ‘stop-surface’ pressure for the same total contact area (including the rim).
Since the model they use to compute the stress profile considers the stethoscope
as a rigid immobile cylinder, the ‘stop-surface’ pressure can be obtained by
integrating the normal stress from r = 0 → r0 and normalising by πro2 .
There are numerous issues with this approach. The response ratio computed by
Suzuki and Nakayama depends only on the contact-area of the cavity and the
rim, while the depth of the cavity has no influence. This contradicts experimental
results presented by numerous authors (see e.g. [163]). The central assumption
in this method (that the air-cavity is stiff enough compared to the chest that
the entire sensor can be modelled as a rigid body) is unphysical. To illustrate
this we performed a series of ABAQUS CAE simulations. We were interested
in the effect of the finite cavity-compliance on the surface-stress integral, not
the frequency dependance of the ‘pressure-ratio’, so we used a simple static
simulation. Figure 4.15 shows the surface deflection profile obtained when a
stethoscope (with dimensions matching those used by Suzuki and Nakayama) is
displaced downwards by 0.1 mm into an elastic medium representing the chest.
Parameter values for the simulation were chosen to match those presented in the
literature for the silicon elastomer Ecoflex 00-10 to match experimental work in
this thesis which uses this material. The figure illustrates that, despite the high
stiffness of the cavity (due to its small volume), the skin surface in contact with
the air-cavity still deforms significantly (with respect to the displacement of the
rim).
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Fig. 4.15 Axisymmetric ABAQUS simulation of an air coupled sensor pushed
against a viscoelastic cylinder. The sensor dimensions for this simulation are:
35 mm cavity diameter, 45 mm outer diameter of rim and 60 mm cavity depth.
The shading represents downward vertical displacement.
Following the method proposed by Suzuki and Nakayama, we extracted the
normal stress profile at the surface of the ‘chest’ when the sensor is displaced
downwards. Figure 4.16 shows the (axisymmetric) stress distribution at the
surface for two simulations: a rigid cylinder and an air-coupled sensor with a
cavity. Both simulations used the same outer diameter 2r0 = 9 mm. The effect
of the cavity on the stress profile is clearly evident: the normal stress over the
cavity-contact area is significantly lower for the cavity case than it is for the rigid
case.
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Fig. 4.16 Normalised normal stress at the ‘chest’ surface when an air-coupled
sensor with an outer diameter of 9 mm, a cavity diameter of 7 mm and a (cylindrical) cavity depth of 6 mm is displaced downwards. The blue crosses show the
stress distribution obtained if the entire sensor is treated as a rigid body, the
green dots show the stress distribution obtained if the cavity is included in the
model. The vertical grey dotted lines show the position of the sensor rim.
We then computed the pressure-ratio as defined by Suzuki and Nakayama. Figure
4.17 shows the results of simulations with a range of cavity volumes. For the
geometry used by Suzuki and Nakayama, with a cavity depth of 6 mm, the
rigid-contact assumption leads to an over-estimation of the pressure response
by around 70%. This analysis suggests that the method presented by Suzuki
and Nakayama significantly overestimates the pressure in the air-cavity of an
air-coupled sensor.
The larger the cavity volume, the lower the pressure response, with a limit of
PR ≃ 0.06 for an open cavity (for these dimensions). This suggests something is
amiss: if the cavity is open then the cavity should be at atmospheric pressure
(neglecting radiation impedance). The reason that we still obtain a non-zero
pressure response is that we are defining the cavity pressure as the integral
of the normal stress at the surface. Suzuki and Nakayama assume that the
normal-stress profile at the surface matches the pressure in the cavity. However,
the chest can also transmit shear forces. This means that the pressure in the
cavity may be lower than the normal-stress profile suggests. Extracting the
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cavity pressures from the ABAQUS simulations, we see that these are indeed
lower than the averaged normal stress, as shown by the blue circles in figure 4.16.

Fig. 4.17 Non-dimensional pressure response as defined by Suzuki and Nakayama
[143], computed from ABAQUS CAE simulation results for an air-coupled sensor
with an outer diameter of 9 mm, a cavity diameter of 7 mm and a range of
(cylindrical) cavity depths. The black cross (×) shows the pressure ratio obtained
when following the method of Suzuki and Nakayama and modelling the entire
contact as rigid. The black plus symbols (+) show the pressure ratios obtained
by integrating the normal stress in simulations which included air cavities of
different depths. The blue circles (◦) show the pressure ratio evaluated for the
same simulations, using the pressure in the air-cavity rather than the surfacestress integral. The black dotted line shows the case for toroid (i.e. an infinite
cavity depth) with zero radiation impedance. This case is also referred to as ‘rim
only’ or ‘open cavity’.

4.3.4

Conclusions

The shortfalls with existing models for stethoscope acoustics outlined in this
chapter allow us to identify what is needed for a new, rigorous theory of stethoscope acoustics. It is evident that modelling a subsection of the coupled cheststethoscope system is inadequate and misleading. The entire coupled system
should be included within a single model. Furthermore, the model should take
into account the contact between the rim and the chest, the finite compliance of
the air cavity, the passive impedance of the stethoscope housing and its attach-
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ment, the static force with which the stethoscope is applied and the non-linear
properties of the chest. In section 4.4 we derive a new model for air-coupled
stethoscope acoustics which takes into account all of these considerations.

4.4

A new theory for stethoscope acoustics

When a stethoscope is held against the chest a coupled system is formed. This
coupled system is defined in terms of two length-scales. The displacement
of the rim into the chest (and of the chest-tissue into the air-cavity) when
the stethoscope is pressed against the chest has length-scales of the order of
millimetres. The displacement perturbations associated with body-sounds are
several orders of magnitude smaller than this [153]. We thus think of the coupled
chest-stethoscope system in terms of a static equilibrium position and small
perturbations about that equilibrium position.
The properties of the chest, rim, cavity and attachment (in particular the static
load applied) all play a role in setting the equilibrium position for the coupled
system. The system is non-linear, which plays an important role when setting
the equilibrium position. However, for small perturbations the non-linearities do
not play an important role and we can linearise the response about the static
equilibrium position. The non-linearity arrises from the fact that the mechanical
properties of the system change as the stethoscope is pressed into the chest. The
properties of human tissue change as it is compressed. Furthermore, when no
artificial diaphragm is present, flesh can fill a significant proportion of the cavity.
The extent of this filling depends on how firmly the stethoscope is pushed against
the chest. The filling changes both the cavity volume and the cavity-contact area
and thus alters the mechanical properties of the cavity.
For a given equilibrium position, body sounds cause small pressure fluctuations in
the air-cavity of the stethoscope. The pressure perturbations in the air-cavity are
related to fluctuations of the cavity volume which occur because of the relative
motion between the rigid chestpiece housing and the deformable chest-surface
that is in contact with the air-cavity. This relative motion is resisted by the
stiffness of the air-cavity but also, importantly, by the chest tissue itself.
The presence of a diaphragm covering the cavity opening changes the system
significantly. The diaphragm increases the stiffness of the cavity surface. This not
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only affects the perturbations about the equilibrium position, but also means that,
for the same static load applied to the chestpiece, a different static equilibrium
position is set.
In the case of an air-coupled microphone (ACM) the pressure perturbations
induced in the air-cavity by body sounds are measured by a microphone in the
cavity wall. In the case of an analogue stethoscope the pressure perturbations
are transmitted as compression waves through the tubing to the ear-pieces. In
this chapter we derive a model for an ACM, which is extended to include tubing
in chapter 10.

4.5

Derivation of a LEM for air-coupled stethoscopes

In this section we derive a lumped element model for an air-coupled sensor
pressed against the chest. To do this, we gradually build up the system starting
with a rigid toroidal rim in contact with the chest. The purpose of this derivation
is to establish the topology of the LEM (the way in which the components are
connected). We initially neglect damping and construct the LEM using only
masses and springs. Once the topology of the system is established the springs
can be replaced by appropriate constitutive models which account for stiffness,
damping and inertance.

4.5.1

Rim

Figure 4.18 shows the vertical displacement profile of the chest when a rigid
toroidal rim is pressed against it. The free surface of the chest within the rim is
clearly influenced by the motion of the rim. When the rim is displaced downwards
the average displacement of the free surface within the rim is also downwards,
with an amplitude that is slightly less than that of the rim.
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Fig. 4.18 Cross section showing the vertical displacement of the chest when a
rigid rim is press down against it. The colormap shows vertical displacement with
respect to the unloaded equilibrium position from an ABAQUS CAE simulation
(dark is downwards).
To capture this effect, we define two degrees-of-freedom: the rim (xs ) and the
surface (xc ). These DOFs are connected by a lumped stiffness (kc,s ) as shown
in figure 4.19. This stiffness could be referred to as a ‘clamping stiffness’, as it
is the clamping of the chest surface to the rim, that resists the motion of the
proportion of the chest surface that is in contact with the chest cavity. Note that
xc is interpreted as the area-averaged vertical displacement of the free surface
within the rim. Each of the DOFs we have defined has an inertia term associated
with it. For the rim the inertia is given by the mass of the rim (ms ) and a small
lumped-mass term from the chest tissue (mch:s ).
mch:s

xs

ms
kc,s
mc

xc

Fig. 4.19 Air coupled sensor lumped element model derivation - step one. ms is
the mass of the toroid, mch:s is the part of the chest’s mass that is lumped to xs ,
mc is the part of the chest’s mass lumped to xc and kc,s is the lumped stiffness
between xs and xc . For simplicity mch:s is included as part of ms in subsequent
figures.
For the free surface within the rim, the inertia term is a lumped mass (mc )
representing a proportion of the kinetic energy in the chest. A specific lumping
is only valid for a particular frequency range. Using a single DOF to describe the
motion of the surface will only allow a single mode of vibration to be captured
[31]. Capturing the higher frequency modes with which the surface vibrates
requires additional DOFs.
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Air cavity

Next we consider the effect of a closed air cavity within the rim. We now refer
to the rigid body as the ‘housing’, with ‘rim’ specifically referring to the portion
of the housing that is in contact with the chest. One side of the air cavity is in
contact with the chest surface, while the other side is in contact with the housing.
Figure 4.20 shows a colour-map of the vertical displacement of the chest when
the housing is pressed downwards. Compared to the toroidal-rim case (figure
4.18) the cavity-surface displacement matches that of the housing more closely,
suggesting a greater stiffness between the two DOFs.

Fig. 4.20 Vertical displacement of the chest when a rigid stethoscope chestpiece
(‘housing’) is pressed downwards. The colormap shows vertical displacement with
respect to the unloaded equilibrium position from an ABAQUS CAE simulation
(dark is downwards).
In section 3.2.2 we show that the dominant effect of a small constrained volume
of air is to provide a stiffness term ka = ρ0 c20 Â2 /V . This ‘acoustical stiffness’ is
in parallel with the ‘mechanical stiffness’ (kc,s ), as shown in figure 4.21. The
mass of the air in the cavity is negligible and, at low frequencies, the shape of
the cavity does not affect the response (see e.g. [129]).
xs

ms
kc,s

ka
mc

xc

Fig. 4.21 Air coupled sensor lumped element model derivation - step two.
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4.5.3

Chest

We now turn our attention to the chest. The chest tissue is already responsible
for the mass lumped to the cavity-surface (mc ), and the mechanical stiffness
between the surface and the sensor housing (kc,s ). The air cavity surface is
also connected to the rest of the chest, but the most suitable model for this is
not intuitively clear. Fortunately, we can make use of the fact that any linear
system of impedance and source terms can be represented in terms of Thévenin
or Norton’s theorems (see section 3.5.7). Converting these theorems into the
mechanical domain we obtain the LEMs show in figure 4.22, where k0,c = kb,c
is a complex term representing the impedance (z0,c = k0,c /iω) of the chest seen
from xc .
xs

ms
kc,s

kc,s

ka
xc

mc

xs

ms
ka

xc

mc

fc
k0,c

kb,c
xb

Fig. 4.22 Air-coupled sensor LEM with Thévenin and Norton representations
of the chest. xs and xc denote the displacement of the sensor rim and the
chest surface respectively. (Note that k0,c = kb,c represents a generic Thévenin
impedance and that in this representation mc is not considered to be part of the
Thévenin impedance on the chest.)
In figure 4.22 we have assumed that the rim is only connected to the inner chest
via the chest tissue at the cavity surface. This makes sense for low frequencies
at which a substantial portion of the mass of the chest tissue around the rim
and the cavity can be lumped to the cavity-surface degree of freedom (xc ) since
the motion of the rim and the cavity are in phase. At higher frequencies, the
cavity and rim start to move out of phase and this simple lumping model breaks
down. At these frequencies we need to include additional degrees of freedom in
our LEM to accurately capture the response. The model can also be adapted to
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include a link between the rim and the inner chest that bypasses the chest tissue
at the cavity surface. However, we suggest that for a first approximation of the
sensor’s response the model proposed here should suffice.

4.5.4

Holding the stethoscope

A consideration of how the stethoscope is attached to the chest has largely been
an afterthought in research on stethoscope acoustics. Indeed, Ertel (1971) [30]
neglected the holding of the stethoscope in his list of the interactions between
stethoscopes and human tissue (as discussed in the introduction of this chapter).
In existing experimental work the pressure with which the clinician presses a
stethoscope against the chest is almost universally replicated by using the weight
of a load-mass with the experiment set up in a vertical configuration (see section
6.1.2). The response of any vibration sensor to any system is influenced by the
manner in which the sensor is attached to the system (see section 4.1 and e.g.
Ewins [31]). This suggests that replacing the hand of the clinician with a simple
load mass in a model of the coupled system may be inadequate.
The hand of the clinician plays three roles in the coupled chest-stethoscopeclinician system. Firstly, the pressure with which the clinician presses the
stethoscope against the chest sets the equilibrium position of the system around
which there are small perturbations as body sounds are transmitted. This role
can be represented by a static force fs (ω = 0). Secondly, the hand of the clinician
is a mechanical system in its own right, and thus presents an impedance between
the stethoscope housing and mechanical ground, as shown in figure 4.23. The
m
spring element ks,0 represents a complex impedance (i.e., ks,0 = iωzs,0
) which
may consist of any combination of mass, stiffness and damping terms.
The final role of the hand of the clinical is that it can also exert a frequencydependent input force on the stethoscope. Nelson [105] explores this role in detail,
and finds that when a stethoscope is used in an environment with high background
vibration (such as a helicopter) the vibration input from the clinician’s hand
can significantly corrupt the stereoscope’s response. However, in more common
environments the pressure perturbations exerted by the clinicians hand can be
expected to be small compared to the pressure perturbations at the chest of
the patient throughout the frequency range of interest for auscultation. A hand
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tremor, for example, typically occurs at a frequency below 10 Hz [16] and thus
does not interfere with the audible-frequency auscultation signals .

ks,0
fs
ms

xs

to other terms

Fig. 4.23 Terms required to include the effect of holding a stethoscope in a
LEM for the coupled system. ks,0 represents the mechanical impedance of the
hand-arm system and −fs represents the force exerted by the hand. The force fs
includes a static component which sets the equilibrium position of the coupled
system, and a frequency-dependent component which acts as a noise source.
To our knowledge, there are no published results for the impedance due to the
clinician holding the stethoscope. To address this we present experimental results
for the impedance seen by the sensor ‘looking’ towards the hand in section 7.5.

4.5.5

Diaphragm

When a diaphragm (typically a thin disc of a material such as polyester,
polystyrene or an epoxy resin-fibreglass laminate [118, 111]) is used on a stethoscope, this diaphragm is in contact with the rim, the air cavity, and the chest
surface. For the lumped-element formulation the diaphragm does not add any
new degrees of freedom, instead contributing to the existing terms. The coordinate xc now represents the area-averaged displacement of the proportion of
the diaphragm’s surface that is in contact with the air cavity. A proportion of
the diaphragm’s mass (md:c ) is lumped to this degree of freedom, along with a
proportion of the chest’s mass (mc ). The remainder of the diaphragm’s mass
(md:s ) is lumped to the rim (xs ). The dominant contribution of the diaphragm,
however, is the high stiffness kd:c,s between the rim (xs ) and the cavity-surface
(xc ).
It is important to emphasise that the presence of the diaphragm does not only
give additional mass, stiffness and damping terms for a given equilibrium position,
but also significantly alters the equilibrium position itself. For the same static
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application force, the increased stiffness means that the chest tissue fills the air
cavity to a lesser extent and the rim is displaced into the chest by a smaller
distance. This means that, when a diaphragm is added, the magnitudes of the
other lumped terms in the model also change.

md:s
kd:c,s

xs

ms
kc,s

md:c

ka
mc

xc

Fig. 4.24 LEM for diaphragm between the chestpiece rim xs and the cavity
surface xc . The lumped elements are defined in the text.

4.5.6

Tuneable diaphragm

One common argument for the use of diaphragms is that the added stiffness
increases the resonance frequencies of the coupled system and thus leads to a
larger response at higher frequencies (such as those associated with lung sounds).
Stethoscope manufacturers have found that the high stiffness of the diaphragm
can make it unsuitable for auscultating low frequency sounds. The traditional
solution to this issue is the dual-chestpiece: the user is able to switch between a
shallow cavity covered by a diaphragm and a deeper, open cavity.
To reduce the need for switching between the two sides of the chestpiece, stethoscope manufactures have tried to develop methods by which the effective stiffness
of the diaphragm can be altered by changing the application pressure. Cefaly et
al. [15] designed a chestpiece in which the diaphragm locks into new positions as
the application pressure in increased. This means that as application pressure is
increased the cavity-contact area and cavity volume are reduced and effective
stiffness of the diaphragm increases.
Packard [118] found that the approach of Cefaly et al. still yielded a diaphragmstiffness that was too high at low application pressure. Packard proposed a
new design in which a stiff diaphragm is held by a compliant ring such that
the compliant rim determines the net stiffness at low application pressures. As
the application pressure is increased, the diaphragm is pressed against a rigid
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inner-rim. The stiff diaphragm is then in direct contact with the sensor-housing,
bypassing the compliant ring. In this new equilibrium position the effective
stiffness is significantly higher (along with a reduced cavity-contact area and
cavity volume). This ‘tuneable diaphragm’ design is now (2021) found in almost
all stethoscopes produced by Littmann 3M. While the effect of the tuneable
diaphragm of the stiffness between the housing and the cavity-surface is clear
the role of the diaphragm as an acoustic filter is disputed (see e.g. [111]).
Figure 4.25 shows lumped element models for the two types of equilibrium
position possible with a tuneable diaphragm. Figure 4.25(a) shows the lowapplication-pressure case in which the response is dominated by the low stiffness
of the compliant ring (kr:d,s ). The stiffness of this compliant ring is in series
with the stiffness of the diaphragm. Figure 4.25(b) shows an LEM for the lowapplication-pressure case. In this case the compliant ring has been bypassed
and is no longer included in the LEM. The LEM now resembles that of a simple
diaphragm attached directly to the rim (figure 4.24).

md:s

ms + mch:s

xs

kr:d,s

H

kc,s

ms +

H

xs

mch:s

ka

kd:c,d

H

md:c

md:s

mc

xc

kd:c,s
H

H

kc,s

md:c

(a)

H

H

mc

ka
xc

(b)

Fig. 4.25 LEM for two states of ‘tuneable diaphragm’. (a) small perturbations
about a low-static-pressure equilibrium position. (b) small perturbations about
a high-static-pressure equilibrium position. The values of the all of lumped
parameters (except ms ) differ for the two equilibrium positions, as represented
by the pre-term superscript H in subfigure (b).

4.5.7

Complete lumped-element model

By combining all of the features described in sections 4.5.1 to 4.5.5 we obtain
figure 4.26. We have neglected the microphone from our LEM, as the mass
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and compliance of the microphone diaphragm are negligible compared to the
surrounding components [163].

ks,o
mch:s

ms

md:s

kc,s

xs

kd:c,s

ka
md:c

mc

xc

kb,c
xb

Fig. 4.26 Complete LEM for an air-coupled sensor coupled to the chest.

4.6

Circuit analogies

Figure 4.27 shows the admittance analogy circuit derived from figure 4.26.

1/zchest

i!/kc,s
i!/ka

ẋchest

⇠

1
i!mc

i!/kd:c,s

1
i!md:c

1
i!md:s

1
1
i!ms

zs,0

Fig. 4.27 Admittance analogy circuit for the mechanical system in figure 4.26.
Red terms correspond to the chest, green terms correspond to the sensor housing
and attachment, the blue term is the (acoustic) stiffness of the air cavity, and
grey terms correspond to a diaphragm between the chest and the air cavity.
The corresponding impedance analogy circuit (derived by taking the dual of the
admittance analogy circuit as described in appendix A.3) is shown in figure 4.28.
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i!mc

i!md:c

ẋchest

i!md:s
kd:c,s /i!

zchest

i!ms

kc,s /i!
ka /i!

zs,0

Fig. 4.28 Impedance analogy circuit for the mechanical system in figure 4.26.
The colours of components match those in figure 4.27.
Rearranging this into a form amenable to two-port analysis yields figure 4.29.
i!mc
ẋchest

kd:c,s /i!

i!md:c

kc,s /i!

i!md:s
zchest

i!ms

ka /i!

zs,0

Fig. 4.29 Impedance analogy circuit from figure 4.28 rearranged to allow a twoport matrix formulation between the source and the air-cavity. The colours of
components match those in figure 4.27.
The coupling of these circuits to an acoustic domain to model stethoscopes with
tubing is discussed in chapter 10.
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Summary

In this chapter we derive lumped element models for direct contact sensors and
air-coupled sensors on the chest surface. The model presented for air-coupled
sensors addresses some of the key issues with existing models which are discussed
in section 4.3. In the models derived here, the value of some components
can be directly measured or calculated (the mass of the sensor housing for
instance). However, most of the terms need to be estimated from experimental
data. In chapter 5 we outline the experimental techniques used to perform these
measurements, while in chapter 6 we introduce a laboratory phantom used to
represent the chest. In chapter 7 we present impedance measurements on th
phantom and a human chest, and in chapter 8 we present a method for converting
sensor-response measurements on the phantom into a form directly compatible
with the Thévenin equivalent circuits presented in this chapter. In chapters 8 to
10, experiments on this phantom are used to validate the models derived here
and to explore their implications.

Chapter 5
Experimental methods
In this chapter we lay out the mathematics underpinning the analysis of our
experimental measurements, and provide a detailed model for an impedance
head - a sensor used extensively in this thesis. It is essential to understand the
structure and behaviour of impedance heads in order to be able to correctly
interpret measurements made with these devices [11, 44].
In section 5.1 we lay out the signal processing methods used in this thesis. In
section 5.2 we present an overview of the Modal approach to the analysis of
vibrating systems and discuss the methods we use to extract modal parameter
values from measured response data. Readers familiar with the field of experimental modal analysis may wish to skim this section. In section 5.3 we derive a
model for an impedance head, exploring the relationship between the measured
response and the true driving-point impedance of the test system.

5.1

Signal processing

In this thesis we present a number of experimental estimates of frequency response
functions (henceforth FRFs). The methodology for this is outlined in table 5.1.
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Table 5.1 Signal processing methodology.
Step

Details

(1) Identify the variables to be measured, This chapter outlines the fundamental
and the parameters to be controlled. De- testing methodologies, with further design and validate a test setup.
tails on individual experiments given
in the following chapters.
(2) Calibrate the transducers to be used.

Standard calibration procedures (pistonphone calibration for microphones
and mass-calibration for force and acceleration transducers) are used for all
transducers.

(3) Run a test with the desired parameter The data acquisition methods used are
values, recording the time-domain signals described in section 5.1.1.
from the transducers.
(4) Convert the raw transducer signals into Some transducers require a further frephysical quantities using the calibration quency calibration after step (5) in acresults from step (2).
cordance with data provided by the
manufacturers.
(5) Convert the data into the frequency The mathematics for the discrete
domain using the (discrete) Fast Fourier Fourier transform are outlined in apTransform (henceforth ‘FFT’).
pendix B.1.
(6) Compute estimates of the (cross-) The mathematics for Welch’s method
power spectral densities using Welch’s are outlined in appendix B.2.2.
method.
(7) Check the coherence between channels Coherence is defined in section 5.1.2.
to asses the quality of the data.
(8) Use the (cross) power spectral densities
to compute estimates of the FRFs.

Estimators for FRFs are defined in section 5.1.2.
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Data acquisition

All data acquisition is performed using a National Instruments (henceforth
‘NI’) cDAQ 9174 chassis, with an NI 9263 output module to generate a desired
excitation signal, and several NI 9234 analogue input modules to sample the
analogue signals from the transducers. Integrated Electronics Piezo-Electric
(IEPE) transducers are used in all cases, with a constant current supplied
through the input modules.
For experiments where an artificial continuous excitation source is used, this is
fed from the NI 9263 output module through a power amplifier into the relevant
exciter (typically a Ling Dynamic Systems V201 shaker). A sampling frequency
of 51.2 kHz is used for all experiments.

5.1.2

FRF estimators

Simultaneous data-acquisition allows the FRF between two signals to be estimated. Consider two discrete signals, sϕ (n) and sψ (n), each of length N samples,
where n is the sample counter. The discrete Fourier transforms (henceforth
‘DFT’s) of the signals are denoted as Sϕ (µ) and Sψ (µ) respectively, where µ is a
counter for the frequency bins. The DFT and its inverse are defined in appendix
B.1.
We define the cross power spectral density (henceforth ‘CPSD’) between two
discrete signals (sϕ and sψ ) as
Sϕ,ψ = (∆t/N 2 )Sϕ Sψ∗ ,

(5.1)

where ∆t = (N − 1)δt is the measurement time (δt is the time-step between
samples), and ∗ denotes the complex conjugate. The CPSD is complex valued,
with a phase that represents the lag between the signals. The power spectral
density (henceforth ‘PSD’) is the CPSD evaluated for ϕ = ψ. The PSD is purely
real and is a measure of how the power in the signal is distributed across the
frequency domain.
Measured signals always include some random measurement noise, which means
that any response functions derived from them are only estimates of the response
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functions for the real system. Consider, for example, a mechanical system for
v
which we want to measure the admittance FRF (Hϕ,ψ
). The measured force signal
sψ (n) is equal to the true force fψ plus random noise őψ , while the measured
velocity signal sϕ (n) is equal to the true velocity ẋϕ plus random noise őϕ . The
DFTs of the measured signals are thus given by:
Sϕ = Ẋϕ + Nϕ ,

(5.2)

Sψ = Fψ + Nψ ,

(5.3)

where N, Ẋ and F are the DFTs of ő, ẋ and f . We define the signal-to-noise
ratio (henceforth ‘SNR’) as the power ratio between the true signal and the noise
signal:
SNRψ = Fψ Fψ∗ / Nϕ Nϕ∗ ,

(5.4)

SNRϕ = Ẋϕ Ẋϕ∗ / Nϕ Nϕ∗ .

(5.5)

The PSD of a measured signal is given by e.g.,
Sϕϕ = (∆t/N 2 ) (Ẋϕ + Nϕ )(Ẋϕ∗ + Nϕ∗ )
= (∆t/N 2 ) (Ẋϕ Ẋϕ∗ + Nϕ Ẋϕ∗ + Ẋϕ Nϕ∗ + Nϕ Nϕ∗ ) .

(5.6)
(5.7)

The CPSDs between the two measured signals are:
Sψϕ = (∆t/N 2 ) (Fψ + Nψ )(Ẋϕ∗ + Nϕ∗ )

(5.8)

= (∆t/N 2 ) (Fψ Ẋϕ∗ + Nψ Ẋϕ∗ + Fψ Nϕ∗ + Nψ Nϕ∗ ) ,

(5.9)

Sϕψ = (∆t/N 2 ) (Ẋϕ Fψ∗ + Nϕ Fψ∗ + Ẋϕ Nψ∗ + Nϕ Nψ∗ ) .

(5.10)

In order to estimate the PSDs and CPSDs from experimental data we use Welch’s
method, which is described in appendix B.2.2 and implemented in MATLAB.
Welch’s method averages the (C)PSDs from a large number of overlapping signal
segments. The measurement noise is random and is therefore uncorrelated with
the signal. When we average the CPSDs of a large number of uncorrelated terms
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the value tends to zero. Our estimates for the PSDs and CPSDs thus become:
S̃ϕϕ ≃ (∆t/N 2 ) (Ẋϕ Ẋϕ∗ + Nϕ Nϕ∗ ) ,

(5.11)

S̃ψψ ≃ (∆t/N 2 ) (Fψ Fψ∗ + Nψ Nψ∗ ) ,

(5.12)

S̃ψϕ ≃ (∆t/N 2 ) (Fψ Ẋϕ∗ ) ,

(5.13)

S̃ϕψ ≃ (∆t/N 2 ) (Ẋϕ Fψ∗ ) .

(5.14)

v
The admittance response function is given by Hϕ,ψ
= Ẋϕ /Fψ . We define the
1
2
H1 estimator ( H) and the H2 estimator ( H) for the FRF, making use of the
averaged (C)PSD estimates:

1

Hϕ,ψ =

Ẋϕ Fψ∗
S̃ϕ,ψ
,
≃
Fψ Fψ∗ + Nψ Nψ∗
S̃ψ,ψ

(5.15)

2

Hϕ,ψ =

Ẋϕ Ẋϕ∗ + Nϕ Nϕ∗
S̃ϕ,ϕ
≃
.
S̃ψ,ϕ
Fψ Ẋϕ∗

(5.16)

By inspection of equation 5.15, and noting that Nψ Nψ∗ is positive by definition,
it can be seen that the H1 estimator always underestimates the FRF. Likewise,
inspection of equation 5.16 reveals that the H2 estimator always overestimates
the FRF. This means that the H1 and H2 estimators provide upper and lower
bounds on the true value of the FRF: 1 H < H < 2 H. The H1 estimator works
well if the SNR on the input signal sψ is high, while the H2 estimator works well
if the SNR on the output signal sϕ is high.
For a noise-less system 1 H = 2 H = H (provided the lag is negligible compared
to the FFT size). Any deviation between the H1 and H2 estimators is therefore
an indication of noise in the system. We define the ratio of the H1 and H2
estimators as the coherence function γ 2 :
2
γψϕ
(µ)

Hψϕ (µ)
,
2 H (µ)
ψϕ
S̃ϕ,ψ S̃ψ,ϕ
=
.
S̃ψ,ψ S̃ϕ,ϕ
=

1

(5.17)
(5.18)

The coherence has a value between 0 and 1, with 1 meaning that the two
estimators are equal and there are no external noise sources in the system. It
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should be noted that the coherence value depends on the signal processing
techniques used as well as on the raw measurement signals. For example, for two
identical random signals with only a time lag, the coherence is zero if the FFT
size is smaller than the time lag between the signals. We ensure that, wherever
a coherence is given, the FFT size used in the analysis is large compared to the
time lag between the signals.
When analysing experimental response data, the choice of estimator can be
critical. This is especially true around resonances and antiresonances of the
system. In general, the H1 estimator gives a better estimate around the troughs,
while the H2 estimator gives a better estimate around the peaks of the response.
The coherence function can be used to identify for which parts of the FRF the
choice of estimator is important. Appendix C.1 covers these considerations in
more detail.

5.2

Modal approach

Ewins [31] identifies three types of models for mechanical systems: spatial,
response and modal models. The lumped element method, described in section
3.3, is an example of a spatial model, as it describes the physical properties of
the system and their spatial relationship. A response model is a description of
the system’s response to excitation and can be measured experimentally. The
driving point response plots in section 3.3 are examples of response properties
derived from spatial properties. For simple systems we can also work in reverse
and deduce spatial properties from measured response properties, but for more
complex systems this becomes difficult.
Modal analysis is a powerful tool which allows us to express a system’s behaviour
as a summation of vibration modes. Each mode has an associated natural
frequency and a modeshape. A key advantage of modal analysis is that modal
properties can be deduced from response properties even for complex systems with
many modes and high damping. Theoretical spatial models can also be converted
into modal models, allowing direct comparisons between theory and experimental
data. In this thesis, modal analysis is used extensively in the interpretation of
experimental data in relation to the performance of stethoscopes.

5.2 Modal approach
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Modal decomposition

An N-degree-of-freedom discrete mechanical system is characterised by N modes
of vibration. The natural frequency of the nth mode is denoted by ωn . For a
discrete system, the modeshape of the nth mode is defined at a finite number of
points in space and becomes a vector u(n) . The value of the nth modeshape at
(n)
point ϕ is given by uϕ . The general (harmonic) response of the system can be
expressed as a sum of modal responses:
x(t) =

N
X

αn u(n) eiωt .

(5.19)

n=1

In equation 5.19 αn is the amplitude and u(n) is the normalised modeshape for
the nth mode. For mathematical convenience, the modeshapes are normalised
such that
t
u(n) [M ]u(n) = 1,
(5.20)
t

(5.21)

u(n) [K]u(n) = ωn2 .

where [M ] is the mass matrix and [K] is the stiffness matrix, superscript t denotes
the transpose. These matrices are defined such that the undamped governing
equations can be expressed in the form
[M ]ẍ + [K]x = f .

(5.22)

Assuming harmonic excitation f = Feiωt and response x = Xeiωt , and further
assuming that excitation is only applied at the ψth coordinate, we can express
the (undamped) FRF relating the response at point ϕ to excitation at point ψ as
Hx (ϕ, ψ, ω) =

N
X

(n)

(n)

uk uj
.
2
2
n=1 ωn − ω

(5.23)

A derivation of this result can be found in appendix A.4.1. We define the ‘modal
amplitude factor’ (ân ) as
(n)

(n)

ân (ϕ, ψ) = uϕ uψ .

(5.24)

The sign of the modal amplitude factor determines the sign of the response at
either side of the resonance. This means that if the modal amplitude factor
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has the same sign for two adjacent modes then there must be a zero-crossing
(antiresonance) between the resonances. The ‘driving point response’ is defined
as the response when we observe and excite the same point. For example, the
driving point compliance FRF is given by
N
X

(n)

(n)

uψ uψ
Hx (ψ, ψ, ω) =
.
2
2
n=1 ωn − ω

(5.25)

The driving point modal amplitude factor ân (ψ, ψ) is, by definition, always
positive. This means that there is a zero-crossing (anti-resonance) between each
resonance in the driving point FRF.

5.2.2

Damping

Damping is the most complicated aspect of modelling vibrating systems due to
the fact that it depends on a wide variety of physical mechanisms [31]. There
are two simple approaches to modelling damping that are commonly used in
modal analysis: viscous damping and structural (hysteresis) damping [31]. See
e.g. (Maia and Silva, 1997) [87] or (Ewins, 2000) [31] for detailed discussions.
In a lumped-element model viscous damping is represented using dashpots (see
figure 3.3). In a modal model we account for viscous damping by introducing a
‘modal damping ratio’ for each mode. Defining cn as the dimensionless modal
damping ratio the response function (equation (A.24)) becomes:
Hx (ϕ, ψ, ω) =

ân (ϕ, ψ)
.
2
2
n=1 ωn + 2icn ωωn − ω
N
X

(5.26)

For a single degree-of-freedom oscillator with mass m, stiffness k and viscous
damping λ, such as that in figure 3.5, the relationship between the viscous
damping factor and the dimensionless modal damping ratio is given by
λ
cn = √
.
2 km

(5.27)

The ‘quality factor’ Qn = 1/2cn is an alternative parameter used to describe
the modal damping. The relationship between the FRFs is Hv = iωHx and
Ha = iωHv , so evaluating the FRFs at resonance for a single degree of freedom
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system with an = 1/m1 gives:
Hx (ωn ) =

1/m1
1/m1
=
2
2icn ωn
2i √λ1,0
2

m1 k1,0

k1,0
m1

=

−i
−i
=
,
λ1,0 ωn
2cn k1,0

1
1
Qn an
=
=
,
λ1,0
2cn m1 ωn
ωn
i
iωn
=
= iQn an .
Ha (ωn ) = iωHv (ωn ) = ω 2 Hx (ωn ) =
λ1,0
2cn m1
Hv (ωn ) = iωHx (ωn ) =

(5.28)
(5.29)
(5.30)

It can be shown (see appendix A.4.2) that for a single mode the Nyquist plot of
the admittance FRF forms a circle. The red dots in figure 5.1 show an example
of this. For the compliance and accelerance response functions the Nyquist plot
approximates a circle when the damping is low (see e.g., figure 5.1(a)), but
deviates from a circle when the damping is increased, as shown in figure 5.1(b).

Fig. 5.1 Nyquist plots of normalised FRFs for a SDOF system with (a) cn = 0.05,
(b) cn = 0.5. × - Hx , • - Hv , ∗ - Ha . Increasing frequency is clockwise in each
case. The modal resonance coincides with the lowest point density.

5.2.3

Experimental modal analysis

The aim of experimental modal analysis is to extract the values of the three
modal parameters in equation (5.26) from a measured response model. These
modal parameters are the natural frequency ωn , the modal amplitude factor
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an , and a measure of the damping. For a modal model with viscous damping
(e.g., equation (5.26)) the modal damping ratio cn or the modal quality factor
Qn = 1/2cn are used.
For each individual mode, the response is at a maximum at the resonance
frequency ωn and dies away as the frequency deviates from ωn . The sharpness
of the peak is determined by the damping level. Modal overlap is a measure
of the closeness of adjacent modes. If the modal overlap is low around mode
n then the response at frequencies close to ωn is dominated by the response of
that mode, while the (residual) response of other modes is negligible. If modal
overlap is high then the residual response of nearby modes can significantly affect
the response as shown in figure 5.2.

Fig. 5.2 Bode magnitude plot of the driving point admittance frequency response
function for a simulated 2DOF system with significant modal overlap. First
mode (ωn=1 = 150 Hz) coloured in blue, second mode (ωn=2 = 200 Hz) in green.
In both cases regions of the FRF with positive real part are drawn as a dashed
line and regions with a negative real part are drawn as a dotted line. Individual
data-points of the summed system response by grey dots (•). Data-points of the
summed response corresponding to the half-power bandwidths of the underlying
modal responses are shown using red crosses (×).

5.2.4

Bode plot method for modal parameter extraction

The simplest method for extracting modal information from a measured FRF is
to find the frequency corresponding to a peak in magnitude (ωpeak ), the value of
the response at that peak (|Hpeak |) and the half-power bandwidth (δω3dB ). The
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half-power bandwidth is the frequency interval between points on either sides of
the peak that have magnitudes 3 dB below the peak value. For low damping we
take ωn ≃ ωmax and Qn ≃ ωn /δω3dB,n . The modal amplitude factor can then be
calculated by substituting |Hpeak | into equations (5.28) to (5.30).
For low modal overlap and a high frequency resolution the Bode-plot method
outlined above gives reasonable results. However, if the modal overlap is high
or the frequency resolution is low then the method fails to accurately capture
the modal parameters. This can be seen in figure 5.2 in which the peak of
the response curve for the lower-frequency mode does not provide an accurate
representation of the underlying mode.

5.2.5

Nyquist plot method for modal parameter extraction

Figure 5.3 shows a Nyquist plot corresponding to the Bode plot in figure 5.2.
The modal overlap has led to distortion of the modal circles and has shifted their
centres away from the x-axis. The centre of the circle for the secondary mode is
offset from the real axis and the peak response magnitude (maximum distance
from the origin) does not occur at resonance.

Fig. 5.3 (a) Nyquist plot corresponding to the Bode magnitude plot in figure 5.2.
The datapoints shown are uniformly spaced in frequency. The red crosses and
dots match those in figure 5.2. (b) Close-up of the behaviour around the low
frequency resonance. θ is defined as the arc angle anti-clockwise from horizontal,
and can be computed using equation 5.32.
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In order to extract modal parameters we fit a circle to the data-points in the
Nyquist plot (using e.g., CircleFitPrat in MATLAB). The diameter of the circle
(n ) can be expressed as:
Qn an
,
(5.31)
n =
ωn

where an is the modal amplitude factor, ωn is the resonant frequency for the
mode and Qn = 1/2cn is the modal quality factor. We define the arc angle
(shown in figure 5.3(b)) as:


θ = ∠ Hv (ω) − Hc



(5.32)

where Hc is the locus of the centre of the fitted circle, and ∠ is used to denote
the phase angle.
If the damping is proportional (see e.g., [31] or [87]) then ωn can be found by
interpolating to θ = 0, and the half-power-points occurs at θ = ±90. There is,
however, no reason to assume that the damping in a real structure is proportional.
We therefore instead make use of the fact that the angle between adjacent
datapoints is largest around resonance (as seen in figure 5.3). This can be used
as an interpolation condition to find ωn . The Nyquist-plot method laid out in
this section is used for all modal-parameter extraction in this thesis.

5.3

‘Impedance head’ for driving-point FRF measurement

The impedance-coupling approaches discussed in this thesis rely on the ability
to experimentally measure the driving-point response of the human chest. For
the driving point response ‘seen’ by a rigid contact there are three aspects to
this: forming a rigid contact with the chest, applying a known excitation force
and measuring the resulting motion of the rigid contact.
We form a rigid contact by loading the chest with a metal cylinder of the
appropriate mass and dimensions. The excitation force can be applied either
by using impulsive excitation with an impulse hammer, or by using continuous
excitation with a shaker. For systems with significant damping, it is beneficial to
excite the system continuously, using a shaker. The voltage applied to the sensor
cannot be directly converted into an excitation force, as the relationship between

5.3 ‘Impedance head’ for driving-point FRF measurement

109

shaker voltage and force exerted depends on the load [31]. This means that we
need to measure the force exerted on the metal cylinder using a force transducer.
A device designed to simultaneously measure excitation force and driving-point
acceleration is called an ‘impedance head’. One end of the impedance head is
mounted directly onto the test structure, while the other is attached to the shaker
via a ‘stinger’. A stinger is a thin rod that transfers axial forces from the shaker
to the impedance head while limiting the transmission of transverse excitation.
A stinger is required because unmeasured transverse forces can lead to errors
in response measurements, particularly for compliant structures like the human
chest [87].
Provided the magnitude of the shaker excitation significantly exceeds that of
any other sources of excitation within the system (such as background noise and
vibration) the impedance head theoretically gives a measure of the Norton /
Thévenin equivalent impedance of the system ‘seen’ at the driving point.
In practice, the force measured by the impedance head is not equal to the force
applied to the structure, and the acceleration measured by the impedance head
is not equal to the acceleration of the driving point [11] [44]. In order to correctly
interpret the data from impedance head measurements, these discrepancies must
be understood. In section 5.3.1 we present a LEM for an impedance head which
allows us to explain the discrepancies and their effect on the measured response.

5.3.1

Impedance head model

The impedance head is a compact device typically made mainly of titanium,
with ceramic piezoelectric elements. The longitudinal wave speed in piezoelectric
ceramics is typically over 4 km/s [114]. This means that, in the frequency range of
interest (<3 kHz), the dimensions of the impedance head are negligible compared
to the wavelengths and a lumped element model is appropriate. The titanium
elements of the impedance head have very high stiffness and can thus be modelled
as point masses. The piezoelectric elements have comparatively low stiffness and
much lower mass and can be modelled as springs (with their mass lumped to
either end of the spring).
Figure 5.4 shows a lumped element model for an impedance head. The base of the
impedance head (mass mb ) is connected to the excitation source. A piezoelectric
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fl

to test system
xa

xo

mo

ma

kb,o

kb,a

xb

mb
fb

Fig. 5.4 Lumped element model of impedance head. fl is the force exerted on
the test system.
crystal (of lumped stiffness kb,o ) connects the base to the coupling mass (mo )
which is connected to the test system. The impedance head also includes an
accelerometer. A seismic mass (ma ) is connected to the base mass (mb ) by a
second piezoelectric crystal (of stiffness kb,a ). The matrix equation governing
system is therefore given by:








 







m
0
0  kb,a + kb,o −kb,a −kb,o   Xb   Fb 

 b

 
  


2
−ω  0 ma
+  −kb,a
 X  =  0  , (5.33)
0
kb,a
0 


 
  a 


0
0 mo
−kb,o
0
kb,o
Xo
−Fl
where X and F are the frequency domain representations of displacement and
force.
The deformation of the piezoelectric crystal (xo − xb ) gives a voltage output that
is used to estimate the force applied through the crystal (fkb,o = kb,o (xo − xb )).
This is not a direct measurement of the force applied to the load structure due to
the finite mass mo of the impedance head above the force transducer. For loads
with low dynamic mass (typical for biological systems [87]) mo can be significant
compared to the effective mass of the load system. A correction for the force is
given by the third row of equation (5.33):
− fl = fkb,o + mo x¨o .

(5.34)
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Considering the accelerometer within the impedance head, the first row in
equation (5.33) gives:
−ma
(xa − xb ) =
ẍa .
(5.35)
kb,a
The piezoelectric crystal of the accelerometer gives a voltage output proportional
to (xa − xb ) which is thus proportional to the acceleration of the seismic mass
(ẍa ) at all frequencies. Equation (5.35) can be rearranged to give equation (5.36).
!

ω
ω 2 ma
Xa = 1 −
Xb = 1 −
kb,a
ωa


2 !

(5.36)

Xa .

Equation (5.36) shows that ẍa will match ẍb well provided ω ≪ ωa . This means
that the accelerometer gives an accurate measurement of the base acceleration
q
of the sensor at frequencies far below the internal resonance at ωa = (kb,a /ma .
However, the base acceleration of the accelerometer (ẍb ) is not equal to the
acceleration of the load (ẍl ).
Figure 5.5 shows a mechanical-impedance-analogy circuit for the impedance head.
Thévenin’s theorem is applied to simplify the circuit, replacing terms associated
with the shaker and the stinger that are not relevant to the measurement with an
equivalent input force (fThé ) and a source impedance (zThé ). The test-structure
is represented by an arbitrary load impedance zl .
ẋb - ẋa
zThé

ẋb

i!mb

ẋo i!mo

kb,a /i!
ẋa

fThé

⇠

ẋb
i!ma

fkb,o

ẋo
kb,o
i!

ẋl
zl

fl

Fig. 5.5 Thévenin’s theorem applied to impedance-analogy circuit of an impedance
head on a shaker, with a load impedance of zl .
From figure 5.5 it is evident that the load impedance plays a role in determining
the relationship between the measured terms (proportional to xb −xa and xb −xo ),
and the terms of interest (fl and ẋl ). This means that there is no simple correction
factor that can be applied to account for the bias error. In order to correctly
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interpret the measurements results we must therefore make use of our LEM for
the impedance head.

5.3.2

Model validation

In this thesis we present results measured using a PCB 288D01 Impedance
Head. To validate our model for the impedance head and establish values for
the lumped elements we use the impedance head to measure the driving point
response of a set of rigid (steel and aluminium) load masses. This process can be
interpreted as a ‘mass-calibration’ of the sensor (see e.g. [10]. The experimental
setup for the mass-calibration is shown in figure 5.6. A range of rigid load masses
were bolted to the top of the impedance head, and the system was excited with
bandpass-filtered white noise for 100 s.
rigid load
mass

wires

impedance head

stinger

shaker

Fig. 5.6 Experimental setup for rigid mass impedance head tests.
The dynamic mass FRF, calculated using the calibration factors specified by the
manufacturer, is shown for three representative cases in figure 5.7. The response
is characterised by a low frequency plateau in dynamic mass, followed by an
antiresonance. Our lumped element model for the impedance head suggests that
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this antiresonance arises due to the mounting stiffness between the impedance
head and the load. This is validated in section 5.3.3.

Fig. 5.7 H1 estimator for the driving point dynamic mass (Md ) measured by a
PCB 288D01 impedance head using the setup shown in figure 5.6 for rigid mass
loads of 50 g (blue cross ×), 100 g (red plus +) and 150 g (grey dot •). Frequency
bins with a coherence of less than 0.98 are plotted in light colour.
When we extract the value of the dynamic mass plateau from the measured
FRFs for a number of known load masses, we can establish the value of the
‘mass-above-the-force-gauge’. The ‘mass-above-the-force-gauge’ is equal to the
magnitude of the dynamic mass plateau when no load is applied to the impedance
head (mo ≃ 6 g). The manufacturers specify the ‘internal resonance’ of the
accelerometer within the PCB 288D01 Impedance Head to be ωaccel ≃ 38 kHz.
This means that for the frequencies far below this resonance we can treat the
kb,a /iω term in the impedance-analogy circuit in figure 5.5 as an open circuit
and let ẍb ≃ ẍa . We can then simplify the impedance-analogy circuit as shown
in figure 5.8.
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ẋb

ẋb

ẋo
kb,o
i!

fkb,o

ẋl

i!ml

ẋo ẋl
ko,l
i!

Fig. 5.8 Right hand section of the impedance-analogy circuit in figure 5.5, with
the generic load impedance Zload replaced by a mounting stiffness ko,l and a load
mass ml . For ω ≪ ωaccel we can approximate ẍb ≃ ẍa , which allows us to use
this circuit-segment to model the FRF measured by an impedance head.
The net stiffness of the impedance head is specified by the manufacturers as
(kb,o ≃ 3.5 × 108 N/m). The only remaining unkown in the model is the mounting
stiffness.

5.3.3

Mounting stiffness

In this section we explore the dominant antiresonance in the driving point FRF
that can be seen in figure 5.7. An antiresonance in a driving point response
measurement corresponds to a natural frequency of the theoretical system that is
obtained if the driven degree of freedom of the actual system is rigidly linked to
mechanical ground (see e.g. [87]). This means that the frequency of the observed
antiresonance is given by the lower natural frequency of:








 



 

m
0  kb,o + ko,l −ko,l  Xo  0
−ω 2  o
+
=
.
0 ml
−ko,l
ko,l
Xl
0

(5.37)

Equation 5.37 can be rearranged for the unknown mounting stiffness, giving
ko,l =

ω−2 1 ml (kb,o − ω−2 1 mo )
.
kb,o − ω−2 1 (mo + ml )

(5.38)

The unknown mounting stiffness (which varies with the experimental setup) has
serious repercussions for the reproducibility of these results. The location of the
dominant antiresonance cannot be precisely controlled or predicted. When comparing results from tests between which the equipment has been disassembled and
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reassembled we are limited to comparing results below any of the antiresonances
(unless the mounting stiffness is considered part of the measurement).
To illustrate this, figure 5.9 shows two measured driving point dynamic mass
curves from nominally the identical experiments. The only difference between
the two cases is how firmly the rigid load mass is attached to the impedance
head.

Fig. 5.9 H2 estimator of the driving point dynamic mass using an impedance
head with a 51.0 g rigid load mass attached firmly (+) and loosely (•) to the
impedance head. Frequency bins in which the coherence drops below 0.98 are
given by red crosses (×).
In figure 5.9 the antiresonance frequency for the loose case is around 2025 Hz,
while for the stiff case it is around 9500 Hz. Using equation (5.38) we can estimate
the mounting stiffnesses as 8.5×106 N m−1 and 4.1×108 N m−1 respectively.

5.3.4

Simulated impedance head FRF measurement

Using the LEM parameter values derived in section 5.3.2, computing the mounting
stiffness using equation (5.38) and applying appropriate modal damping factors
the FRF measured by the PCB 288D01 Impedance Head can be simulated.
The simulated response is superimposed onto the measured response for three

116

Experimental methods

representative load masses in figure 5.10. The simulated response matches the
measured response well in the frequency range up to and including the ‘mountingantiresonance’. At frequencies beyond those shown in figure 5.10 the assumption
that the impedance corresponding to the accelerometer stiffness (kb,a /iω) is
infinite begins to break down and the lumped elements corresponding to to
the accelerometer have to be included in the model. However, at these high
frequencies unmeasured transverse forces begin to play a more significant role,
which means that the measured force signal is is no longer be a valid description
of the excitation of the system [31]. This means that any attempt to model this
frequency region accurately is superfluous.

Fig. 5.10 Modelled impedance head dynamic mass FRF measurements for load
masses of 50, 100 and 150 g superimposed on experimental measurements. Parameter values for the model are as discussed in sections 5.3.2 - 5.3.4. Damping
values for the models are selected to match the damping observed in the measured
FRFs.
We have shown that the FRFs measured using an impedance head deviate from
the true driving-point FRFs of the load. The dominant deviations are an offset of
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iωmo across all frequencies and an antiresonance associated with the mounting
stiffness that dominates the response above a certain frequency.
As the mounting stiffness cannot be accurately predicted before the experiments
are performed it is not possible to model the expected response without any
reference to experimental data. However, the model does inform us about how to
accurately interpret the FRFs measured using an impedance head. Furthermore,
the model can be used to simulate changes made to the load system which do
not involve altering the mounting stiffness between the impedance head and the
load.

5.4

Summary

In this chapter we have outlined the fundamental techniques underlying the
analysis of experimental data in this thesis. Individual experimental setups are
described in the following chapters. All of these make use of the techniques we
have outlined in this chapter. Experimental estimates of frequency response
functions form the backbone of the results presented in this thesis. We make
extensive use of an impedance head to measure both driving-point impedances
and the excitation-input for our chest-phantom. The lumped element model for
the impedance head presented in this chapter is used to make sense of this data.

Chapter 6
Phantoms
The human chest is a highly complex system. No two chests are the same.
Significant variations are found in geometry, anatomy and material properties.
These variations can be genetic, or related to age, health and physique. Adiposity
(excessive body fat) in particular can have a significant effect on the propagation
of vibrations through the human chest.
This degree of variability does not lend itself well to experimental reproducibility.
Furthermore, the inherent variations between human chests can cloud the view
of what observations on stethoscope performance are generalisable. In order to
develop a model for the acoustics of the stethoscope we first require a simplified
system that:
• can be represented by a simple spatial model,
• can be built and tested in a laboratory environment,
• has a clearly defined and measurable input signal,
• can be reproduced by other researchers.
As noted in section 2.3.2, a rig designed to mimic a part of the human body is
often referred to as a ‘phantom’. A wide range of ‘chest phantom’ designs have
been proposed in the literature and are discussed in detail in section 6.1. In
section 6.2 we describe the design of our own chest-phantom, addressing some
of the shortcomings in existing approaches. In section 6.3 we present a set of
experiments used to characterise the behaviour of the phantom. In section 6.4
we derive a simple LEM to describe the low frequency behaviour of the phantom,
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and in section 6.5 we compute a transmission matrix to describe the transmission
of vibration through the phantom, allowing us to model the response of sensors
over a more extended frequency range. Finally, in section 6.6 we demonstrate
the robustness of our results with respect to small deviations in the positioning
of the sensor on the phantom.

6.1

Phantoms in the literature

Phantoms designed to test and compare stethoscopes have been constructed
using a wide variety of materials to mimic the properties of the human chest.
Many early studies used water-filled structures. Wodicka et al. [163] employed a
water-filled sponge sealed within a latex pouch, Warous et al. [157] (and later
Pavlosky et al. [123]) utilised a water-filled ball, while Welsby et al. used a
water-filled blood pressure cuff [161]. A more common technique in recent years
has been to use viscoelastic elastomers to replicate the mechanical properties of
the chest surface. Tables 6.1 and 6.2 give an overview of the materials used for
phantoms that have been described in recent literature (2006 - 2020). Mansy et
al. [96] performed a detailed investigation into the material properties of various
synthetic materials to assess their suitability for soft-tissue modelling as well as
their stability over time. A range of materials were found to be suitable, which
explains the extensive variety observed in the literature.
The variability in phantoms can lead to difficulties in comparing results. In 2006
Kraman (et al.) set out to address this issue by designing a well documented
system that could be replicated by other research groups [77]. This ‘BioAcoustic
Transducer Testing’ (henceforth ‘BATT’) system consisted of a square sheet of
Akton ™ placed above an air cavity, with a loudspeaker in the cavity used to
provide an excitation signal (see table 6.1). Kraman et al. compared the use
of Akton™ with meat and observed reasonable agreement. The BATT system
has been used to compare stethoscopes [79], study the effect of clothing on lung
sound recording [76], and investigate the sensitivity of sensors to airborne and
tissue-borne signals [171]. There has, however, been limited adoption by the
wider research community. Recently (2020), Joyashiki and Wada published a
comparison of three different stethoscope types in which they used a ‘respiratory
sound simulator’ based on the work of Kraman et al. [77], but with several design
modifications [66] (see table 6.2).

2006

2009

2010

2015

Kraman et al.

Mansy et al.

Hirahara et al.

Nelson *1

cylinder with rigid base and 75 mm diameter,
free sides
50 mm height

cylinder with rigid side and 100 mm diameter,
base walls, and a rigid plate 40 mm height
embedded 10 mm below the
surface

80 mm square, 7 mm
height

320 mm diameter,
150 mm height

Dimensions

[4]

cylinder with rigid base and not specified
top and free sides

[105] cylinder with rigid base and not specified
sides

[51]

[94]

square sheet of material
placed above an air cavity

cylinder

Geometry

*1 this thesis also describes the phantom in [106].

Bakhshaee et 2015
al.

2006 [19]

Dai

[77]

Year

Author(s)

Ecoflex 00-10

Shore 10A silicone elastomer covered with a thin polymer membrane (not specified further)

urethane elastomer (not specified
further)

Semicosil 921 (Wacker Solutions,
Adreian, MI)

Akton™

CF 11 silicone gel (Nusil Technology, Carpinteria, CA)

Material

Table 6.1 Geometry, dimensions and materials used for selected phantom designs from 2006 - 2015.
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cylinder with a rigid base 75 mm diameter,
and free sides
50 mm height

Geometry

ballistics gel (Perma-Gel Personal
Ballistic Gel Test Kit; Perma-Gel,
Inc.; Albany,OR, USA), castor oil
and open cell foam

urethane elastomer (not specified
further)

Material

2020

Dimensions

[158] rectangular geometry, with cross sectional dimenseveral stacked layers within sions not specified,
a plastic container
5 mm of gel on top of
phantom

gelatine

Year

[73]

cylinder with rigid side walls 160 mm diameter,
and an embedded PVC 90 mm height
structure

Ecoflex 00-10

Table 6.2 Geometry, dimensions and materials used for selected phantom designs from 2018 - 2020.
Author(s)

2019

[71]

cylinder on a rigid base, with 130 mm diameter,
a 87 mm diameter hole in the 30 mm height
base leading to an air cavity,
and free sides

2020

2020

[65]

2019

[3]

cylinder with a rigid base diameter not specified, a porous ‘open cell material faband free sides
10 mm height
ricated from particles of plastic
foam obtained from recycled car
dashboards’ (not specified further)

Joyashiki and 2018
Wada
Weiss et al.

Klum et al.

Keller (patent)

Aygün and
Apolskis

Joyashiki and
Wada*1

urethane elastomer (not specified
further)

[66]

(geometry not specified) not specificed
elastomer on a rigid base
with multiple small (2 mm)
holes in the base leading to
an air chamber
*1 this paper also describes the phantom in [65].
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Having investigated some of the materials available for phantom construction
in detail [96], Mansy et al. also published a well documented phantom design
intended for adoption by the wider research community [94, 95]. To this end,
Mansy et al. published step-by-step instructions for the construction of the
phantom (see [94]). Mansy et al.’s phantom consists of a cylinder of viscoelastic
material, surrounded by a rigid base and walls, with a speaker embedded within
the cylinder.
Despite the fact that the exact design proposed by Mansy et al. has not been
adopted in the wider research community, it is worth noting that almost all of
the reported phantom designs since 2009 have featured cylinders of synthetic
viscoelastic material. In almost all cases the base is constrained, with the sides
either left free [51, 65, 71, 3, 66] or also constrained [106, 105, 73]. As these
phantoms are designed to replicate the coupling of sensors to the chest, but
not the propagation of sound through the chest, they do not typically contain
components designed to mimic specific anatomical features such as the bones or
lungs. One notable exception is the phantom of Weiss et al. (2019) [158] which
features several layers of different materials stacked inside a plastic container.

6.1.1

Excitation

Phantoms are typically excited by using either a loudspeaker or an electrodynamic
shaker. If a loudspeaker is used, this is typically coupled to an air-cavity which
is in contact with the phantom. If a shaker is employed, then this is typically
used to vibrate a rigid element in contact with the phantom. In both cases, the
excitation source can be either at the base of the phantom or embedded within
the phantom material. Table 6.3 divides the phantoms described in several recent
studies into these four categories.
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Table 6.3 Excitation sources for transducer-testing-phantoms described in the
literature.

at base

speaker
(Wodicka, 1994) [163]
(Suzuki, 1998 & 2000) [142, 143]
(Kraman, 2006) [77]
(Keller, 2020) [71]
(Joyashiki, 2020) [66]
(Mansy, 2006) [94]

embedded

shaker
(Watrous, 2002) [157]
(Welsby, 2003) [161]
(Hirahara, 2010) [51]
(Nelson, 2015) [106]
(Joyashiki, 2018 & 2020) [65, 66]
(Aygün, 2020) [3]
(Dai, 2006) [19]
(Nelson, 2015) [105]
(Weiss, 2019) [158]
(Klum, 2019) [73]

Most of the studies we surveyed used a (white, pink or bandpass-filtered) noise
signal as the excitation input [163, 143, 157, 77, 94, 106, 105, 158, 73, 71, 3, 66].
Joyashiki and Wada also played tracheal sounds (normal breathing sounds
recorded at the trachea) and wheezes (abnormal lung sounds) through their
phantom for demonstrative purposes [66]. Mansy et al. [94] and Klum et al. [73]
used ‘spectral equalisation’ techniques to achieve an approximately flat spectrum
at the unloaded phantom surface. As the spectrum will be modified when the
surface is loaded the advantage of this procedure is limited. A wide range of
frequency bands have been used for the excitation applied to phantoms, with
several researchers only reporting results above 100 Hz (see e.g. [163], [77] and
[51]) despite the fact that most of the energy in heart sounds is associated with
frequencies below 100 Hz.
One notable exception to the use of speakers or shakers to produce the excitation
signal is the work of Bakhshaee et al. [4], who introduce vibrations into their
cylindrical phantom using fluid flow through a constricted pipe running along
the central axis of the phantom. While this may be more representative of the
way certain body sounds are generated, it does not lend itself to the testing and
comparison of stethoscopes as the input signal is hard to measure and control.
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Loading

When conducting phantom-tests, one important issue to consider is how to apply
the stethoscope to the chest surface. The most common approaches are sticking
the sensor on with double sided tape (see e.g. [163, 79]), letting the sensor rest
on top of the phantom with just its self-weight (see e.g. [161, 106]), or applying
load masses to the sensor in an attempt to replicate the pressure applied by the
physician (see e.g. [71, 106, 73]). In section 4.5.4 we suggest that a load-mass
may not be a good model for the loading from a clinician’s hand. The rigid mass
provides a static force load (due to the vertical orientation of the phantom-setup),
but it also provides an impedance load that affects the response of the coupled
system. In clinical use, the static force with which the stethoscope is applied to
the chest is not simply equal to the mass of the stethoscope chestpiece multiplied
by 9.81 ms−2 . Furthermore, the impedance load from the clinician’s hand may
differ significantly from a pure mass, as is confirmed by experimental results
shown in sections 7.5.4, 8.5 and 9.8. None of the studies reviewed in this thesis
have taken this issue into account.
Unusually, Bakhshaee et al. (2015) [4] attach stethoscopes to the curved side
of their cylindrical phantom rather than to the flat top. The position of the
stethoscopes is controlled using micro-manipulators, with a load-cell to measure
the application pressure. Bakhshaee et al. do not measure the impedance load
produced by this method of attachment, which makes it hard to replicate and
interpret their work.

6.1.3

Reference signal

When using a phantom to test or calibrate stethoscopes there needs to be a
reference signal against which the stethoscope output can be compared. If the
phantom is used purely for comparing sensors then it may be possible to not
use a reference signal, but there still needs to be some way of ensuring that the
input is kept constant.
Table 6.4 summarises the reference signals used for phantoms in a selection of
recent studies. The table differentiates between studies in which no reference
signal is used at all and studies in which the reference is ‘not measured during
tests’. In both cases researchers typically set the excitation voltage to the same
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level in all tests and assume that this creates identical input conditions. This
is not the case. Ewins [31] shows that the force output from a shaker depends
not only on the voltage signal but also on the impedance of the load to which
the shaker is attached, and on the shaker mounting. For studies in which no
reference signal is measured at all, the resulting spectra are only valid for the
particular phantom used, negating the benefits of using a phantom instead of
performing measurements directly on the human chest.
Table 6.4 Examples of frequency ranges for stethoscope-phantom test results
published in the literature.
Author(s)

Year

Citation

Wodicka et al.
1994 [163]
Suzuki and Nakayama 2000 [143]
Watrous et al.
2002 [157]
Welsby
2003 [161]
Dai
2006 [19]
Kraman et al.
Mansy et al.
Hirahara et al.

2006 [77]
2009 [94]
2010 [51]

Nelson et al.

2015

[106]

Nelson

2015

[105]

Joyashiki and Wado

2018

[65]

Weiss et al.
Klum et al.

2019 [158]
2019 [73]

Keller (patent)
Aygun and Apolskis
Joyashiki and Wada

2020 [71]
2020 [3]
2020 [66]

Reference signal
none
microphone in the air cavity
not measured during tests
none
acceleration from impedance head
at shaker side of stinger *1
microphone in the air cavity
not measured during tests
accelerometer on the phantom surface next to sensor being tested
force transducer between the
shaker and the phantom
accelerometer on the rigid base for
‘background vibration’, none for
‘patient noise’
accelerometer on the phantom surface next to the sensor being
tested
none*2
accelerometer on the phantom surface next to the sensor being
tested
microphone in the air cavity
none
microphone in the air cavity

*1 Positioning an impedance head on the shaker side of a stinger rather than the load side can
lead to poor quality measurements (see e.g. [31]).
*2 Weiss et al. claim that they use “calibrated audio levels to ensure that each stethoscope
received the same acoustic energy at the auscultation point” but provide no further information
on how they do (or define) this.
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Studies in which the reference is ‘not measured during the tests’ typically measure
a reference signal at the unloaded phantom surface when subjected to the same
nominal excitation signal that is used to test stethoscopes (see e.g. [157, 94]).
As already noted there is no guarantee that applying the same electrical input
signal to the shaker or loudspeaker leads to the same physical input excitation
when different loads are applied to the system. Furthermore, the fact that the
reference signal is not recorded simultaneously to the excitation signal precludes
the computation of FRFs.
The vibration-characteristics of phantoms have rarely been fully investigated.
Mansy et al. [95] found that there was a high degree of spatial uniformity in
the unloaded surface motion over the central 40 mm of their 100 mm diameter
phantom. However, Klum et al. [73] note that applying the stethoscope to
the phantom disturbs this uniformity. Welsby et al. [161] report that their
phantom “was prone to resonate at certain frequencies” but neither they nor
any other published studies have, to our knowledge, undertaken a detailed
experimental modal analysis of their phantom. We propose that it is not the
unloaded behaviour of the phantom that should be characterised, but rather its
behaviour when subjected to loading by the sensors being tested.
In this chapter we address the issues that have been raised in this literature review.
We characterise the behaviour of our phantom with respect to different loads
applied to the surface using a method that allows for non-linearity with respect
to the loads applied. We measure the performance of sensors with respect to the
force and acceleration at the base of the phantom, and use our characterisation
of the phantom’s behaviour to interpret these response functions.
The response functions measured on a phantom always depend on the properties
of the phantom. However, if we understand how the response functions depend
on the properties of the phantom then we can use this to interpret how the same
sensors would behave on the human chest. The is explored for the case of a rigid
direct contact sensor in chapter 8.

6.2

Phantom design

To design a phantom for testing stethoscopes we returned to the four requirements
laid out in the introduction to this chapter. The single most important element
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that can be distilled from these four requirements is simplicity. The simpler the
design, the easier it is to build, model and reproduce the phantom, and the easier
it is to clearly define a suitable input signal.
To allow for a simple spatial model of the system, we designed the phantom
to consist of only two core parts: a rigid base layer and a viscoelastic top
layer, with vertical excitation. We opted for a cylindrical design, reducing the
three-dimensional complexity, and also simplifying the construction. The entire
phantom is freely suspended on the excitation mechanism to yield a single clearly
defined input and to limit the number of unknown boundary conditions. The
rigid base layer can be modelled as a single-degree-of-freedom system. The
advantage of this is that it allows us to fully define the input excitation in terms
of just the force on, and the velocity of, this base layer. Consequently, a shaker
(rather than a speaker) is the natural choice for an excitation mechanism. An
impedance head can be used between the shaker and the rigid base layer to
measure the input signal during tests. The rigid base layer also allows the input
excitation to be applied to the viscoelastic layer in a fairly uniform manner.
To ensure repeatability, we used readily available equipment and materials, with
the main layer of the phantom constructed from a commercial viscoelastomer
that has been widely used in similar work. The dimensions for the phantom
were chosen by establishing a compromise between a number of requirements,
while making use of widely available laboratory parts to aid reproducibility. The
radius of the viscoelastic cylinder needs to be large enough to allow a range of
stethoscope chestpieces to be mounted at its centre without being too close to
the edge, but small enough to prevent excessive transverse motion and forces
arising from small imbalances. A 150 mm diameter satisfies these requirements,
and allows the phantom to be moulded using a standard 150 mm inner-diameter
pipe segment. The thickness of the viscoelastic layer needs to be thin enough to
not unduly attenuate the input signal, especially at higher frequencies. However,
using a thinner layer increases the stiffness, which should be kept within a range
that is physically plausible for modelling the human chest. A thickness of 20mm
was chosen as a reasonable compromise.
This remainder of this section outlines the detailed design of the phantom used
for experiments to characterise stethoscope performance in this thesis (henceforth
‘the phantom’). Sufficient detail is provided for the phantom to be replicated, to
ensure the reproducibility of the results presented in this thesis.
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Materials

The phantom consists primarily of a cylinder composed of the commercial
silicone elastomer Ecoflex™ 00-10, Smooth-On Inc. Ecoflex™ 00-10 is a type
of polysiloxane [168] which is easily fabricated by mixing two components and
curing at room temperature [4]. Ecoflex™ 00-10 was identified by Mansy et al.
as a suitable phantom material, and has been used successfully for stethoscopetesting-phantoms by e.g. Keller [71] and Bakhshaee et al. [4].
Ecoflex™ has the advantage (versus other common phantom materials such as
agar gel and gelatin) that its mechanical properties vary less over time, and
that it is able to adhere strongly to the rigid surfaces of the phantom rig [168].
Bakhshaee et al. [4] argue that “its robustness makes it a perfect candidate for
making stable phantoms”.
The material properties of Ecoflex 00-10 have been extensively explored (see e.g.
[19, 96, 34, 14, 9, 151]). A wide range of properties are reported in the literature,
which may in part be due to differences in production. The exact ratio of the two
components mixed together as well as moisture and air-entrapment can affect
the material properties of the final product [96].

6.2.2

Geometry

The design for the phantom is shown in figure 6.1. A 75 mm diameter, 20 mm high
cylinder of silicone elastomer (Ecoflex™00-10) is cast onto a 90 mm diameter,
2.5 mm thickness aluminium disc. This disc is is mounted on an impedance
head as shown in figure 6.2. The sides of the silicone elastomer cylinder are
unconstrained in the radial direction. The total mass of the phantom is 140.3 ±
0.1 g (measured using a Sartorius Model 2255 precision balance).
In the manner adopted by e.g., Nelson et al. (2015) [106] and Joyashiki and
Wada (2018) [65] we mount the entire phantom on a shaker so that the number
of unknown reaction forces is minimised. Unlike Nelson et al. [106] we use an
impedance head at the base of the phantom to measure both the input force
and the driving point acceleration. The presence of unknown transverse forces
transmitted through the impedance head at the base cannot be completely eliminated, but these are minimised by using a stinger and by ensuring a symmetrical
setup [31].
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load or sensor
placed here

silicone rubber
cylinder
aluminium plate

75 mm

20 mm
2.5 mm
90 mm

input force applied here

Fig. 6.1 Schematic of the phantom design.

6.2.3

Construction

The following methodology was developed for the phantom casting:
1. Assemble the phantom mould using an aluminium base plate with a tapered
bolt attached to one face and a segment of perspex pipe with the appropirate
diameter glued to the free face. The perspex pipe should be coaxial with
the aluminium plate and the tapered bolt.
2. Line the inside of the perspex tube with paper and spray with a quick
release agent.
3. Mix Ecoflex™ 00-10 with a ratio of A:B = 1:1 by volume in a container.
4. Mix vigorously to ensure a homogeneous distribution.
5. Place the Ecoflex™ 00-10 container in a vacuum chamber and degass.
6. Slowly pour the Ecoflex™ 00-10 mixture into the mould.
7. Place the mould with the Ecoflex™ 00-10 into the vacuum chamber and
perform a second degassing.
8. Leave to cure for at least four hours (cure time specified by manufacturer).
9. Carefully remove the perspex pipe and the paper to leave the Ecoflex™
00-10 cylinder unconstrained in the radial direction.
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The degassing steps reduce the entrainment of air bubbles in the Ecoflex™.
Air bubbles affect the mechanical properties of the phantom and thus the
reproducibility of the results.

6.2.4

Excitation

To provide an excitation signal the phantom is mounted on top of a shaker (Ling
Dynamic Systems V201). A voltage signal is generated in MATLAB and fed to
the shaker as described in section 5.1.1. To measure the physical input signal
an impedance head (see section 5.3) is mounted to the base of the phantom.
The impedance head is connected to the shaker via a stinger. The fact that the
weight of the phantom is supported entirely through the stinger means a fairly
stiff stinger needs to be used. This reduces the extent to which the stinger is
able to prevent unmeasured transverse forces (see section 5.3 for a discussion of
the issues associated with this).
As the phantom directly loads the shaker without any additional external supports,
the shaker armature is displaced from the centre of the coil which can cause
some signal distortion [31]. Since a measured force is used as the input reference
(rather than the voltage signal applied to the shaker) this is not a critical issue.
The distortion mainly occurs when the voltage signal is first applied to the shaker,
at which point there can be a ‘jump’ followed by a short period of transient
behaviour. To account for this we truncate the first portion of the signal in the
time domain.

6.3

Phantom characterisation

In section 6.1.3 we argue that there is not much to be gained by analysing the
vibration behaviour of the phantom in isolation. Instead, we are interested in
how the phantom behaves when it is coupled to a sensor. This section explores
the vibration behaviour of the phantom described in section 6.2 when different
load masses are placed in the stethoscope-testing-position on top of the phantom.
Figure 6.2 shows the experimental setup used to investigate the effect of sensor
mass on the driving-point response at the base of the phantom. The phantom is
loaded with either only a metal cylinder (‘rigid load mass’), or a metal cylinder
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with an accelerometer (PCB Piezotronics M353B15) attached. The latter can
be interpreted as a direct contact sensor. In this chapter FRFs between the
acceleration of the direct sensor and the input force are utilised to explore the
properties of the phantom. In chapter 8 the same experimental setup is used to
explore the performance of direct contact sensors.
accelerometer
wire
silicone elastomer
cylinder
wires

rigid load
mass
aluminium
base plate

impedance head
stinger

shaker

Fig. 6.2 Experimental setup for driving-point FRF measurements at the base of
the phantom, with rigid load masses applied at the centre of the top surface of
the phantom. An accelerometer is included for a subset of the measurements to
allow a transfer FRF to be computed (see section 6.3.3 and chapter 8).

6.3.1

Results - effect of load mass on driving point FRFs

Figure 6.3 shows the driving-point admittance FRF measured at the base of the
phantom when rigid load masses are applied to the top surface as shown in figure
6.2. For these measurements no accelerometer is used on the load mass. Results
are shown for load masses of 50, 100 and 150 g.
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Fig. 6.3 Driving point admittance FRF measurements for the phantom loaded
with 25.4 mm diameter rigid cylindrical load masses of 51 g (•), 100 g (×) and
150 g (+).
In all three cases the first resonance frequency of the system occurs at ω1 /2π =
0 Hz (not directly shown on the logarithmic frequency scale), which agrees with
what we expect for a ‘freely-supported’ system with no ground links (see e.g.
[31]). The phase of -90 degrees tells us that the response is mass dominated at
low frequency (see section 3.4 and e.g. [10]). For each case there are three clear
resonances between the 0 Hz resonance and a dominant antiresonance at ∼1 kHz.
For each load mass case, an antiresonance can be observed between each pair
of resonances. This is always the case for a driving-point response and can be
used as a quality control step [31]. The coherence is high (> 0.99) throughout
the frequency range shown. The modes between 100 Hz and 1 kHz are quite
highly damped (evident from the low peak-prominence, and the shallow phase
gradient).
Comparing the admittance FRF curves for the three different load masses, it is
evident that beyond ∼100 Hz the FRFs collapse onto a single curve. This suggests
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that the load mass has ‘locked’ and is no longer contributing the impedance seen
at the base.
Figure 6.4 shows the resonance and antiresonance frequencies for the driving
point response at the base of the phantom when this is loaded with 25.4 mm
diameter loads with a range of masses. It can be seen that the trends observed
in figure 6.3 hold true: only ω− 1 and ω2 exhibit a noticeable dependance on load
mass.

Fig. 6.4 Resonance (•) and antiresonance (×) frequencies extracted from driving
point phantom response data for various load masses of diameter 25.4 mm placed
centrally on the top surface of the phantom. The resonance and antiresonance
frequencies are extracted by circle fitting to the Nyquist plot of the H2 estimator
of the admittance and impedance FRFs respectively as discussed in section 5.2.5.
The trend in the resonances matches what we would expect from the interlacing
theorem: the resonances of a coupled system interlace the resonances of the two
subsystems that are coupled together [87]. In this case, every time mass is added
to the load we are coupling the existing system with a system that has a resonance
at ω = 0 rad s−1 . The interlacing theorem suggests that the ω2 resonance should
interlace the previous (lower load mass) ω2 resonance and 0 rad s−1 . This can be
observed in figure 6.4. The trend also matches the prediction made by Rayleigh’s
theorem: when we add mass to the system the resonance frequencies decrease
[87].

6.3 Phantom characterisation

135

We have identified that the load mass is ‘locking’ from the perspective of the
driving point at the base, and that the response is predominately mass-dominated
in the frequency range of interest. This suggests that the dynamic mass FRF
can yield more insight into the system’s response. Figure 6.5 shows the driving
point dynamic mass FRF for 25.4 mm diameter load masses ranging from 50 150 g, as well as the response of the unloaded phantom.

Fig. 6.5 Bode plot of driving point dynamic mass measurements for load masses
on the phantom. Results are shown for the unloaded case (◦) and for loading
with 25.4 mm diameter rigid cylindrical load masses of 51 g (•), 100 g (×) and
150 g (+).
In all four cases, the low frequency response is characterised by a dynamic mass
plateau at a magnitude approximately equal to the combined mass of the load,
the phantom and the ‘mass-above-the-force-gauge’ of the impedance head (mo ).
The difference between the plateau levels is approximately equal to the difference
between the load masses.
In each of the loaded cases, the low-frequency dynamic mass plateau is followed
by an antiresonance–resonance pair, beyond which the curves collapse and no
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longer depend on the load mass. This suggests that the antiresonance - resonance
pair is related to the shedding of the load mass.
In section 3.4.2 we show that after a ‘mass-locking’ antiresonance – resonance
pair the dynamic mass can be expected to reach a new plateau level equal to the
mass of the system remaining without the locked mass. In figure 6.5 the dynamic
mass FRFs do not reach a new plateau, instead being characterised by further
antiresonances and resonances. This suggests that are there resonances within
the phantom at intermediate frequencies. These resonances do not depend on
the load mass as shown in figure 6.4. However, in section 6.3.2 we show that
the intermediate resonances do depend on the load area. This explains why the
intermediate-frequency resonances of the unloaded case do not match those of
the loaded cases.
While the lack of a clear ‘post mass-locking’ plateau means that we cannot simply
read off the amount of mass locked, the fact that for different load masses the
FRFs collapse to a single curve after the mass-locking phenomenon suggests that
the difference in the amount of mass locked is equal to the difference in load
mass.

6.3.2

Results - effect of load contact area on driving point
FRFs

Figure 6.6 shows the driving point dynamic mass FRF measured at the base
of the phantom when the phantom is loaded by ∼50 g cylindrical loads with a
range of contact areas.
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Fig. 6.6 Bode plot of the driving point dynamic mass at the base of the phantom,
when the phantom is loaded with ∼50 g rigid cylindrical load masses with different
contact areas.
In figure 6.6 we observe that the response curves no longer collapse above 150 Hz,
as they did for different load masses with the same contact area (see figure 6.5). In
other words, when we change the contact area, the secondary resonances change
frequency. This makes sense when we consider that after the load mass has
locked, the proportion of the phantom’s top surface that is constrained depends
on the contact area of the load. The low-frequency dynamic mass plateau does
not depend on load area, and the amplitude of the ω− 1 peak and the ω2 trough
in dynamic mass are also not affected by the contact area.
Figure 6.7 shows the extracted resonance and antiresonance frequencies as a
function of load area. A clear positive trend can be observed in all three cases.
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Fig. 6.7 Resonance (•) and antiresonance (×) frequencies for 50 g load masses
with different contact areas on the phantom. The values are extracted from
driving point response data (including that shown in figure 6.6) by circle-fitting to
Nyquist plots of the admittance and impedance driving point FRFs respectively.

6.3.3

Results - transfer FRF

Figure 6.8 shows the ratios of the load and base velocities to the input force at
the base of the phantom when the phantom is loaded with an accelerometer of
mass ∼45 g and a contact diameter of 25.4 mm. As expected (see e.g. [87]), the
driving point antiresonances cannot been seen in the load’s response. The ω2
resonance can be clearly identified in the plot of |Hv:s,b |, but the intermediate
modes are less evident. See chapter 8 for the phantom response of accelerometers
with other masses.
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Fig. 6.8 Driving point and transfer FRF measurements for a ∼45 g accelerometer
with a contact diameter of 25.4 mm placed on the top of the phantom. (a):
Bode magnitude plot of the H2 estimator for the transfer admittance (load
velocity with respect to input force at base). (b): Bode magnitude plot of the
H2 estimator of driving point admittance at the base of the phantom. Grey
crosses denote the resonances and antiresonances found by circle fitting to the
relevant Nyquist plots. (c): coherence for both cases. The dB reference value
for both admittance plots is 1 m s−1 N−1 . Vertical grey dotted lines denote the
frequencies at which there are resonances in the driving-point response. Vertical
grey dashed lines denote the frequencies at which there are antiresonances in the
driving-point response.

6.4

2DOF LEM for the phantom

Figure 6.9 shows simplified impedance analogy circuits for a simple rigid load
mass on the phantom. We make use of the low-frequency approximation described
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in section 5.3.2 to assume that the acceleration measured by the impedance head
(ẍa ) is approximately equal to the acceleration of the base of the impedance
head (ẍb ), i.e., ẍa ≃ ẍb . In figure 6.9a, a transmission matrix Tphantom is used to
describe the relationship between the base of the phantom and the load.
When constructing a spatial model for the phantom we can choose how many
modes of vibration to capture by selecting the number of degrees of freedom
used for the phantom. Since we are mainly interested in the dominant features
of the response, we employ a two degree-of-freedom (2DOF) LEM. As a result of
using only two degrees of freedom to describe the phantom, this model is not be
able to capture all of the modes observed in the experimental data presented in
sections 6.3.1 to 6.3.3.
(a)
ẋb

i!mo

ẋbase

fkb,o

kb,o
i!

ko,base
i!

ẋb

i!mo

i!mbase

(b)

fkb,o

kb,o
i!

ko,base
i!

Tphantom

i!ml

i!mtop

ke↵
i!

i!ml

Fig. 6.9 Simplified impedance-analogy circuit for a driving-point response measurement at the base of the phantom with a rigid load applied to the top surface.
(a) Phantom represented by a transmission matrix. (b) Phantom represented by
a 2DOF LEM, consisting of two masses (mbase and mtop ) connected by a spring
(keff ). Note that the shorthand form ẋb = ẋbase is also used in this thesis, and
should not be confused with xb .
In figure 6.9b a simple 2DOF LEM is used to represent the phantom. Lumped
elements representing parts of the impedance head are also included to account for
the difference between the measured force and acceleration and the actual driving
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point force and acceleration. The mass lumped to the base of the phantom mbase
consists of the mass of the aluminium base plate on which the Ecoflex™ 00-10
cylinder sits, as well as a proportion of the mass of the Ecoflex™ 00-10 cylinder.
The mass lumped to the load (mtop ) consists of the remaining proportion of the
mass of the Ecoflex™ 00-10 cylinder. The division of the mass of the Ecoflex™
00-10 cylinder to the two degrees of freedom in the LEM is expected to depend
on the contact area of the load. The force-transducer stiffness (kb,o ) and the
mounting stiffness (ko,base ) are both expected to be large compared to the effective
stiffness of the Ecoflex™ 00-10 cylinder (keff ).
The circuit in figure 6.9b gives a mass-locking phenomenon, which matches the
experimental observations discussed in section 6.3.1. In section 3.4.2 we derive
expressions for the antiresonance (ω− ) and resonance (ω+ ) frequencies in the
mass-locking pair. For the LEM in figure 6.9b these equations yield:
ω− =

v
u
u
t

ω+ =

v
u
u keff (mbase
t

keff
,
(mtop + ml )

(6.1)

+ mtop + ml )
,
mbase (mtop + ml )

(6.2)

where keff , mtop and mbase are unknown. However, we do know the net mass
mnet = mbase + mtop + ml , which allows us to express equation 6.2 as
s

ω+ =

keff mnet
,
(mnet − mtl ) mtl

(6.3)

where mtl = mtop + ml for convenience.
We thus have two equations for two unknowns, which can be rearranged to give:
mtop = mnet

ω−2
1− 2
ω+

keff = mnet ω−
2

!

− ml ,

ω−2
1− 2
ω+

(6.4)

!

.

(6.5)

Values for m0 and kb,o are provided in chapter 5. To calculate the mounting
stiffness (ko,base ) from the frequency of the ‘mounting-antiresonance’ (see section
5.3.3) we use equation (5.38) with ml replaced by mbase . Note the use of mbase
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rather than the net mass of the system. This is because the mass associated with
xl has already locked by the time we reach the ‘mounting-antiresonance’.

6.4.1

Lumpled element modelling and error

An important clarification needs to be made at this point: the parameters
extracted from equations (6.4) and (6.5) are not estimates of ‘real’ physical
parameters. mtop and keff have no meaning outside of the lumped element
model in which they are defined. Any number of degrees of freedom can be
chosen for a lumped element model of the phantom, and if a different number of
degrees of freedom are chosen then the appropriate parameter values would not
be compatible with those extracted for the 2DOF LEM. In particular, the net
stiffness obtained from a (say) 3DOF LEM for the phantom would not match
keff from the 2DOF LEM if the parameters in each case are chosen to capture
the low frequency mass-locking feature.
For this reason it would be misleading to include error bars on any plots of
extracted parameters. Error bars are typically used to give an indication of the
range of values in which the true value of a measured parameter is likely to be
found [147]. In practice the computation of ‘confidence intervals’ does not really
answer this question (see [103]). In any case, for the selection of LEM parameters
there is no ‘true’ value, so it does not make sense to talk about a region within
which we expect the true value to lie. Instead, we present parameters extracted
from several repeats of the experiments to demonstrate the variability in the
extracted parameter values. The quality of the extracted parameters must be
assessed in relation to whether they fulfil their aim, that is: whether they allow
us to capture the role of the phantom in the response of sensors to excitation at
the base of the phantom, for frequencies below ∼ 100 Hz.

6.4.2

Parameter extraction - varying load mass

Figure 6.10 shows the values of mtop and keff calculated using equations (6.4)
and (6.5) with the known static mass of the setup and the extracted resonance
(ω2 ) and antiresonance (ω− 1 ) frequencies shown in figure 6.4. Neither the lumped
mass nor the lumped stiffness extracted for a 2DOF LEM of the phantom varies
significantly with load mass applied for the range of masses shown (i.e., the trend
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is insignificant compared to the scatter). However, the range of masses used was
limited by the fact that taller cylinders would start to oscillate in transverse
modes [153].

Fig. 6.10 Extracted parameters for a 2DOF LEM model of the phantom for a
range of cylindrical load masses with a constant contact diameter of 25.4 mm.

6.4.3

Parameter extraction - effect of area

In figure 6.11 it can be observed that, as the contact area between the phantom
and the load mass is varied, both mtop and keff increase with load area. The
stiffness increases approximately linearly with area while the contact-area is
small, but then reaches a plateau as the contact area approaches the surface area
of the top of the phantom.
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Fig. 6.11 Extracted parameters for a 2DOF LEM model of the phantom for rigid
cylindrical loads of mass ∼ 50 g with a range of contact areas. The surface area
of the top face of the phantom is ∼ 4400 mm2 .

6.4.4

Performance of 2DOF LEM

Figure 6.12 shows simulated results for 40 g and 60 g loads on top of the phantom.
The simulation is performed using the LEM represented in figure 7.14(b). The
simulated admittance FRF for each DOF in the model with respect to excitation
at the base is depicted. Experimental data is shown for two of these DOFs: the
base driving point and the load.
The driving point admittance simulated using a 2DOF LEM for the phantom
matches the measured response well up to the second resonance frequency of the
system (ω2 ), and correctly captures the mounting-antiresonance, but deviates
from the measured response between these two features. In particular, the model
over-estimates the proportion of mass shed in the first mass-locking feature. By
the time we approach the mounting antiresonance, however, the model overestimates the mass ‘seen’ at the driving point (i.e. it underestimates the amount
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of mass locked), as further mass-locking features occur that cannot be captured
by a 2DOF LEM.

Fig. 6.12 Simulated and experimental response of two direct contact sensors on
the phantom, using a 2DOF LEM to represent the phantom in the simulation. (a)
Load velocity with respect to Fkb,o . (b) Velocity of the base of the phantom with
respect to Fkb,o . (c) Velocity measured by the impedance head with respect to
Fkb,o . The dB reference is 1 m s−1 N−1 for each plot. Experimental data is shown
using markers (• = 60 g, • = 40 g), with lighter shading denoting data-points
with a coherence of less than 0.95. Lines in a lighter shade of the same colour
represent the 2DOF-phantom simulations.
The model also provides a good fit to the measured response at the load (see
figure 6.12a), despite the fact that no information about the response of the
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load was used to determine the lumping used for the model. This simultation
illustrates an important point: we can accurately predict the response at low
frequency and predict the general shape of the overall response with only very
crude data on the mechanical properties of the test-system.

6.5

Analysis for linear phantom behaviour

The phantom could, of course, be modelled using a LEM with an arbitrary number
of degrees of freedom in order to better match the response. However, simply
fitting a model with an arbitrary number of degrees of freedom to the measured
response would not necessarily improve our understanding of the system. If the
goal is simply to describe the transmission matrix between the driving point
at the base of the phantom and the load on top of the phantom, then rather
than using an LEM to model this transmission matrix we can determine the
transmission matrix directly from experimental measurements.

6.5.1

Method

If the behaviour of the phantom can be approximated as linear (with respect to
the range of static loads applied) then the analysis can be significantly simplified.
For convenience we define a new transmission matrix T̃phantom which includes
the transmission matrix for the phantom itself (Tphantom ) in addition to terms
relating the base of the phantom to the terms measured by the impedance head,
such that:


T̃phantom







1
0 1 iωmo  
1
0
=
Tphantom .
iω/kb,o 1 0
1
iω/ko,base 1

Figure 6.13 shows the resulting simplified impedance analogy circuit.

(6.6)
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ẋb

fkb,o

T̃phantom

Fig. 6.13 Simplified impedance analogy circuit driving point response measurement at base of phantom with a rigid load applied. Fkb,o is the force measured
by the impedance head and ẋb is the velocity of the base of the impedance head,
not to be confused with the base of the phantom (ẋbase or ẋb ). For all frequencies
of interest ẍb is approximately equal to the measured acceleration ẍa .
For the system consisting of a direct sensor of impedance Zs mounted on a
phantom which is excited through an impedance head at its base, we can write
the governing equation in the form:










F
A B  Zs Ẋs 
 kb,o  = 
,
Ẋb
C D
Ẋs
|

{z

(6.7)

}

T̃phantom

where A, B, C and D are the terms in the backwards transmission matrix interpretation of T̃phantom in figure 6.2(a). Fkb,o is the frequency domain representation
of the force measured by the impedance head, while Ẋb and Ẋs are the velocities
corresponding to the accelerations measured at the impedance head and at the
load (related via Ẋ = Ẍ/iω). Dividing equation (7.4) through by Ẋs we obtain:










F /Ẋs  A B  Zs 
 kb,o
=
.
Ẋb /Ẋs
C D
1
|

{z

(6.8)

}

T̃phantom

If the transmission matrix for the phantom does not depend on the load applied,
then by applying different loads and measuring the response functions we can
acquire a set of simultaneous equations to solve for T̃phantom . Matrix equation
(6.8) consists of two simultaneous equations for four unknowns, so we need to
measure FRFs for two different load impedances to solve for A, B, C and D.
Using subscripts I and II for the two different loads and the associated FRFs,
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this yields:








−1

A B  (Fkb,o /Ẋs )I (Fkb,o /Ẋs )II  (Zs )I (Zs )II 
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C D
(Ẋb /Ẋs )I
(Ẋb /Ẋs )II
1
1
|

{z

.

(6.9)

}

T̃phantom

6.5.2

Implementation

The results presented in sections 6.3.1 and 6.3.2 suggest that the properties of the
phantom (for transmission from the base to the load) are reasonably linear with
respect to load mass (for the small range of load masses considered), but not with
respect to the contact area between the phantom and the sensor. This means
that for a given contact area we can use the method described in section 6.5.1 to
compute a transmission matrix that can be used to represent the phantom.
To illustrate the method we solve equation (6.9) for A, B, C and D using FRF
data for direct sensors with a contact area of 25.4 mm. For the two load-cases
required we use direct contact sensors with masses of 62 g (case I) and 152 g
(case II) on the top surface of the phantom.
Once the transmission matrix has been computed, the driving point response
and load response can be calculated using:
Hv:s,b =

1
AZs + B

(6.10)

Hv:b,b =

CZs + D
.
AZs + B

(6.11)

The use of use of T̃phantom to simulate the response of accelerometer with different
load masses is discussed in chapter 8. Figure 8.1 demonstrates the excellent match
between experimental data and simulations using T̃phantom for accelerometers
with a range of load masses (within a range of masses for which the phantom
behaviour can be approximated as linear with respect to load mass). This serves
as a validation of the method proposed here. A further validation is presented in
section 6.5.3.
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Validation - driving point impedance as a function
of Zload

As a further validation of the method outlined in section 6.5.1, the driving point
FRF results presented in section 6.3.1 for 25.4 mm diameter loads of various
masses (without accelerometers attached) are compared to simulations using
the computed transmission matrix for the phantom (with equation (6.11)). The
results of this comparison are shown in figure 6.14.

Fig. 6.14 Bode plot of the driving point dynamic mass FRFs for a range of
25.4 mm diameter load masses on the top of the phantom. Measured data-points
are shown using markers, the FRFs simulated using equation (6.10) with T̃phantom
are shown using lines.
Figure 6.14 shows that the transmission matrix approach is able to accurately
predict the driving point response for a range of load masses. One discrepancy
that can be observed between the measured and simulated data is the the fact
that the anti-resonance at around 1 kHz does not quite match up. This is because
this resonance depends on the mounting stiffness between the base of the phantom
and the impedance head as discussed in section 5.3.3. The experimental setup
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was completely disassembled and reassembled between the recording sessions for
the data used to compute the transmission matrix and the recording sessions for
the rigid-load-data used in this validation. The computed transmission matrix
for the phantom is strictly valid only when the mounting stiffness is equal to
that of the setup for the FRFs that were used to compute this matrix.

6.6

Effect of sensor position on phantom behaviour

For the data presented in this chapter (and in subsequent chapters in which
this phantom is used to test stethoscopes) the load (or stethoscope) is always
carefully positioned at the centre of the top surface of the phantom. In this
section we explore the effect of deviations from an ideal placement. Mansy et
al. [95] explored the spatial differences in the surface motion of an unloaded
phantom but, as noted in section 6.3, the unloaded response of the phantom is
not necessarily representative of the behaviour of the same phantom once it is
loaded by sensors. We therefore wish to establish how robust the results obtained
from experiments on our phantom are with respect to accurate central placement
of the sensor on the phantom.
Figure 6.15 shows Bode-magnitude plots of the driving point (Hv:b,b ) and transfer
(Hv:s,b ) admittance FRFs computed from experiments performed with the sensor
placed at different locations on the surface of the phantom. The results are
grouped by deviation from a central position, with small deviations (r ≤ 5 mm)
shown by blue dots and large deviations (r ≥ 8 mm) shown by light red asterisks.
The small deviations have almost no effect on the FRFs, while the larger deviations
(larger than any anticipated error in positioning) have a slightly more significant
effect, especially around the resonances and anti-resonances between 150-400 Hz.
For both small and large deviations from a central position the low-frequency
behaviour is almost unaffected by the placement, providing further justification
for the adoption of a 1D-vibration assumption at these frequencies. The only
case which gives visible deviation in the resonance and anti-resonance associated
with the mass shedding phenomenon in the driving point response is the FRF
for a 20 mm deviation from the centre. In this case the sensor is placed closer
to the edge of the phantom than to its centre. Consequently, there are likely to
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be significant unmeasured transverse reaction forces exerted on the structure
through the force transducer which could explain the discrepancy.

Fig. 6.15 (a) Transfer and (b) driving point admittance FRF measurements for
the setup in figure 6.2 with an accelerometer on a ∼ 100 g load mass, performed for
a variety of radial deviations in the positioning of the load mass. (c) Coherence
of the transfer response. Defining r as the distance between the centroid of the
load mass and the centroid of the phantom, the results are grouped: black crosses
(×) r = 0, blue dots (•) 2 ≤ r ≤ 5 mm, light red asterisks (∗) 8 ≤ r ≤ 20 mm.
Nine cases are shown.
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6.7

Summary and conclusions

In this chapter we present the design of a chest-phantom for testing stethoscopes.
We provide a detailed review of existing work on such phantoms in the literature
and address issues found in some of the methods adopted. In particular, we
highlight the need to directly measure the excitation input and the need to
characterise the behaviour of the loaded phantom.
In this context, we present results on the driving point response measured at the
base of the phantom when the top surface is loaded using rigid cylinders with a
range of contact areas and masses. We show that the transmission of vibrations
from the driving point at the base of the phantom to the load depends significantly
on the contact area, but only weakly on the mass of the load (for a small range of
light loads). A simple 2DOF LEM is able to capture the low frequency behaviour
of the phantom, while a transmission matrix can be computed from measured
FRF data for a given contact area in order to accurately predict the response of
rigid cylindrical load on the phantom over a wide frequency range.
The phantom described in this chapter is used in chapters 8, 9 and 10 to explore
the performance of direct and air-coupled sensors respectively. In chapter 7 we
present driving point impedance measurements taken at the load position on the
phantom, which contribute to a further characterisation of the behaviour of the
phantom.

Chapter 7
Impedance measurements
In this chapter we investigate the coupled patient–stethoscope–clinician system
from the perspective of the impedance seen by the sensor. This impedance has
two components: the impedance of the patient’s body, and the ‘attachment
impedance’ which incorporates, for example, transducer wires or the hand of the
clinician. In this chapter we consider the impedance seen by a direct contact
sensor (accelerometer) in detail and comment on how the method can be extended
to air-coupled stethoscopes. The word ‘chest’ is used here as a placeholder for
any area of the human body that a stethoscope is coupled to.
The lumped element models developed for different classes of stethoscope in
chapter 4 can be used to simulate coupled chest sensor systems provided appropriate values for the parameters are available. The LEMs can also inform an
impedance coupling approach, in which the performance of a sensor is estimated
by considering the impedance of the sensor and the impedances seen by the
sensor.
For direct contact stethoscopes, the impedance analogy circuit in figure 4.7 can
be rearranged to yield the impedance seen by the sensor when the source term
is ‘off’. Figure 7.1(a) shows this rearrangement for a generic chest impedance
(zchest ) and a generic attachment impedance zload . Figure 7.1(b) shows the same
circuit with the chest modelled as a SDOF system, with an effective mass (meff ),
stiffness (keff ) and damping rate (λeff ).
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Fig. 7.1 Impedance seen by a direct sensor in contact with the human chest, and
loaded by e.g. a wire or hand. (a) General model with chest and load impedances.
(b) SDOF model for the chest.
The linear superposition principle [87] allows us to measure the chest impedance
(zchest ) and the attachment-impedance (zload ) seen by the sensor independently,
and then combine them to obtain the net impedance seen by the sensor. Sections
7.3 to 7.4 address the mechanical impedance of the chest and the phantom,
while section 7.5 considers the attachment impedance associated with holding a
sensor.

7.1

Measuring the impedance seen by a rigid
sensor on the human chest

There is no such thing as ‘the’ mechanical impedance of the chest. Mechanical
impedance is the ratio of a force to the velocity induced by that force. In order
for this to make any sense we need to specify how the force is applied to the
chest surface, and over which area the surface-velocity is averaged.
Since we are interested in the impedance seen by a direct contact sensor on
the chest, the chest interface for the impedance measurement needs to match
the properties of the chest-sensor interface. A typical direct contact sensor is
essentially rigid (compared to the chest), so the impedance measurement can be
performed by measuring the driving point impedance of a rigid coupler pressed
against the chest.
This method has been adopted by several researchers to investigate the properties
of human tissue (see e.g. [56, 148, 154, 153, 5]). The experimental setups used
in four representative studies spanning 60 years are summarised in table 7.1.
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Table 7.1 details of four representative experimental studies conducted to measure
the mechanical impedance of human tissue seen by a rigid coupler.
Author(s)

Year

Location Coupler

Preload

Bárány et al. 1942 human
[5]
chest

25 and 35 mm diame- ∼ 5 N ( not conter rigid circular cou- trolled)
plers

Hussein [56]

1979

6.35 mm diameter
rigid circular coupler

Vermarien
and van
Vollenhoven
[153]

1984 human
chest

20, 25 and 35 mm di- not measured or
ameter rigid circular controlled
couplers

Gierke and
Brammer
[154]

2002 ‘over
soft
tissue’

20 mm diameter rigid
circular coupler

human
finger

0.5 - 5 N (controlled)

0 - 12 mm indentation

Bárány et al. (1941) [5] and Vermarien and van Vollenhoven (1984) [153] observed
that the mechanical impedance for a given contact area varies depending on the
static force (‘preload’) applied to the coupler. However, neither group were able
to accurately measure the static preload in their experiments. Bárány observed
that for low preloads (light contact) the impedance was strongly dependent on
preload, while for higher preloads the influence plateaued. Hussein (1979) [56]
conducted measurements on the fingertips of 16 human volunteers and found that
the stiffness components of the mechanical impedance increased approximately
linearly with preload from 0.5 to 5 N, while the viscosity component increased
to a plateau. Inspection of the presented data suggests that the viscosity term
increases approximately linearly up until an application pressure of around 80 kPa
before beginning to plateau. Gierke and Brammer (2002) [154] measured the
equilibrium indentation rather than the preload applied and found that both the
real and imaginary parts of the mechanical impedance measured on the human
chest increased with indentation.
The results presented by these authors give an indication of the trends to be
expected, but are limited in scope. Only a small range of contact-areas and
static loads were utilised, and the variability across different locations on the
chest, as well as between subjects were only minimally explored. Gierke and
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Brammer [154] and Hussein [56] both report significant inter-subject variation.
This means that the impedance coupling between a direct contact sensor and
the chest, and consequentially the sensor performance, is expected to be strongly
subject dependent.
In chapter 6, we show that it is possible to characterise the mechanical properties
of a chest phantom by using measurements at both the source and load positions.
For the human chest this is not possible. In order to confirm that the measurements performed on our phantom are meaningful in terms of the performance of
the same sensor on the chest we thus need to compare the properties of the two
source systems as seen at the surface where the sensor is attached.
In this chapter, we measure the driving point impedance seen by a rigid sensor
on the surface of our chest-phantom. We compare the features of this driving
point impedance to reported chest impedance results in the literature and to our
own driving point impedance measurements on the chest of a human subject.

7.2

Methods: balance rig setup

The experimental rig shown in figure 7.2 has been designed to measure the
driving point impedance of the chest seen by a rigid surface. The setup achieves
two important things:
1. It enables the use of a shaker to excite the chest of human participants in
a supine position (i.e. lying on their backs).
2. It decouples the static load applied to the chest from the mass of the rigid
coupler.
The experimental setup (henceforth referred to as the ‘balance rig’ ) is designed
to act as a balanced lever onto which masses can be added to vary the static
load applied to the chest. The design consists of a fulcrum with a rigid lever-arm
pivoted at an adjustable height. A shaker is mounted at the distal end of the
longer side of the lever-arm. A load pan is mounted directly above the shaker
to allow mass to be added vertically above the line-of-action of the shaker-force.
At the shorter side of the lever-arm a set of masses are attached to balance the
torque from the shaker setup. The masses are adjusted to ensure that the static
equilibrium position of the system is with the lever-arm horizontal. A similar
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load pan
lever arm

shaker

balancing
masses

falcrum

Fig. 7.2 ‘Balance rig’ for chest impedance measurements.
setup is used by Zimmerman et al. [173], albeit with an impedance tube rather
than a shaker-impedance-head configuration.
The shaker is connected via a stinger to an impedance head as shown in figure
7.3. The stinger reduces the transmission of transverse reaction forces to the test
structure. The presence of unknown transverse reaction forces has been shown to
lead to erroneous response measurements [31]. A rigid cylindrical metal coupler
is screw-mounted to the structure-side of the impedance head, so that the flat
face of the coupler is perpendicular to the line-of-action of the force, and in a
plane with the test-surface (chest or phantom).
In order to obtain a reasonable estimate of the Thévenin impedance, the excitation
amplitude from the shaker needs to be sufficiently high so that the amplitude of
body sounds and background vibration is negligible in the input signal comparison.
However, the shaker amplitude should also be sufficiently small to avoid the
effects of non-linearities in the mechanical properties of the chest.
Figure 7.4 shows an impedance analogy circuit for the measurement system.
Terms ‘upstream’ of ẍb (≃ ẍa ) and fkb,o have been omitted as we are only
interested in establishing the relationship between these two measured terms and
the chest impedance seen by the coupler (zchest ). The mass of the rigid coupler
(ml ), the mounting stiffness (ko,l ), the ‘mass-above-the-force-gauge’ (mo ) and
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load pan
lever arm

shaker

stinger

impedance head

rigid coupler

chest

Fig. 7.3 Balance rig for chest impedance measurements: focus on shaker side.
the stiffness of the force transducer (kb,o ) all need to be taken into account to
establish zchest .
ẋb

ẋo i!mo
ẋb

fkb,o

ẋo
kb,o
i!

ẋl

i!ml

ẋo ẋl
ko,l
i!

zchest

Fig. 7.4 Impedance analogy circuit for the measurement setup in figure 7.3.

7.2.1

Data interpretation

Figure 7.5 shows an example of a set of admittance FRFs measured using the
balance rig with a 51 g, 24.5 mm diameter rigid coupler. When the coupler is
suspended freely in air, the admittance response is a straight line at -20 dB/decade
corresponding to a pure mass load within the frequency range shown. When
the coupler is pressed against the human torso, the admittance response is
dominated by a single resonance. Figure 7.5 shows admittance response data
for two different static loads. In both cases the low frequency response is
stiffness dominated, although the low frequency of the resonance means that the
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anticipated +20 dB/decade plateau (see section 3.4.1) cannot be identified. For
the case with the lower static load (∼ 1 N) there is a clear peak, while when the
static load is increased to ∼ 3.5 N the peak is significantly more damped. At
frequencies above the resonance frequency the responses almost collapse onto
the free case, which suggests that the mass of the coupler dominates the net
effective mass seen by the impedance head. Although not visible at the resolution
of figure 7.5, the levels of the (-20 dB/decade) mass plateaus are lower for the
loaded cases than for the free case, indicating that the chest contributes a small
amount of effective mass to the driving point impedance.

Fig. 7.5 Bode magnitude plot of the driving point admittance FRF measured
using the balance rig for a 51 g, 24.5 mm diameter rigid coupler: (•) suspended
freely in air, (×) pressed against the human chest with a static load of ∼ 1 N,
(+) pressed against the human chest with a static load of ∼ 3.5 N. Data with
a coherence of less than 0.9 are shown in light colour. Both measurements are
taken on the upper back of a 26 year old male.
The fact that the response is dominated by a single resonance suggests that
the system can be approximated using a SDOF lumped element model (this is
consistent with e.g. the approach of Vermarien and van Vollenhoven [153]). In
section 3.4.1 we show that, for the special case of a SDOF system, the real and
imaginary parts of the inverse driving point FRFs relate directly to the lumped
parameter values. Separating the real and imaginary parts of the mechanical
impedance response function (Z m ) in equation 3.30 (for a SDOF system with
mass m1 , damping rate λ1,0 and stiffness k1,0 ), and allowing for a complex stiffness
k1,0 → k1,0 (1 + iη) where η is the loss factor, the real and imaginary parts of Z m
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can be expressed as:
ηk1,0
+ λ1,0
ω


k1,0
ℑ Zm =
− ωm1
ω




ℜ Zm =

(7.1)
(7.2)

Figure 7.6 shows the magnitudes of the real and imaginary part of the mechanical
impedance FRF for the ∼1 N static load case from figure 7.5.

Fig. 7.6 Decibel magnitudes of the complex (•), real (+) and imaginary (×)
components of the mechanical impedance FRF for the ∼1 N static load case from
figure 7.5.
The real part of the response is roughly constant over the frequency range shown
which tells us, according to equation (7.1), that viscous damping is the dominant
damping term (i.e., η ≃ 0). The viscous damping coefficient (λeff ) is equal to
the (constant) magnitude of the imaginary part. At low and high frequencies
it is evident that the magnitude of the complex mechanical impedance FRF is
dominated by the imaginary part, corresponding to stiffness and mass respectively.
There is a trough in the real part of the response when the mass and stiffness
terms cancel, which corresponds to the first natural frequency of the system (ω1 ).
To estimate the effective mass of the chest seen by the phantom we compare the
value of the mass plateau for the chest-contact case to that of the free case. The
driving point dynamic mass FRFs for the ∼1 N static load case and the freely
suspended case are shown in figure 7.7. When the coupler is pressed against the
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chest, the dynamic mass plateau (|Md |chest:plateau ) is at a higher level that when
it is suspended freely (|Md |free:plateau ) which indicates that the chest contributes
to the effective mass seen by the impedance head. The effective mass contributed
by the chest can be computed from the difference between the two plateau levels
(i.e. meff = |Md |chest:plateau − |Md |free:plateau ).

Fig. 7.7 Decibel magnitude of the real component of the dynamic mass FRF for
a freely suspended coupler (•) and coupler pressed against the chest with a static
load of ∼ 1 N (×). |Md |chest:plateau and |Md |air:plateau can be extracted from the
plateau levels. Data from figure 7.5.
Since the resonance (ω1 ) occurs at low frequency, there are only a small number
of data-points corresponding to the low-frequency stiffness plateau. Furthermore,
the close vicinity of these datapoints to ω1 suggests that the ‘true’ value of the
plateau (as ω → 0) is unlikely to have been reached. Attempting to extract the
effective stiffness directly from this plateau therefore leads to an underestimation.
Instead, we compute the effective stiffness using keff = ω12 |Md |chest:plateau .
We are interested in characterising the effect of contact area and static load on
the impedance seen by a rigid coupler pressed against the chest (or phantom).
In order to do this we carry out a set of measurements using couplers of different
contact areas and applying a range of static loads through the load pan.
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Figure 7.8 shows the cylindrical load mass in contact with skin on the upper back
of a human subject. The single human subject in this study was the principle
investigator. A risk assessment was carried out and informed consent was given.
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Results for a single subject “n=1” cannot provide any indication of the variability
of the measured parameters among the population. The results are presented
as a case study [47] and should not be used to make general inferences about
the expected value of the parameters in other subjects. Nevertheless, the trends
observed can be compared to results published by other researchers as a crude
validation of the methodology. The purpose of these measurements is to confirm
that the phantom can represent the relevant properties of the human torso to a
reasonable degree. A detailed investigation of the mechanical impedance seen by
sensors coupled to the chests of a range of human subjects is outside the scope
of this thesis.

stinger
impedance head
rigid coupler
chest

Fig. 7.8 Photograph of the ‘balance rig’ impedance head setup being used to
measure the mechanical impedance seen by a rigid circular coupler on a human
subject’s ‘chest’ (upper back).
Figure 7.9 shows the effective mass (meff ), viscous damping rate (λeff ), and
stiffness (keff ) extracted from measurements on the upper back of the human
subject. All three terms increase with contact area. With respect to the static
pressure applied, the effective mass quickly rises to a plateau, and then does not
vary further with application pressure. In contrast both the damping rate and
the stiffness increase continuously with static pressure over the pressure-range
examined. The trends in these measurements agree with findings presented by
other authors (see e.g. [56] [153]). In sections 7.4.3 and 7.4.4 we discuss the
trends with respect to contact area in more depth.
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Fig. 7.9 Effective parameters for a SDOF model of the ‘chest’ impedance seen by
rigid couplers with a range of contact areas, plotted against the static pressure
applied through the coupler (Fstatic /Âc ). Data are shown for contact diameters of
19, 25.4, 29.5 and 35 mm. All measurements are conducted at the same location
of the upper back of a human subject.
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7.4

Impedance seen by rigid disc on phantom

In order to measure the impedance of the phantom seen by the sensor in a manner
that is consistent with Thévenin and Norton’s theorems the base of the phantom
must be either fully constrained, or fully unconstrained. The implications of
these choices are discussed in chapter 8. In this section we consider the case in
which the base of the phantom is constrained. In chapter 8 to show that this is
more appropriate for a comparison between the phantom and the chest.

7.4.1

Setup

Figure 7.10 shows the balance-rig (see also figures 7.2 and 7.3) used to measure
the driving-point impedance seen by a rigid coupler pressed against the phantom.
The phantom has been removed from the shaker-impedance-head setup at its
base and has instead been firmly mounted to a fixed base. The impedance
analogy circuit given in figure 7.4 can be used to represent this setup, with zchest
replaced by zphantom . zphantom is the impedance of the phantom seen by a rigid
coupler of a given contact area applied with a given static load. The relationship
between zphantom and the descriptions of the phantom’s behaviour presented in
chapter 6 is discussed in section 7.4.5.
lever arm

load pan
shaker

stinger
rigid coupler
phantom

impedance head
fixed base

Fig. 7.10 Schematic representing the use of the balance rig for phantom impedance
measurements.
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Results

Figure 7.11 shows the effective mass, viscous damping rate and stiffness seen
by rigid cylindrical couplers with three different contact areas coupled to the
phantom as shown in figure 7.10. For each coupler measurements were taken
with a range of static loads applied.
Comparing figure 7.11 to figure 7.9, the magnitudes of the terms for the phantom
are in the appropriate range to provide a simple model for the chest. The effective
mass, damping rate and stiffness all increase with increasing contact area. This
matches the trends observed for the chest in both our measurements (see figure
7.9 and the literature (see e.g. [5] [56] [153] [154]).
One difference between the impedance measurements on the phantom and the
chest is that the damping rate and stiffness of the phantom reach a plateau at a
static pressure of around 4 kPa, while for the chest these parameters continue to
increase at the same static pressure. We would expect the parameters for the
chest to eventually plateau (see e.g. [5]); however, we were unable to observe
this in our experiments for the range of statics loads applied.
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Fig. 7.11 Effective parameters for a SDOF model of the impedance of the phantom
seen by rigid couplers with a range of contact areas, plotted against static pressure
applied through the coupler. Data are shown for contact diameters of 25.4 mm
(red triangles), 29.5 mm (grey plus signs), and 35 mm (green asterisks). All
measurements are conducted at the same location of the upper back of a human
subject.
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Effective mass trends

Vermarien and van Vollenhoven [153] hypothesised that the effective mass of
the chest was independent of preload for a given contact area, but were unable
to verify this experimentally. In our results this is the case above a preload of
around 2 kPa for the chest and around 3 kPa for the phantom. Vermarien and
van Vollenhoven [153] further suggested a cubic relationship between contact
diameter and effective mass:
meff = âd3
(7.3)
where d is the coupler diameter and â is a constant ≃ 200 kg/m3 [153].
In figure 7.12 the plateau levels of our effective mass measurements are compared
with data presented by Vermarien and van Vollenhoven (1984) [153] and with
equation 7.3. The effective mass seen by the sensor when it is coupled to the
phantom is very close to the effective mass seen by the same sensor when it is
coupled to the chest. The trend with diameter matches the d3 trend suggested by
Vermarien and van Vollenhoven [153], although more data are required to fully
validate the trend. The experimental results of Vermarien and van Vollenhoven
[153] yield a slightly higher effective mass for a given contact diameter (roughly
corresponding to â = 200 kg/m3 ), which is not surprising given the expected
degree of inter-subject variability.
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Fig. 7.12 Effective mass seen by a rigid coupler pressed against the phantom or
the chest, plotted against the contact diameter. Blue crosses (×): plateau value
from chest experiments at a single location (see figure 7.9). Red asterisks (∗):
plateau value for phantom experiments (see figure 7.11). Green plus signs (+):
data presented in table 2 of Vermarien van Vollenhoven (1984) [153] (page 173).
Grey dotted line: equation 7.3 with â = 200 kg m−3 . Grey dashed line: equation
7.3 with â = 280 kg m−3 .

7.4.4

Effective stiffness trends

For a uniform elastic material with a constant cross-sectional area of Â the
stiffness is given by E Â/l, where E is the Young’s modulus of the material and l
is the sample length. For the stiffness seen by a coupler of a certain area, we also
expect the stiffness to scale with the contact area. In figure 7.13 the effective
stiffness results from figures 7.9 and 7.11 are divided by the contact area to assess
this hypothesis. For both the chest and the phantom the stiffness results from
different contact areas on axes of keff /Â versus static pressure collapse onto a
single curve. This confirms that for both the chest and the phantom the effective
stiffness is proportional to the contact area.
The stiffness of the phantom is significantly higher than the example human-chest
stiffness. Figure 7.13 also shows data from Vermarien and van Vollenhoven (1984)
[153], converted into the appropriate format. For this data keff /Â lies between
our values for the phantom and the chest.
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Fig. 7.13 Plot of keff /Â against the static pressure with which the coupler is
applied to the surface for measurements on the upper back of a human subject
(light shaded triangles) and on the phantom (dark shaded symbols). Data for a
30 mm diameter coupler from table 3 of Vermarien and van Vollenhoven (1984)
[153] (page 176) is also converted into this format (black dots).

7.4.5

Comparison to transmission matrix for phantom

Figure 7.14 demonstrates the relationship between the results presented in chapter
6 and those discussed in this chapter. The impedance analogy circuit in figure
7.14a represents excitation at the base of the phantom, with the top surface of
the phantom loaded by an unconstrained mass ml . In figure 7.14b the base of the
phantom is grounded (corresponding to an open circuit in the impedance analogy,
see section 3.5.5). The load is excited by a test signal ftest , inducing a velocity
ẋtest . The ratio of Ftest to Ẋtest is the driving point impedance approximated
by the impedance head (Ztest ). In terms of the impedance analogy circuit for
the balance-rig measurement shown in figure 7.4, ẋtest is ẋl and ftest is the force
across “zchest ”.
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(a)

(b)
i!ml

ẋbase

fbase

i!ml

Tphantom

Tphantom

ẋtest

ftest

Fig. 7.14 Impedance analogy circuits for the measurement setups in (a) figure 6.1,
and (b) figure 7.10. In both cases the measured signals are defined as positive
towards the phantom.
An estimate for Tphantom is computed from measured FRF data in chapter 6.
In order to compare this estimate to the impedance data in this chapter, we
consider the matrix equation for the circuit in figure 7.14b:










F
A B   Ftest 
 base  = 
.
0
C D −Ẋtest
|

{z

(7.4)

}

Tphantom

The bottom line yields 0 = CFtest − DẊtest , which allows the load impedance to
be written as:
(7.5)
Ztest = D/C
| {z }

Tphantom

Inspection of equation (7.5) makes it clear that there is a discrepancy between
the phantom-properties derived in chapter 6 and the impedance data presented
in this chapter. The terms in Tphantom do not depend on static load (for static
loads corresponding to 60-150 g), while the measured phantom impedance does.
Figure 7.15 shows driving point impedance data from the balance-rig with loads
of ∼ 0.5 N and ∼ 4.3 N, for a 51 g, 25.4 mm diameter rigid coupler on the phantom.
The figure also shows a prediction for the value of this measurement made using
the transmission matrix derived in chapter 6 with a load of 57 g (to account for the
‘mass-above-the-force-gauge’ in the measured data). The computed impedance
matches the 4.3 N case from the balance-rig closely, despite the fact that the
static load exerted by the coupler is ∼ 0.56 N. This suggests that the low-load

7.5 Attachment impedance due to holding the stethoscope

171

data from the balance-rig should be used with caution. The characteristics of
the contact may not accurately replicate the case in which a sensor lies on the
phantom, loading the surface with only its self-weight. One possible explanation
for this is that the coupler may not be perfectly aligned to the top surface of
the phantom. If the coupler surface is not parallel to the phantom surface then
at low loads the effective contact area is reduced leading to lower stiffness and
damping rate and effective mass, than would be seen with an optimal contact.

Fig. 7.15 Bode magnitude plot of the driving point mechanical impedance seen
by an impedance head connected to a 25.4 mm diameter cylindrical coupler on
the surface of the phantom. Balance rig measurements for a 51 g coupler are
shown for two static loads (×, •). The simulated impedance computed using
using equation (7.5) with Tphantom and a 57 g load (51 g + mo ) is shown by the
solid re line.

7.5

Attachment impedance due to holding the
stethoscope

Having explored the impedance of the chest seen by a sensor, we now consider
the second term that contributes to the net impedance seen by the sensor in
figure 7.1(a): the impedance of the attachment. While direct contact sensors are
rarely attached to the chest by hand [146], air-coupled stethoscopes are almost
exclusively used in this manner.

Impedance measurements

172

7.5.1

Driving-point mechanical impedance of the human
hand-arm system

The mechanical impedance of the human hand-arm system has been extensively
investigated in the context of vibration exposure when using handheld power tools
[128, 27, 58]. The International Organization for Standardization (henceforth
‘ISO’) standard ‘Mechanical vibration and shock - mechanical impedance of the
human hand-arm system at the driving point’ (ISO 10068:2012(E)) [58] presents
guidelines on the range of expected values of the driving point impedance of the
human hand-arm system as a function of frequency based on the results of a
number of human-subject trials.
The ISO guidelines are based on a standardised experimental setup in which the
hand grips a rigid bar (see ISO 8727:1997 [57]). The driving point impedance is
independently defined in three orthogonal directions: the centroid of the forearm,
the centroid of the rigid bar, and a third direction that is orthogonal to these.
This third direction corresponds roughly to the surface-normal of the chest when
holding a stethoscope. The applicability of the ISO guidelines is limited to cases
where the hand grasps a handle between 19 mm and 45 mm in diameter with a
grip force of between 25 N and 50 N [58].
The mechanical impedance of the hand-arm system depends on a number of
factors including the geometry of the object held, the static force exerted by the
hand, the posture of the hand and arm, and inter-subject variations in anatomy
and tissue properties [58]. There are a number of different common techniques
for gripping stethoscopes, but none closely resembles the grasping of a rigid bar.
This means that the guidelines of ISO 10068:2012 cannot be directly applied.
Israr et al. consider the mechanical impedance of the human hand-arm system
when gripping a stylus [59] and a ball [60] in the context of developing haptic
systems. These grips are slightly more representative of how a stethoscope is
held. Notably, Israr et al. found that the mechanical impedance for these two
grips followed similar trends, with a resonance occuring between 160 and 320 Hz,
a high frequency response dominated by mass, and a low-frequency response
dominated by damping. This suggests that it is not necessary to measure the
mechanical impedance of every possible stethoscope grip separately. Given the
anticipated inter-subject variability, and the dependance on other factors such as
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arm-posture and static load applied, we suggest that it is sufficient to characterise
the mechanical impedance for a representative grip.
The results of Isar et al. [59, 60] are measured at seven discrete test frequencies
between 10 and 500 Hz. In order to incorporate the effect of holding the stethoscope as an ‘attachment -impedance’ in our models a small number of discrete
datapoints is insufficient. Instead we require a simple lumped element model to
capture the role of the hand.

7.5.2

LEM for the hand-arm system

The ISO standard 10068:2012 [58] recommends two lumped element models for
the hand-arm system. The 4DOF LEM recommended in the standard is specific
to the bar-grip hold, but the 2DOF LEM presented (shown in figure 7.16) can
be adapted for the stethoscope hold. At high frequencies the effect is dominated
by an added-mass, while at low frequencies damping plays a significant role.
The parameter values suggested by the ISO standard [58] are not expected to
be applicable for the stethoscope-grip. In particular we expect the significantly
smaller contact area between the hand and the object to lead to lower values of
m1 and λ1,2 .
k2,0
object
held

m1

m2
1,2
2,0

x1

x2

Fig. 7.16 ISO 10068:2012 2DOF LEM for the driving point mechanical impedance
of the hand arm system in the xh direction (as defined in [58] and [57]). The
nomenclature for the lumped elements has been adapted for compatibility with
this thesis. Values for each parameter are suggested in ISO 10068:2012 [58].
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7.5.3

Experimental setup

In order to measure the attachment impedance due to the hand-arm system,
we take the experimental setup described in section 5.3.2 and adapt it such
that a human subject holds the load mass and applies a pressure which they
subjectively describe as ‘light to moderate’. Figure 7.17 depicts a schematic of this
experimental setup. The grip shown in figure 7.17 is used for practical reasons,
but does not represent the most common technique for holding a stethoscope.

hand
rigid load
mass
wires

impedance head
stinger

shaker

Fig. 7.17 Experimental setup for measuring the driving point mechancial
impedance of the human hand-arm system when holding a coupler representing
a stethoscope chestpiece.

7.5.4

Results

Figure 7.18 shows the driving point dynamic mass FRF for a 28 g coupler held
as shown in figure 7.17. Seven cases are shown: five with the elbow supported
(blue markers) and two with the elbow unsupported (green markers).
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Fig. 7.18 Driving point dynamic mass FRF for a 28 g coupler held as shown in
figure 7.17. Blue markers show data from measurements with the elbow resting
on a support, while green markers are for an unsupported elbow. The grey dotted
line represents the mass of the coupler (including the ‘mass-above-the-force-gauge’
of the impedance head). The solid red line shows a simple simulation in which
the effect the hand-arm system is represented by a dashpot (λ = 18 Ns/m) to
ground. The dashed light red line shows the result of a simulation in which the
coupler is connected to the 2DOF LEM shown in figure 7.16, with the parameter
values suggested in ISO 10068:2012 [58], except for m1 = 0 and λ1,2 = 18 Ns/m.
At high frequencies there is little difference between FRFs for the held and free
couplers. The added-mass effect due to holding the hand is negligible. The low
frequency effect of holding appears to be damping dominated. The solid red
line shows the results of a simulation in which the effect of holding is modelled
using only a dashpot (λ = 18 Ns/m) to ground. (The value of λ = 18 Ns/m is
obtained by considering the real part of the impedance FRFs, using the method
described in section 7.2.1.) This simple model for the attachment impedance is
able to capture the general shape of the response well. The measured responses
exhibit small-scale resonances at low frequencies which are not captured by the
model.
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The measured FRFs for the unsupported elbow (shown by the green markers)
seem to level off at low frequency, and have a phase that does not approach
-90 degrees. This could be explained by considering a 2DOF LEM of the form
suggested by ISO 10068:2012 [58] (see figure 7.16), with the effective contact-mass
set to m1 = 0 and the damping reduced to λ1,2 = 20 Ns/m.

7.6

Summary and conclusions

In this chapter we consider the mechanical impedance seen by a direct contact
sensor on the chest. This impedance is composed of two components: the chest
impedance and the attachment impedance. We develop experimental techniques
to measure both of these terms.
The ‘balance rig’ presented in section 7.2 is used to measure the driving point
impedance seen by a rigid coupler pressed against the chest or the phantom with
a range of static loads. We demonstrate that the phantom is able to crudely
replicate the mechanical properties of the chest seen by a rigid contact sensor.
The effective mass, damping and stiffness of the phantom are all in the same
order of magnitude as those of the chest, which further validates the use of the
phantom. We show that the transmission matrix derived for the phantom in
chapter 6 is able to accurately predict the impedance seen by a rigid coupler
for applications pressures ≳ 4 kPa. At low static load the balance rig may not
be fully aligned with the surface of the phantom leading to an lower effective
contact area and consequently lower values for the extracted lumped parameters
than are seen for a full contact. The data from which the transmission matrix for
the phantom is computed comes from sensors balancing on top of the phantom
and held in place by their self-weight. This setup is expected to yield a full
contact. In chapter 8 we use the results presented in this chapter to investigate
the coupling of direct sensors to the chest using an impedance coupling technique.
Considering the impedance load on a sensor from the hand and arm of the
clinician holding it against the chest, we find that well established results in
the literature for the the hand-arm impedance in the context of assessing the
vibration load of hand-held power tools are not directly applicable to the holding
of a stethoscope chestpiece. This is primarily due to significant differences in the
geometry of the grip applied. In particular, we find that the stethoscope grip is
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characterised by a lower effective contact-mass and a lower damping rate than
the standardised bar-grip relevant to power tool usage.
We measure the driving point impedance of a rigid coupler held with light to
moderate pressure and find that the dominant effect of the holding can be
captured by modelling the hand as a dashpot to ground. This model can be
refined by including additional degrees of freedom, but is sufficient for a first
approximation of the effect. We observe significant variation in the driving point
impedance for nominally identical grips, which suggests that a low order model
is most appropriate.

Chapter 8
Direct contact sensors
In chapter 6, we demonstrate our ability to accurately model the response of
a direct contact sensor (henceforth ‘DCS’) to excitation at the base of our
chest-phantom using a transmission matrix derived from experimental FRF
measurements. In this chapter, we investigate what these results can tell us
about the likely performance of the same sensors on the chest. To this end, we
make use of the impedance measurements presented in chapter 7.

8.1

Direct contact sensors on the phantom

Let us consider again the matrix equation relating the driving point at the base
of the phantom to a sensor applied to the top surface of the phantom (as shown
in figure 6.2):










A B   Fs 
F
 b = 
.
Ẋb
C D Ẋs
|

{z

(8.1)

}

Tphantom

Fb and Ẋb are the force on and the velocity of the base of the phantom, while
Fs and Ẋs are the force on and the velocity of the contact point between the
phantom and the sensor. For the remainder of this chapter A, B, C and D refer
exclusively to the terms in Tphantom , so the under-bracket notation is dropped
for readability whenever the individual terms of the matrix are used in equations.
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m
The load impedance is equal to the ratio of Fs to Ẋs i.e., zs = Zs,s
:= Fs /Ẋs . A
typical direct contact sensor measures acceleration Ẍs . Equation (8.1) allows
us to compute the ‘phantom force response’ of a DCS, which is defined as the
response of the measured variable to the force at the driving point of the phantom:

Ẍs
iω
=
.
Fb
Azs + B

(8.2)

Likewise, the ‘phantom acceleration response’ is defined as the response of the
measured variable to the acceleration at the driving point:
Ẍs
1
.
=
Czs + D
Ẍb

(8.3)

Taking the ratio of the phantom force response to the phantom acceleration
response yields the driving point accelerance:
Ha:b,b

Ẍs
Ẍb
=
=
Fb
Fb



Ẍs
Czs + D
= iω
Azs + B
Ẍb




.

(8.4)

All three of these FRFs are shown in figure 8.1 for four cylindrical DCSs with
the same diameter of 25.4 mm, and masses ranging from 40 g to 150 g. The
figure shows FRFs estimated from measurements (markers), and simulated
using equations (8.2) to (8.4) (lines). The simulations are performed using a
transmission matrix (Tphantom ) computed from experimental data for the 62 g
and 152 g cases as described in section 6.5.1. To simplify the analysis we employ
a slightly different form of the transmission matrix (T̃phantom ) which directly
relates the terms measured by the impedance head to the sensor (see section
6.5.1). The agreement between the simulation and the data is excellent between
62 and 152 g. However, for the 42 g case the simulation overestimates the second
resonance frequency (ω2 ), suggesting that the stiffness may be lower for this case.
Using T̃phantom to predict the 42 g case is an extrapolation, but has been included
here for insight.
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Fig. 8.1 Bode magnitude plots of FRFs for a 25.4 mm diameter rigid DCS on
the phantom. Markers are used to show FRF estimates from measured data
while lines show the results from simulations using equations (8.2) to (8.4) with
T̃phantom . (a): phantom force response (Ha:s,b ). (b): phantom acceleration
response (Ẍs /Ẍb ). (c): driving point accelerance (Ha:b,b ). The decibel reference
for both accelerance FRFs is 1 kg−1 .

8.1.1

Stop-surface force reference

The response curves in figure 8.1 allow us to clearly distinguish between the
performance of the sensors. However, the individual curves contain features that
depend on the transmission of vibrations through the phantom and are therefore
not relevant to the performance of the same sensors on the chest.
In order to assess the performance of the sensors in a more objective manner we
follow the approach of Suzuki and Nakayama [142], and consider the response
relative to an ‘equivalent’ stop-surface force. The term ‘equivalent’ needs to be
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carefully defined, and we establish what we mean by this in the remainder of
this section.
The stop-surface force is defined as the force perturbation exerted on a coupler (of
a given area) with an infinite impedance. An infinite impedance load at the surface
means that the motion of the surface is completely impeded, which explains the
terminology used. Mathematically this ‘stop-surface force’ is equivalent to the
Thévenin force (see section 3.5.7).
The stop-surface force cannot be measured simultaneously with the sensorresponse. Instead we consider the ratio of the stop-surface force (Fss ) to a
reference input signal at the base of the phantom (Sref ) and compare this to the
ratio of the test-sensor response (Stest ) to the same input signal:
Stest
Stest
=
Fss
Sref



Fss
.
Sref

(8.5)

The ratio Fss /Sref depends on both the contact area and the static load applied.
As such it can either be used to compare only sensors with a given contact area
and application pressure, or an arbitrary reference area and application pressure
can be chosen.
Suzuki and Nakayama [142] attempt to physically measure the stop-surface force
using a force transducer with a firm support. This is a difficult measurement to
perform accurately (see section 4.1.4) and it is not clear if or how Suzuki and
Nakayama [142] controlled the static load applied.
We instead determine the stop-surface force theoretically, using an experimentally
deduced transmission matrix for the phantom. Despite the fact that we are now
applying an infinite load impedance, while the transmission matrix was determined from the FRFS for two fairly low-mass couplers, we are not extrapolating.
This is because the impedance load presented by the sensor can be independent
of the static force applied and does not directly affect the mechanical properties
of the phantom (or the chest). In our experimental setup the impedance of the
coupler (zs = iωms ) and the static load (Fstatic = ms × 9.81 m s−2 ) are directly
related but this does not have to be the case. A sensor of any mass can be
applied with any application pressure.
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Considering the matrix equation for the phantom-sensor system with the sensor
velocity set to zero, i.e.:










F
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 b = 
,
Ẋb
C D
0
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|

ss

{z

(8.6)

} | {z }
ss

Tphantom

we can obtain the ratio of the stop-surface force to the force at the base of the
phantom as:
Fs /Fb = 1/A .
(8.7)
| {z }
ss

Similarly, the ratio of the stop-surface force to the base-acceleration is given by:
Fs /Ẍb =
| {z }

1
1/C .
iω

(8.8)

ss

Depending on whether we treat the phantom base as a force-source or an
acceleration-source we can define the stop-surface force response of the sensor
using either equation (8.9) or (8.11). For a force-source we combine equations
(8.2) and (8.7) to yield:
Ẍs
Fss
|{z}

=A

Ẍs
Fb

(8.9)

force source

=

iω
.
zs + B/A

(8.10)

For an acceleration-source we combine equations (8.3) and (8.8) to yield:
Ẍs
Fss

Ẍs
Ẍb

(8.11)

iω
.
zs + D/C

(8.12)

= iωC

|{z}

accel source

=

In practice, the base of the phantom is neither a force-source nor an acceleration
source as both the driving point force and the driving point acceleration depend
on the load applied at the surface of the phantom. However, this is unimportant
for the analysis presented here as we are not trying to predict the response of
sensors to the voltage input at the shaker in the phantom rig. Instead, we are
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interested in the performance of sensors on the human chest. To determine
whether a force-source or an acceleration-source is a more appropriate model we
consider the Thévenin impedance ‘seen’ by a sensor on the phantom for each of
these two cases and compare this to measurements of the impedance ‘seen’ by
the same sensor on the human chest.

8.1.2

Thévenin impedance

The ‘stop-surface force’ is mathematically equivalent to a Thévenin equivalent
force. This motivates the use of Thévenin and Norton equivalent circuits to model
the impedance coupling of sensors to the phantom and chest. The Thévenin
impedance is the impedance measured at the output terminals of a linear system
when all of the source terms within that system are set to zero (see section 3.5.7).
Consequently, the Thévenin impedance of the phantom depends on how the
source is defined.
For a force-source (shorthand f.s.) at the base of the phantom, we set Fb to zero
and apply test signals (Fs = Ftest and Ẋs = −Ẋtest , as defined in figure 7.14b) at
the sensor side. This yields:
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Ẋb
C D Ẋs
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(8.13)

f.s.

m
Defining Ztest
:= Ftest /Ẋtest , the top line of equation (8.13) can be rearranged to
give:
m
Ztest
= B/A .
(8.14)

| {z }

| {z }

Tphantom

force source

For an acceleration-source (shorthand a.s.) at the base of the phantom, we set
Ẋb to zero and apply test signals at the sensor side, yielding:
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(8.15)
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The top line of equation (8.13) can be rearranged to give:
m
Ztest

= D/C .

| {z }

| {z }

accel source

(8.16)

Tphantom

Figure 8.2 shows the simulated driving-point impedance seen looking at a rigid
cylindrical coupler with a mass of 57 g and a contact diameter of 25.4 mm pressed
against the phantom with a static force in the range of 0.4 − 1.5 N. As expected,
the force-source case gives a low-frequency mass limit (+20 dB/decade), while
the acceleration-source case gives a low-frequency stiffness limit (-20 dB/decade).
Comparison to the form of the driving-point impedance FRF seen looking at
a sensor pressed against human-chest (shown in figure 7.6 of chapter 7) tells
us that an acceleration-source is a more appropriate model for the base of the
phantom in order to match the chest.

Fig. 8.2 Bode plot of the simulated impedance seen looking at a rigid cylindrical
coupler with a mass of 57 g and a contact diameter of 25.4 mm pressed against
the phantom with a static force in the range 0.4 − 1.5 N. Red line: force source
model (equation (8.14)). Blue line: acceleration source model (equation (8.16)).
The dB reference value is 1 Ns m−1 .
It can also be seen that, despite the resonances associated with transmission
through the phantom in e.g. figure 6.5, the ‘test’ impedance seen at the coupler
resembles that of a two-degree-of-freedom system.
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8.2

Impedance coupling

Defining the ‘test impedance’ for an acceleration-source at the base of the
phantom as the Thévenin impedance, i.e.,
zThé =

,

(8.17)

iω
Ẍs
=
.
Fss
zs + zThé

(8.18)

m
Ztest

| {z }

accel source

equation (8.12) becomes:

Equation 8.18 can be represented by the Thévenin-equivalent impedance analogy
circuit in figure 8.3.
zThé

fThé

⇠

zsensor

Fig. 8.3 Thévenin equivalent impedance analogy circuit for a rigid DCS on the
chest. The Thévenin force (FT hé ) is equivalent to the ‘stop-surface force’ (Fss ).
The stop-surface force response is inversely related to the net impedance (znet =
zs +zThé ). Figure 8.4 depicts a graphical representation of the impedance coupling
between the phantom and a sensor. The sensor is approximated as a pure mass,
while the phantom impedance is given by a SDOF LEM with parameter values
taken from the plateaus of effective mass, damping rate and stiffness in figure
7.11.
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Fig. 8.4 Impedance coupling of a 57 g, 25.4 mm diameter DCS to the phantom.
A SDOF LEM is used for the phantom with: meff = 3.0 g, λeff = 6.3 Ns/m and
keff = 9.9 kN/m. The dB reference value is 1 Ns/m.

8.3

Thévenin force referenced phantom response

Figure 8.5 shows the stop-surface force response for two sensors on the phantom.
The markers (+ and ×) show the response derived by converting the phantom
acceleration response into a stop-surface force response using equation (8.11).
The phantom response measurements are described in chapter 6 (see figure 6.2),
as is the computation of the transmission matrix used in equation (8.11).
The lines in figure 8.5 are derived using the impedance coupling approach
described in this chapter. The Thévenin impedance of the phantom is modelled
using a SDOF LEM with parameter values extracted from the measurements in
chapter 7 (see figure 7.10 for the experimental setup, figure 7.11 for the extracted
SDOF parameters and figure 8.4 for a graphical representation of the impedance
coupling).
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Fig. 8.5 Bode magnitude plot of the stop-surface force response (shown as an
admittance FRF). Results are shown for two methods: (1) conversion of the
phantom acceleration response using equation (8.11); (2) impedanc coupling
using a SDOF LEM for the Thévenin impedance of the phantom (see text). The
dB reference value is 1 m s−1 N−1 .
Considering the fact that the responses derived using an impedance coupling
approach (+ and ×) and those derived by converting the phantom-response (
and ) are based on measurements performed on the phantom-sensor system in
an entirely different manner, the agreement between the two methods is good.
The impedance coupling method predicts a slightly higher resonance frequency,
and a peak height that is independent of the sensor mass, while the converted
phantom acceleration response suggests that the peak amplitude decreases with
sensor mass. This suggests that damping increases slightly with static load,
contrary to the assumptions made in the computation of T̃phantom .
Comparing the performance of the two sensors, it can be observed that a higher
sensor mass leads to a lower high-frequency response, and a lower resonance
frequency. The low frequency response of both sensors is similar, while the
sensor with a higher mass performs better in a small frequency range around its
resonance. These observations are consistent with experimental results on the
relative response of accelerometers on the chest presented by Vermarien and van
Vollenhoven [153].
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Impedance coupling to the human chest

Sections 8.1 to 8.3 establish a method for presenting data from the phantom
in a manner that is not excessively characterised by the particularities of the
measurement setup. However, we still need to interpret these measurements in
light of the expected response at the chest.
In order to do this we make use of the impedance coupling approach described in
section 8.2. In chapter 7 we present measurements of the chest impedance on the
back of a human subject. Unlike the plateau region observed for the impedance
seen by a sensor on the phantom, the chest exhibits a static-load dependance
for both the effective damping rate and the effective stiffness across the entire
range of loads for which measurements were performed. Studies reported in the
literature observe similar trends.
To convert from the Thévenin-force response on the phantom to the Théveninforce response on the chest, a conversion factor can be used:
Ẍs
=
Fss
|{z}

chest

1 + zph /zs
1 + zch /zs

!

Ẍs
Fss
|{z}

(8.19)

.

phantom

In equation 8.19 zph = zph (Â, Fstatic ) is the Thévenin impedance of the phantom
 
for the same contact area (Â) and load (Fstatic ) for which FẌsss
is valid
phantom

and zch = zch (Â, Fstatic ) is the Thévenin impedance of the chest for the same
contact area and a desired static load.
Vermairen and van Vollenhoven [153] consider the coupling of direct contactsensors to the chest by assuming that the static load applied is directly related
to the mass of the sensor. This is only the case if the sensors are loading the
chest vertically with their self-weight. This is the case for the measurements we
have performed on the phantom, but is not typically the case for the practical
use of direct-contact sensors on the chest. In figure 8.6 the effect of using the
same DCS on the phantom and the human chest is shown for a case in which
the static load is independent of the sensor mass.
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Fig. 8.6 Bode magnitude plot of the stop-surface force response for a 60 g, 25.4 mm
diameter DCS (shown as an admittance FRF). The curves are simulated using a
Thévenin-equivalent impedance coupling method with SDOF LEMs for both the
phantom and the chest. The phantom case shown here matches that in figure
8.5. The response on the chest is simulated for two different contact pressures
(3 kPa and 5 kPa), with parameter values extracted from the 25.4 mm diameter
case in figure 7.9.

8.5

The effect of holding a direct contact sensor

Figure 8.7 shows the effect of holding the sensor on the phantom force response,
the phantom acceleration response and the driving point admittance FRF. The
grey dots show the free case for a 100 g sensor, while the green markers show the
FRFs corresponding to three separate held cases (with the elbow resting on a
support). The solid blue line shows the response of a free coupler simulated using
T̃phantom with a pure-mass load to represent the sensor. The dashed red line
shows the simulated response for a coupler of the same mass linked to ground
with a dashpot of λs,0 = 18 Ns/m. This is the expected attachment impedance
according to the measurements and model presented in section 7.5. This simple
dashpot-only model captures the effect of the loading reasonable well, although
the value of λs,0 = 18 Ns/m suggested in chapter 7 slightly overestimates the
damping see for the held DCS.
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Fig. 8.7 Bode magnitude plots of H1 estimators of the FRFs for a 25.4 mm
diameter rigid DCS on the phantom. (a): phantom force response (Ha:s,b ). (b):
phantom acceleration response (Ẍs /Ẍb ). (c): driving point accelerance (Ha:b,b ).
The decibel reference for both accelerance FRFs is 1 kg−1 . In all three plots
grey dots (•) denote the measured free case, green markers (×, +, *) denote
the measured held case, the blue line (
) denotes the simulated free case,
and the dashed red line (
) denotes the simulated held case, using a λ-only
model with zs,0 = λs,0 = 18 Ns/m. The dB reference for both admittance FRFs
is 1 m/Ns.

8.6

Summary and conclusions

In this chapter, we demonstrate the use of impedance coupling techniques to
predict the performance of direct contact sensors. We present a method for
converting response measurements on the phantom into a format that is directly
compatible with an impedance coupling approach by making use of Thévenin’s
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theorem. This allows us to estimate the relative performance of sensors on the
chest from measurements of their performance on the phantom.
We concentrate on the physical coupling between direct contact sensors and the
chest. In practice, the physics of the transducers plays an important role. For
example, the surface acceleration might be maximised at the lowest possible
load, but low-mass accelerometers typically have a lower sensitivity than heavier
sensors. Much of the current research activity in this field is focused on the
design of low-mass, high-sensitivity direct contact sensors (see e.g. [135]).
In contrast to the unloaded chest surface, a surface loaded with a DCS will
move with a lower amplitude at high frequencies. As the sensor mass increases,
the high-frequency performance degrades. However, the coupled chest–DCS
system will have a lower first resonance frequency than the unloaded chest,
predominantly due to the mass of the sensor. In the vicinity of this resonance
the response is increased for the DCS case in contrast to the unloaded surface.
This means that at these low frequencies an accelerometer on the chest will be
moving at a higher amplitude than the unloaded surface would for the same
(biological) excitation signal. The model presented in this chapter cannot be
employed to directly compare the response of a free surface to a loaded one, as
the model inherently includes the effect of constraining the sensor contact area
to move as one - an assumption which is violated by a free surface.
Finally, we investigate the effect that holding a DCS has on the measured response.
We show that the simple damping-only model for the attachment impedance due
to holding proposed in chapter 7 is able to explain the changes in the measured
FRFs.

Chapter 9
Air-coupled sensor acoustics
In this chapter, we present experimental measurements of the performance of
air-coupled stethoscopes on the phantom described in chapter 6. The implications
of these measurements are discussed in terms of the models derived in chapter 4.
This chapter considers the specific case of ‘air-coupled microphones’ (henceforth
‘ACM’s). An ACM is an electronic stethoscope consisting of a chestpiece with
a microphone mounted directly in the air cavity. The effect of tubing on the
response is discussed in chapter 10.
This chapter starts with a description of experiments conducted on the phantom
to characterise the performance of ACMs. In section 9.2, we present results for
ACM performance on the phantom and discuss the effect of the chestpiece mass
and the air cavity volume.
In section 9.3, we explore the ACM-performance data in more depth. We calculate
the motion of the ‘skin’ surface in contact with the ACM air cavity from measured
FRF data, and describe the use of a transmission matrix for the phantom in the
interpretation and modelling of the ACM phantom-response.
In section 9.5, we consider the response of ACMs relative to the ‘stop-surface
force’ on a rigid surface with the same outer contact area as the ACM. Modelling
the transmission of vibrations from the base of the phantom to the ACM in a
simplified manner allows us to compare these measured stop-surface responses
with simulations of the Thévenin equivalent response according to the lumpedelement ACM model presented in chapter 4. In section 9.6 we apply our model to
explore the effect of cavity volume on the ACM-response, and in section 9.7 we
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discuss the effects of using a diaphragm to cover the air cavity entrance. Finally,
in section 9.8, we explore the effect of holding an air-coupled sensor.

9.1

Experimental setup

In order to explore how the performance of air-coupled microphones depends on
cavity-volume we 3D-printed a range of chestpieces with different cavity volumes.
The chestpieces were 3D-printed in Objet VeroWhitePlus RGD835 on an Objet24
3D printer to a variety of geometric specifications. For the results presented
in this chapter, the outer contact area of the chestpiece and the cavity-contact
area were kept constant while the cavity volume was varied. In each case, the
chestpiece cavity was terminated by the flush-mounted protective grid of a 1/4
inch condenser microphone (G.R.A.S. 46BL).
tapered screw hole

shaft for microphone

cavity depth

cavity contact
diameter

air cavity

Fig. 9.1 Cross-section of 3D-printed air-coupled microphone chestpiece. The
hollow shaft is filled by a microphone, with the microphone diaphragm flush to
the air cavity as shown in figure 9.3. The cavity contact diameter and the cavity
depth can be varied systematically to generate a set of ACMs.
Figure 9.2 shows a schematic of the experimental setup used to determine
the phantom response of air-coupled sensors. The chestpiece rests on the top
surface of the phantom and a firmly attached load mass is used to ensure the
chestpiece is securely positioned and set the chestpiece mass to a desired value.
An accelerometer on the load mass measures the motion of the chestpiece housing,
while a microphone measures the pressure in the air cavity. Care is taken to
avoid excessive air-leaks and to ensure that the setup is vertically aligned.
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accelerometer
wire

microphone wire
load mass
chestpiece housing

silicone rubber
cylinder
wires

shaker

aluminium
base plate
impedance head
stinger

Fig. 9.2 Schematic of the experimental setup used to characterise the performance
of air-coupled sensors on the phantom. Four signals are measured: the force and
acceleration at the impedance head, the acceleration of the sensor housing, and
the pressure in the air-cavity.
Figure 9.3 shows a cross-section of the chestpiece from figure 9.2. The shaft
of the chestpiece fits tightly around the protective grid of the microphone to
prevent air leakage, but the rear vent is not blocked. Any remaining air leaks
would have cross-sectional dimensions several orders of magnitude smaller than
the dimensions of the air cavity and are expected to only affect the response at
very low frequencies (see e.g. Kraman et al. [78]), thus preventing the cavity
from building up a static pressure without influencing the pressure perturbations
at frequencies of interest. See appendix C.2 for more detail on the effect of air
leaks. A plastic screw is used to secure the microphone in place by tightening
the screw against the microphone through the tapered screw hole indicated in
the schematic.
Microphones are designed to operate with a stationary base and a diaphragm
that is exposed to a fluctuating pressure level. The conversion of diaphragm
motion to pressure perturbation is based on the assumption that the microphone
is operating in this condition. In this experiment this assumption is violated
as the microphone base vibrates with the sensor housing. It can be shown (see
appendix C.3) that axial vibration of the microphone-base results in an effective
pressure term that is proportional to the base-acceleration. In appendix C.3 it is

Air-coupled sensor acoustics

196

shown that for the acceleration magnitudes measured in our experiments this
term is negligible and does not need to be considered in the following analysis.
microphone
preamplifier
accelerometer
tape for seal
(not shown)
chestpiece
(housing)

rear vent

load mass
screws
(not shown)
rim

protective air cavity
grid covering
microphone
diaphragm

Fig. 9.3 Cross-section of the chestpiece in figure 9.2 with instrumentation.
To ensure that background noise did not corrupt our cavity-pressure measurements, we performed measurements with no excitation to determine the background noise level on all transducers. For frequencies above 20 Hz the background
noise level on the microphone was found to be negligible in all measurement
sessions. We also recorded the ambient sound level during the recordings with a
calibrated room-microphone. This was found to be negligible when compared
with sound level in the air-cavity.

9.2

Phantom-response of air-coupled microphones

Figure 9.4 shows the response of two ACMs with different cavity volumes on
the phantom. For each ACM three different load masses were applied. The
figure shows the response of the pressure in the air-cavity to the force (a) and
acceleration (b) at the base of the phantom. The driving-point admittance FRF
at the base of the phantom is also shown (c). Figure 9.4 reveals several important
trends in ACM performance which are outlined in sections 9.2.1 and 9.2.2.
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Fig. 9.4 Bode magnitude plots for FRFs from ACM tests on the phantom:
(a) H1 estimator of the cavity-pressure with respect to the base-force (dB
reference 1 m−2 ), (b) H1 estimator of the cavity-pressure with respect to the
base-acceleration (dB reference 1 kg m−2 ), and (c) the driving point admittance
at the base of the phantom (dB reference 1 m s−1 N−1 ). Results are shown
for two cavity volumes: V1 = 1240 mm3 and V2 = 2220 mm3 . For both ACMs
the cavity-contact diameter is 16 mm and the outer diameter is 23.8 mm. Net
chestpiece masses are as stated in the legend.

198

9.2.1

Air-coupled sensor acoustics

Effect of chestpiece mass (and static load)

The mass of the chestpiece has a significant effect on the low frequency performance of ACMs, while the high frequency response (≳ 200 Hz) is almost
unaffected by chestpiece mass. This can be explained by the fact that the large
(relative) mass of the chestpiece causes it to lock at high frequencies, thus leading
it to act like a grounded body regardless of the exact value of the mass. An
inspection of the power spectral density (PSD) of the chestpiece acceleration
(not shown here) confirms this hypothesis: the chestpiece acceleration becomes
negligible at high frequencies, hitting the noise floor at around 1 kHz in most
measurements (depending on the amplitude of the excitation).
At low frequencies the coupling of the chestpiece mass to the stiffness-dominated
phantom plays a dominant role in setting the first antiresonance and second
resonance frequencies of the coupled system. This matches our observations
for direct contact sensors in chapter 6. The driving-point admittance FRFs for
ACMs closely resemble those for DCSs, suggesting that the base of the phantom
sees a similar load whether the surface is loaded by an ACM or a DCS.
As the chestpiece mass is increased, both the ω2 resonance and the ω− 1 antiresonance decrease in frequency and increase in amplitude. The ω2 resonance
determines the peak in the response of the cavity pressure to the ‘input’ force
Fkb,o , while the ω− 1 antiresonance determines the peak in the response of the
cavity pressure to the ‘input’ acceleration Ẍb . In both cases, increasing the sensor
mass increases the level of the low-frequency response, while the mid-frequency
response drops, and the high-frequency response is minimally affected.
As well as increasing the chestpiece mass, adding load masses to ACMs in our
experimental setup also results in a larger static load applied to the phantom.
The stiffness between the chestpiece rim and the phantom ‘tissue’ is expected to
increase as the rim is pushed more firmly into the phantom (see e.g. Kaniusas’s
[67] comments on the ‘natural diaphragm effect’). Increased stiffness tends to
increase the frequency of resonances, but in this case that effect is outweighed
by the effect of the increased mass.
As discussed in section 4.3.2, several existing theories for ACM acoustics entirely
neglect the effect of the chestpiece mass on the response (see e.g. [163, 142]). The
experimental results presented here confirm our hypothesis that this approach is
not valid when considering the low-frequency response of ACMs.
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Effect of cavity volume

Figure 9.4 demonstrates that increasing the cavity volume of ACMs reduces the
level of the response and reduces the resonance frequencies. The reduction in the
level of the response can be explained by the fact that when the cavity volume is
larger, the same displacement perturbations at the cavity surface lead to smaller
relative volume changes and therefore smaller pressure changes. The reduction
in the resonance frequencies suggests that the stiffness of the air cavity plays a
role in setting the resonance frequencies of the coupled system.
The volumes stated in figure 9.4 are the nominal cavity volumes. These do not
include the small volume of air between the protective grid of the microphone
and the diaphragm, and do not take into account the effect of occlusion. As the
static load is increased we expect the actual cavity volume to decrease slightly
as phantom ‘tissue’ fills the cavity.

9.3

Interpretation of the phantom-response of
air-coupled microphones

Response curves of the type shown in figure 9.2 can be used to compare the
performance of stethoscopes on the phantom and observe the effects of varying
various design parameters. However, in order to explain these results physically,
validate our model and predict the performance of the same ACMs on the chest
we must extract more information from the data. In this section we present a
range of semi-empirical results derived by combining measured response data
with our theoretical models for the chest-sensor system. In subsection 9.3.1 we
consider the forces exerted on the chestpiece of an ACM and compare these to
the forces exerted on a DCS and on an infinite impedance load. In subsection
9.3.2 we explore what the pressure and housing-acceleration measurements can
tell us about the motion of the constrained skin surface, by treating the small
air cavity as a pure compliance.
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9.3.1

Comparison to the DCS case

Figure 9.5 presents a comparison between the phantom-response of an ACM and
that of a DCS with the same mass (67 g) and outer diameter (23.8 mm). Figure
9.5(a) shows the force exerted on each sensor with respect to the acceleration
of the base of the phantom (Fs /Ẍb ). As the force exerted on the sensors is not
directly measured, these are semi-empirical results. For both the DCS (×) and
the housing of the ACM (•), Fs /Ẍb is computed by multiplying the H1 estimator
for Ẍs /Ẍb by the known sensor mass. The impedances of the transducer wires
are neglected in this analysis. The stop-surface force (+) (computed as described
in chapter 8) is shown for later reference.
For the ACM, figure 9.5(a) also shows an estimate of the force exerted through
the air-cavity (◦). This is obtained by multiplying the measured cavity pressure
by the cavity-contact area (F = P Âc ). It can be seen that this accounts for only
a small fraction of the total force exerted on the sensor housing. This observation
suggests that Joyashiki and Wada’s (2020) [66] model for ACMs, which assumes
that the entire force on the housing mass is exerted through the air-cavity, is not
valid (see section 4.3.2).
Figure 9.5(b) shows the phase of Fs /Ẍb . Both the DCS and the ACM housing
are in phase with the base of the phantom at low frequencies. This agrees with
our interpretation of the ω1 = 0 rad s−1 mode and the ω− 1 antiresonance in
the driving point response (see chapter 6). As the magnitude of Fs /Ẍb (9.5(a))
passes through the dominant peak, the phase shifts to 180°. This agrees with our
interpretation of the driving point response (9.5(c)) in which we associate the
second resonance (ω2 ) to a mode in which the sensor moves out of phase with
the base (see section 6.3). The pressure in the air cavity leads the base (and
housing) acceleration by almost 90° at low frequencies. The phase difference
between the housing acceleration and the cavity pressure then decreases until
around 250 Hz. Above 250 Hz there is a small spike of increased phase difference
before which the cavity pressure begins to lag the housing acceleration.
Figure 9.5(c) shows the driving point accelerance FRF (Ha:b,b ) at the base of
the phantom for the same three cases. Comparing Ha:b,b for the DCS and ACM
cases, the general features are similar, but in the ACM case the resonances occur
at lower frequencies. This suggests that the overall oscillation of the coupled
system is similar for the two cases, but that there are lower stiffnesses somewhere
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Fig. 9.5 Bode magnitude plots of the phantom-response of various sensors with
23.8 mm outer diameters. (a): Semi-empirical FRF of force exerted on sensor
with respect to the acceleration of the base of the phantom (Fs /Ẍb ) (dB relative
to 1 kg). (b): Phase of Fs /Ẍb . (c): Driving-point accelerance FRF (dB relative
to 1 kg−1 ). Green plus signs (+) represent the estimated stop-surface case; grey
crosses (×) represent the simulated response of a 67 g DCS (computed using
T̃phantom for the relevant contact area); and blue dots (•) show the measured
response of the housing of a 67 g ACM with a cavity contact area of ∼200 mm2
and a cavity volume of ∼2700 mm3 . The hollow light blue circles (◦) in (a)
represent the force exerted through the air-cavity of the ACM (F = P Âc ).
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in the ACM system. This is consistent with the models presented in chapter 4,
in which finite stiffness terms connect the phantom surface and the housing of
the ACM, in contrast to a rigid connection in the DCS case. In section 9.4 we
explore how these insights can be used to simulate the response of ACMs on the
phantom.

9.3.2

Estimation of cavity-surface motion

In chapter 4, we argue that the pressure in the air-cavity (P ) is dictated by
volume changes due to the relative motion between the chestpiece housing (Xs )
and the constrained ‘skin’ surface in contact with the air cavity (Xc ). This allows
us to write:
ρ0 c2 Âc
P = (Xc − Xs ) 0
,
(9.1)
V0
where Xc is defined as in section 4.5.1 such that a change in the cavity volume
δV = Âc (Xs − Xc ). Âc is the cavity contact area, V0 is the equilibrium volume,
ρ0 is the density of air and c0 is the speed of sound in air.
Equation (9.1) can be rearranged to yield a semi-empirical estimate of the surface
deflection Xc :


V0
Xc = P
+ Xs .
(9.2)
ρ0 c20 Âc
To allow comparison with experimental data we divide equation (9.2) through
by a reference signal, obtaining an expression in terms of FRFs. Using the
acceleration at the base of the phantom as a reference signal yields:
Xc
P
V0
1 Ẍs
=
+
.
−ω 2 Ẍb
Ẍb
Ẍb ρ0 c20 Âc




(9.3)

Figure 9.6 shows a Bode plot of the semi-empirical response of the cavity surface
acceleration to the phantom base acceleration (computed using equation (9.3))
superimposed on a plot of the measured response of the housing acceleration
to the base-acceleration (Ẍs /Ẍb ). At low frequencies, the cavity surface (Xc )
and the chestpiece-housing (Xs ) move in phase with both each other and the
phantom-base (Xb ), as can be seen by the 0° phase difference. At around
85 Hz (for this configuration) the magnitude of the surface acceleration response
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intersects the magnitude of the chestpiece housing acceleration response. At
around this frequency the phase difference between Xc and Xs passes through
90°.

Fig. 9.6 Bode plot of the phantom-acceleration response of the housing of an ACM.
Blue dots (•): chestpiece housing acceleration response (H1 estimator). Green
plus signs (+): cavity-surface acceleration response (semi-empirical: calculated
from the measured Ẍs /Ẍb and P/Ẍb FRFs using equation (9.3)). Green dashed
lines (– –): Ẍc /Ẍb calculation with 10% variation in cavity volume. The FRFs
in this figure are for an ACM with a 67 g chestpiece, a nominal cavity volume of
∼2700 mm3 , an outer diameter of 23.8 mm and an inner diameter of 16 mm.
The cavity-surface motion calculation for figure 9.6 was performed using the
nominal cavity-volume and cavity-contact area for the chestpiece. The green
dashed lines show that there is little difference in the shape of the response
for small (10 %) variations in cavity volume. However, if larger static loads are
applied, this could lead to a more significant variation in cavity volume, as well
as a change in the effective cavity-contact area.
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Furthermore, the semi-empirical estimation of Ẍc is based on the assumption
that the impedance of the air cavity is a pure compliance. If a damping term is
included in series with this compliance then the semi-empirical estimation of Ẍc
will yield a lower response level at high frequencies.

9.4

Model of the ACM phantom-response

In this section we present a simplified approach to modelling the response of
ACMs on the phantom by making use of transmission matrices computed for
the rigid (DCS) case. This simplification is motivated by the consideration that
the ACM case tends to the DCS case as the cavity stiffness (ka ) tends to infinity.
(An infinite cavity stiffness is obtained when the cavity volume reaches zero, at
which point an ACM turns into a DCS.)
Adapting the lumped element models derived in chapter 4 for DCSs and ACMs
(see figures 4.7 and 4.28) to include a transmission matrix for the phantom we
obtain:
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Ẋs
| {z }
ACM

|

{z

(9.5)
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The underbraces on the two-port vectors indicate the fact that the values of
these terms depend on the sensor used (as well as on the excitation level). For
the ACM case the transmission matrix between the impedance-head terms at the
base of the phantom and the chestpiece housing (T̃ph:ACM ) can be expressed as:
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The division between the ‘inner’ transmission matrix (T̃ph:inner )and the ‘contact’
transmission matrix (Tcontact ) is arbitrary. In keeping with the models proposed
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in chapter 4 we define the contact transmission matrix as:
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This can be interpreted as saying that T̃ph:inner defines the relationship between
(the force on and velocity of) the base of the phantom and (the force on and
velocity of) a suitable lumped mass at the surface of the phantom. The contact
transmission matrix Tcontact consists primarily of a stiffness term (kc,s + ka )
between this lumped mass and the sensor housing, but also reallocates some of
the lumped mass (mch:s ) to the housing-side of the stiffness.
As the cavity stiffness ka → ∞, Tkc,s tends to the identity matrix (I), yielding:
T̃contact = T−1
mch:s I Tmch:s = I .

(9.8)

Consequently, as ka → ∞,
(9.9)

T̃ph:ACM → T̃ph:inner .

Furthermore, we argue that as ka → ∞ the air-coupled case becomes the rigid
(DCS) case, so:
T̃ph:inner ≃ T̃ph:DCS .
(9.10)
This allows us to use the transmission matrix for the phantom derived in chapter
6 for rigid loads to model the response of air-coupled stethoscopes:
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It should be noted that this approach is a simplification which does not account
for changes in the mechanical properties of the phantom due to the manner
in which the phantom-surface is loaded and constrained. It is anticipated that
the transmission matrix between the base of the phantom and the surface is a
function of the static load applied, the way in which this static load is applied,
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and the way in which the surface is constrained. However, the numerical effect
of these factors cannot be easily established by experimental means, and the
method presented here should serve as a reasonable approximation to illustrate
the method and validate the approach.
Equation (9.11) can be used to simulate the response of the coupled ACMphantom system to excitation at the base of the phantom. The equation is
represented as an impedance analogy circuit in figure 9.7. The small mass
lumped to the rim (mch:s in equation (9.7)) is neglected for simplicity (the effect
of including mch:s in the simulation is found to be negligible).
i!ms

ẋb
kc,s /i!
fkb,o

zs,0

T̃phantom
ka /i!

Fig. 9.7 Impedance analogy circuit representing the coupling of an ACM to
the phantom. Simplified model using a transmission matrix (T̃phantom ) for the
phantom and neglecting mch:s . All symbols are as defined in section 4.5 and the
colours used match those in figure 4.27.
To compute the pressure in the air cavity we first compute the force exerted on
the sensor. Using, for example, the acceleration at the base of the phantom as
the reference, we obtain:
Fs
1
=
,
(9.12)
C + D/zs
Ẍb
where zs = (iωms + zs,0 ) || (kc,s + ka )/iω.
The terms ka and kc,s then form a potential divider, which allows us to compute
force through the air cavity as
!

Fcavity =

ka
Fs .
ka + kc,s

(9.13)

As noted in chapter 4, the stiffness term kc,s represents a constitutive model
such as a parallel spring-dashpot combination (giving an impedance of zc,s =
λc,s + kc,s /iω in place of kc,s /iω in the circuit). Allowing also for an arbitrary air
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cavity impedance za , equation (9.13) then becomes:
!

Fcavity =

za
Fs .
za + zc,s

(9.14)

Considering figure 9.5(a), it is evident that only a small portion of the force
exerted on the sensor housing is exerted through the air cavity (compare • with
◦). This suggests that in our model kc,s > ka . The force exerted through the air
cavity (Fcavity ) can be converted into the cavity-pressure using the contact area:
P = Fcavity /Âc .

(9.15)

In order to simulate the phantom-response of an ACM using equations (9.12)
- (9.13), appropriate values are required for ms , ka , zs,0 , and zc,s . The sensor
mass ms is measured directly on scales, while ka is computed using equation
(3.47) with nominal values for the cavity dimensions. Suitable values for zs,0 ,
and zc,s are selected by fitting them to the driving point response. For the case
shown in figure 9.8 this yields values of kc,s = 16 kN/m, λc,s = 18 Ns/m and
zs,0 = λs,0 = 0.5 Ns/m. The λs,0 term represents a small amount of damping
from the transducer wires. By selecting parameter values based on the driving
point response only, we are able to test our model without over-fitting to the
measured response data.
Picking appropriate (and physically sensible) values for zc,s and zs,0 , and using
these in conjunction with the known sensor mass ms , the estimated cavity stiffness
(ka ) and the transmission matrix for the DCS case (T̃ph:DCS ), we are able to
match the measured driving point response closely. The resulting parameter
values also lead to an accurate estimation of the motion of the sensor housing (- in figures 9.8(b,c)). The simulated response of the pressure in the air cavity
(- - in figure 9.8(a)) matches the general features of the measured response (in
particular the dominant low frequency peak). However, the model over-predicts
the cavity pressure at low frequencies and under-predicts the cavity pressure at
higher frequencies.
One possible explanation for the low frequency dip in cavity-pressure is the
the fact that the cavity is not completely air-tight with small leaks around the
microphone allowing low-pressure equalisation to prevent a build up of static
pressure within the cavity. This does not explain the recovery of the pressure level
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Fig. 9.8 Phantom response of an ACM with a mass of 67 g, an outer diameter of
23.8 mm, an inner diameter of 16 mm and a cavity volume of 2,700 mm3 . Blue
dots (•) denote experimental FRF estimates, while light grey dashed lines (−−)
give the simulated response for ka = 2.1 kN/m, kc,s = 16 kN/m, λc,s = 18 Ns/m
and λs,0 = 0.5 Ns/m, using T̃phantom for a 23.8 mm diameter rigid contact. (a):
Magnitude of H1 estimator of P/Ẍb (decibel reference value 1 kg m−2 ). (b,c):
Magnitude and phase of H1 estimator of XP/Ẍb (decibel reference value 1 kg
m−2 ). Dark green plus signs (+): semi-empirical, light green dot-dashed lines:
simulation. (d): Magnitude of H1 estimator of driving point accelerance (decibel
reference value 1 kg−1 ).
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at very low frequency, but it should be noted that the coherence drops rapidly
below 18 Hz, and at these low frequencies the background noise is substantial.
Comparing the magnitude of the simulated cavity-surface response (Ẍc /Ẍb ) with
the semi-empirical estimate (the light green dot-dashed line versus the dark green
plus signs in the second plot of figure 9.8), the simulation seems to underestimate
the cavity-surface response, especially at high frequencies. If the semi-empirical
estimation according to section 9.3.2 accurately captures the surface motion, then
this suggests that the modelled cavity-surface is over-constrained with respect to
the sensor housing. Considering the phase of the cavity-surface response, the
simulation matches the semi-empirical estimate well at low frequency, when the
entire system oscillates in phase. However, at high frequencies the phase of the
semi-empirical cavity-surface response lags the housing, while the simulation
suggests that the the cavity-surface response leads the housing response. We
note that no value of model parameters would lead to Xc lagging Xs . The
discrepancy could be due to the fact that the phantom transmission matrix for
the DCS case is unable to capture the nuances of vibration-transmission when
the cavity surface if able to change shape, or due to the fact that our model
includes insufficient degrees of freedom to accurately capture the response at
these frequencies. A further cause for discrepancy could be the fact that the
semi-empirical estimate does not account for any damping in the air cavity, and
may thus overestimate the high-frequency response of Xc .

9.5

Stop-surface response of air-coupled microphones

In chapter 8, we introduce a method for converting the phantom response of
a sensor into an equivalent ‘stop-surface response’ by treating the base of the
phantom as an acceleration source. Adapting equation (8.11) to give the response
of the microphone pressure (P ) with respect to the ‘stop-surface’ force (Fss ) yields:
P
Fss
|{z}

accel source

= iω |{z}
C
T̃phantom

P
.
Ẍb

(9.16)
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The ‘stop-surface’ response can be interpreted as simply being the ratio of the
pressure measured in the air cavity of the ACM under test to the force exerted
on an infinite-impedance load with the same outer contact area as the ACM,
for the same acceleration at the base of the phantom. This conversion makes
no assumptions about the physics of the ACM’s response. Figure 9.9 shows the
same data presented in figure 9.4(b) converted from the ‘phantom-response’ to
the ‘stop-surface’ response. The ‘stop-surface’ reference case is derived from
experimental data using the method outlined in chapter 8. The response of the
stop-surface force to acceleration at the base of the phantom is shown in figure
9.5.

Fig. 9.9 Bode magnitude plot of the stop-surface referenced response of the
pressure in the air cavity of an ACM for two cavity volumes (V1 = 1240 mm3 ,
V2 = 1.8V1 ) and three housing masses. The ‘stop-surface’ reference case is an
infinite impedance rigid load with a contact-diameter equal to the outer diameter
of the ACMs, excited with the same phantom-base acceleration as the ACMs
(see text for details). The dB reference value is 1 m−2 .
For the DCS case (see chapter 8) the ‘stop-surface’ force can be interpreted as the
Thévenin equivalent force in an impedance-coupling model for the response. This
is because the contact conditions are the same for the DCS and the stop-surface
case. As discussed in chapter 4, both the Thévenin impedance and the Thévenin
equivalent force depend on the contact conditions. For an ACM the ability of
the cavity-surface to change shape and move with respect to the portion of the
surface that is in contact with the chestpiece rim means that the contact differs
significantly from the stop-surface case. This means that the stop-surface force
and the source-impedance seen by a DCS cannot be directly interpreted as the
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Thévenin equivalent force and impedance for an ACM of the same outer contact
area.
Nevertheless, the use of the DCS Thévenin case in the modelling of an ACM’s
response allows a reasonable low-order approximation of the response to be
obtained. In section 9.5.1 we compare the results of modelling the ACM using
this simplification to the measured stop-surface response. In sections 9.6 - 9.7
we use this simplified model to explore trends in ACM performance.
Modelling the ACM response by using the DCS stop-surface force as the Thévenin
equivalent force, and using the source-impedance seen by a DCS at the phantom
surface as the Thévenin impedance is mathematically equivalent to the assumption that the DCS transmission matrix for the phantom is valid for the ACM
case (see section 9.4). In both cases these are simplifications to enable the ACM
case to be modelled quantitatively.

9.5.1

Thévenin response model

Figure 9.10 shows a simplified version of the impedance analogy model for an
ACM derived in chapter 4 (see figure 4.28). This model allows the response of
the pressure in the air cavity and the motion of the housing to be computed
in terms of the stop-surface force (fss = fThé ), noting the caveats discussed in
section 9.5.
zThé

fThé

⇠

i!ms

kc,s /i!

zs,0

ka /i!

pÂc

Fig. 9.10 Simplified Thévenin equivalent impedance analogy circuit for an ACM
on the phantom.
Figure 9.11 contains the same information as figure 9.8(a-c). The measured and
semi-empirical responses are converted to be in terms of the ‘stop-surface force’.
The simulations are conducted using the circuit shown in figure 9.10. Figure
9.11(b) shows the phase of the P/Fss FRF. The simulation lags the experimental
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response by 90°. This could be partially explained by a significant damping
term within the cavity. Small air-leaks between the microphone and the housing
would lead to a resistance-dominated impedance term (zleak ) in parallel with
ka /iω in figure 9.10, as discussed in appendix C.2. This could account for the
low frequency discrepancy between experimental and simulated data in both
magnitude and phase, but cannot account for the discrepancy at higher frequency.
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Fig. 9.11 Measured, semi-empirical and modelled stop-surface responses of an
ACM and the measured and modelled phantom driving point accelerance. (a,b)
Bode plot of the cavity-pressure with respect to the stop-surface force. (c,d)
Bode plot of the housing and cavity-surface accelerations with respect to the
stop-surface force. The blue dots denote experiment data, the green plus signs
denote the semi-empirical estimation and the grey dashed and green dot-dashed
lines denote the model simulations. Parameter values for the model simulations
are given in appendix D.4.
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The discrepancy between the modelled and semi-empirical Xc /Fss is likely to
be primarily due to the inadequacy of using the DCS stop-surface force and
source-impedance as the Thévenin force and impedance for the chest in the ACM
case. In the model, Xc /Fss is a driving point accelerance, which means that the
phase is limited to be between 0 and 180°. This means that, regardless of the
parameter values used to model the chest-ACM contact, the model cannot match
the semi-empirical phase prediction. This suggests that modelling the cavity
surface as being approximately equivalent to the chest-surface in contact with
the DCS is not appropriate. Nevertheless, this modelling simplification is able
to capture many of the key trends in the response and, importantly, is able to
accurately describe the effect of design parameters such as the cavity-volume.

9.6

The effect of cavity volume

Figure 9.12 shows the simulated effect of changing the air cavity volume of
an ACM. The simulation is based on the case shown in figure 9.11, with the
cavity volume varied while all other model parameters are kept constant. In this
simulation we treat the cavity as a pure compliance, neglecting any damping
terms.

Fig. 9.12 Simulation of the effect of air cavity volume on the response of an ACM.
The cavity is treated as a pure compliance. All model parameter values are as in
figure 9.11, with the exception of cavity volume V . The reference volume is V1
= 1240 mm3 and the dB reference for the response is 1 m−2 .
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The modelled trend matches experimental observations (see section 9.2.2) which
show that increasing the cavity volume reduces the level of the response and
shifts the dominant low frequency resonance to lower frequency. This supports
the well-established claim (see e.g. [163]) that minimising the cavity volume
of an air-coupled microphone maximises its response. However, two important
factors need to be considered: the effect of damping and the effect of occlusion
(see section 2.1.3).
As the cavities used for the experiments presented in this thesis are designed with
an inverted conical-horn profile, pressing ACMs with different cavity volumes
(and thus shapes) into the chest/phantom by the same amount will lead to
different changes in contact area and cavity volume. Further to changing the
properties of the cavity, occlusion will also affect the stiffness between the cavitysurface and the rim that arises due to the chest/phantom tissue (kc,s ). If a
greater proportion of the ‘skin’ surface is directly in contact with the chestpiece
housing then we expect this stiffness to increase.

9.7

The role of stethoscope diaphragms

Figure 9.13 shows the phantom-response of an ACM with and without a diaphragm. The blues crosses and green plus signs show FRF estimates from
experimental data, while the red dot-dashed line and the grey dashed line show
semi-empirical estimates of the cavity-surface motion computed from the measured cavity-pressure and chestpiece-acceleration using the method described in
section 9.3.2.
The addition of a diaphragm has two significant effects on the response of the
pressure in the air cavity (9.13(a)). Firstly, the diaphragm leads to a significant
attenuation of the pressure level and secondly, it leads to an upwards-shift in
the resonance frequencies. The driving point accelerance (9.13(d)) also reveals
an upwards shift in the ω− 1 and ω2 frequencies when the diaphragm is added,
indicating increased stiffness in the system.
The observation that the inclusion of a diaphragm leads to signal attenuation
at all frequencies is consistent with the claims of e.g. Ertel (1966) [29] and
Kindig (1982) [72], although it should be noted that the level of attenuation is
not independent of frequency as suggested by McGee (2017) [98].
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Fig. 9.13 Experimental phantom response of an ACM with and without a
diaphragm. (a) Response of the cavity pressure with respect to the phantom-base
acceleration (decibel reference value 1 kg m−2 ). (b) Response of the chestpiece
housing displacement (Xs ) and the (semi-empirical) cavity-surface displacement
(Xc ) with respect to phantom-base acceleration (Ẍb ) (decibel reference value
1 s2 ). (c) Phase of the (semi-empirical) cavity-surface displacement with respect
to chestpiece housing displacement. (d) Driving point accelerance FRF at the
base of the phantom (decibel reference value 1 kg−1 ).
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Figure 9.13(b) shows the response of the housing (measured) and cavity-surface
(semi-empirical) to excitation at the base of the phantom. It can be seen that
the housing motion is only minimally affected by the presence of the diaphragm,
with a shift in the low frequency peak to a slightly high frequency (matching
observations of the cavity-pressure and driving point responses). The response
of the cavity-surface, however, varies significantly with the addition of the
diaphragm. In the no-diaphragm case the cavity-surface response (grey dashed
line) deviates significantly from the housing response beyond the dominant lowfrequency resonance, while in the diaphragm case the cavity surface response (red
dot-dashed line) conforms closely to the housing response up until significantly
higher frequencies (∼ 150 Hz). This observation is supported by 9.13(c), which
shows the phase difference between the motion of the cavity-surface and the
chestpiece housing. In this figure it can be seen that the cavity-surface motion is
in phase with the sensor housing motion for a considerably greater proportion
of the frequency range for the diaphragm case compared to the no-diaphragm
case. These observations suggest that the addition of a diaphragm significantly
increases both the stiffness and the damping between the cavity-surface and the
chestpiece housing. This is in agreement with the model proposed for stethoscope
diaphragms in section 4.5.5.
Careful measurements of mechanical properties of different diaphragms coupled
to the chest are outside the scope of this thesis. Instead, figure 9.14 demonstrates
the ability of the model presented in chapter 4 to capture the key differences
between the response of ACMs with and without diaphragms.
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Fig. 9.14 Thévenin equivalent model simulation of the effect of adding a diaphragm
to an ACM. (a) Response of the cavity pressure with respect to the stop-surface
force (dB relative to 1 m−2 ). (b) Response of the chestpiece housing and the
cavity surface displacement with respect to the stop-surface force (dB relative to
1 s2 kg−1 ). Parameter values for the model are given in appendix D.5.
The data presented in this chapter suggests that a traditional stiff diaphragm has
an entirely negative effect on the performance of air-coupled sensors. However,
there are several reasons why using a diaphragm may be advantageous. A
stethoscope with a diaphragm can be easier to keep clean, avoiding contamination.
A diaphragm can also protect the microphone in an ACM sensor. Perhaps most
importantly from an acoustic perspective, the presence of a diaphragm also
limits the occlusion of the air cavity by chest tissue, thus allowing air-cavities
with significantly smaller volumes to be used. Decreasing the cavity volume
increases the response level, and can thus make up for the attenuation caused
by the diaphragm itself. Reducing the cavity volume also further increases the
stiffness between the cavity-surface and the chestpiece housing (ka ) leading the
resonance(s) to shift to even higher frequencies.
Figure 9.15 shows the results of a simulation comparing an ACM with a large
cavity-volume and no diaphragm (commonly referred to as the ‘bell mode’)
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against an ACM with the same mass and dimensions but a lower cavity volume
and the inclusion of a diaphragm. While the diaphragm attenuates the response,
the lower cavity volume enabled by the diaphragm amplifies the response. The
net effect for this particular comparison is that the ‘bell-mode’ yields a higher
response amplitude at lower frequencies, while the ‘diaphragm-mode’ yields a
higher response amplitude at higher frequencies. The quantitative responses
depend on the volumes used for the two ‘modes’ and on the mechanical properties
of the diaphragm.

Fig. 9.15 Thévenin equivalent model simulation comparing an ACM with a large
cavity volume and no diaphragm (‘bell mode’) to an ACM with a low volume
with a diaphragm (‘diaphragm mode’). The decibel reference value is 1 m−2 . All
model parameter values are as in figure 9.14, with the exception of cavity volume
V.
The fact that a diaphragm allows the cavity volume to be reduced has been
ignored by many studies comparing the properties of ACMs with and without
diaphragms (see e.g. [67]). This can lead to the erroneous conclusion that
diaphragms have an entirely negative effect on stethoscope performance.

9.8

The effect of holding an ACM

The effect of holding an ACM consists of two factors: the static load applied and
the attachment impedance due to the hand-arm system. The static load applied
by the holder sets the equilibrium position of the coupled system, and thus the
impedance of the chest. The attachment impedance of the human hand-arm
system becomes part of the coupled chest-stethoscope-clinician system. For
experiments on the phantom small changes in the application pressure exerted
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by the hand do not significantly effect the impedance of the phantom seen by
the sensor, thus allowing us to identify the effect of the attachment impedance.
Figure 9.16 shows the H1 estimator for P/Fb for four experiments conducted on
the same ACM. The blue dots show the FRF for the case in which the ACM
stands freely on the top surface of the phantom. The three green markers show
the FRFs estimated from three separate experiments in which the ACM was held
in place by hand.
In figure 9.16 it can be seen that, in all three cases, holding the ACM decreases the
amplitude of the low frequency peak without significantly changing its frequency.
This suggests that the effect of holding the ACM is dominated by damping. There
is a small upwards shift in the frequency of the dominant low frequency peak,
which suggests that the attachment-impedance (zs,0 ) also has a small stiffness
component. In contrast, figure 9.4 shows that the dominant effect of adding
mass to an ACM is to increase the amplitude of the low frequency peak and to
shift the peak-frequency downwards significantly. This suggests that modelling
the effect of application pressure on ACM performance by added load masses
to the ACM chestpiece (as done in experiments by e.g. [71, 106, 73]) does not
accurately capture the effect of pressing the sensor against the chest by hand.

Fig. 9.16 Effect of holding the chestpiece of an ACM on the phantom response.
H1 FRF estimator of the cavity pressure with respect to the input force at the
base of the phantom (dB relative to 1 m−2 ). Blue dots show the free case; green
markers show three separate held cases.
Figure 9.17 shows a simulation of the phantom response of an ACM, illustrating
the effect of using two different models for the holding of the ACM. The solid blue

9.8 The effect of holding an ACM

221

line shows the ‘free’ case (with a chestpiece mass of ∼ 250 and an attachment
impedance of zs,0 = λs,0 = 0.5 Ns/m to account for the transducer wires). The
green dashed line shows the effect of modelling the hand with a spring and a
dashpot in parallel (zs,0 = λs,0 +ks,0 /iω). The dashpot is given a value of 18 Ns/m
in accordance with the measurements presented in chapter 7 (section 7.5). A
small stiffness of ks,0 = 2 kN/m is also included in the attachment impedance to
account for the observed shift in the resonance frequency. The spring-dashpot
model for the holding impedance is able to closely match the effect of holding the
ACM observed in the experimental data (see figure 9.16). The grey dot-dashed
line shows the effect of simulating the role of the hand using a 500 g mass added
to the ACM chestpiece. This simulation does not account for the variation in the
mechanical properties of the phantom due to the increased static load. However,
this variation is expected to be small for the phantom, and the simulation is
consistent with the experimentally observed effect of adding load mass (see figure
9.4). This simulation confirms that adding load masses to the ACM chestpiece is
unable to accurately capture the effect of pressing the sensor against the chest
by hand.

Fig. 9.17 Simulated effect of holding the chestpiece of an ACM on the response
of the air cavity pressure to the excitation force at the base of the phantom.
Blue solid line: free chestpiece, green dashed line: held chestpiece, with olding
represented by a parallel dashpot and spring to ground (λs,0 = 18 Ns/m, ks,0 =
2 kN/m), grey dot-dashed line: holding represented by a 500 g load mass.
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Summary and Conclusions

In this chapter, we present results from phantom experiments on air-coupled
microphones which show the effect of air cavity volume, chestpiece mass and
diaphragm-use. Trends observed in the experimental data are qualitatively
consistent with the ACM model derived in chapter 4. Furthermore, by making
the crude simplification that the transmission matrix for the phantom obtained
from the DCS case can be used to model the ACM case we are able to simulate
the expected response of air-coupled sensors numerically. The simulations match
the overall response reasonably well, but consistently underestimate the cavitypressure at high frequencies. This can be largely explained by the acknowledged
inadequacy of using the DCS transmission matrix for the phantom despite
the significantly different contact characteristics in the ACM case. Using the
DCS transmission matrix to model the ACM response has the effect of overconstraining the motion of the air cavity surface and consequently leads to an
under-prediction of the volume (and thus pressure) fluctuations within the air
cavity.
Importantly, our model is able to accurately capture the effects of varying cavity
volume, using an artificial diaphragm between the phantom and the chest and
varying the manner in which the ACM is applied to the chest. We demonstrate
that the common assumption that the effect of pressing the sensor against the
chest by hand can be represented in phantom-experiments by applying load
masses to the chestpiece is flawed. Instead, the effect of holding the ACM is
dominated by a damping term. This is consistent with the observations on the
impedance of the human hand-arm system presented in chapter 7. A wider
investigation of the effect of holding using a range of human subjects would
strengthen these findings.
Further work is needed to characterise the transmission of vibration from the
base of the phantom to the air cavity surface, as well as to determine the effect
of application pressure and of the inner and outer diameters of the ACM on
kc,s . Furthermore, the additional stiffness associated with the use of an artificial
diaphragm should be quantitatively characterised, and the effect of occlusion
should be explored in depth. Measurements on the human chest are needed to
confirm that the observed trends hold true when the same sensors are coupled to
the human chest in a clinical setting.

Chapter 10
Stethoscopes with tubing
In contrast to early stethoscopes, which were constructed from rigid cylinders
of wood, the flexible tubing of the modern binaural analogue stethoscope offers
significant ergonomic benefits. The principle role of the tubing is to allow
clinicians to auscultate patients from a distance. However, the advantages in
terms of hygiene and ease-of-use are accompanied by predominantly negative
acoustic effects. The use of tubing has been found to lead to a general attenuation
of the signal [129], in addition to the standing wave resonances which distort the
response [29, 67]. Ertel et al. [29] found that standing wave patterns differed
significantly among models of analogue stethoscopes, but that in all cases these
resonances dominated the response above around 250 Hz. Existing work on
modelling air-coupled sensor acoustics has focussed on air-coupled microphones
without tubing [163, 142, 143]. To our knowledge no complete model for the
coupled chest-chestpiece-tubing system of an analogue stethoscope has been
proposed and validated. In this section we address this shortcoming by proposing
a model for stethoscopes with tubing. This model is based on the use of electrical
analogy theory to couple a mechanical-domain model for the interaction between
the chest and the chestpiece to an acoustical-domain model for the tubing.
In chapter 9, we show that the performance of an ACM depends on the local
properties of the chest and the manner in which the sensor is applied. These
factors differ across auscultation situations, which means that there is no single
‘stethoscope response function’. For air-coupled sensors with tubing the response
also depends on the presence of leaks and the impedance of the user’s ears.
Instead of exploring the acoustical properties of a single design, we introduce
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general methods for the modelling and investigation of this class of sensors and
discuss the salient effects associated with adding tubing to an air-coupled sensor.
In this chapter we purposefully simplify the acoustics of the tubing, neglecting
e.g., the details of the damping mechanisms, the bifurcation of the tubing, and a
detailed treatment the ears of the clinician. The reason for these simplifications
is to ensure that the emphasis remains firmly on the core contribution of this
chapter: a method for coupling our mechanical model for the interaction between
the chestpiece, the chest and the hand, to an acoustic model for the propagation
of sound through tubing to the ears of a clinician.

10.1

Coupling the mechanical and acoustic domains of an ACS

The air-coupled stethoscope (henceforth ‘ACS’) can be broken down into a
mechanical-domain model and an acoustical-domain model. The mechanical
model describes the interaction between the chest, the stethoscope rim and the
air cavity surface, as discussed in section 9. The acoustical model describes the
air cavity, the tubing and, in the case of an analogue sethoscope, the coupling to
the human ears.
Section 3.5.6 describes a method for coupling the mechanical domain to the
acoustical domain by using a transformer to connect the respective impedanceanalogy circuits. Figure 10.1 shows an implementation of this coupling method
to yield an impedance analogy circuit for an air-coupled sensor on the phantom.
If no further acoustical terms are added, then figure 10.1(a) reduces to figure 9.7.
Terminating the circuit in figure 10.1(a) with the circuit in figure 10.1(b) allows
us to model an air-coupled sensor with a segment of tubing attached to the air
cavity. The narrow cross-sectional area of typical stethoscope tubes, and the
low frequency range associated with auscultation, justifies the assumption of 1D
plane-wave propagation along the tubing. The length of the tubing (typically
around 500 - 700 mm) is not small compared to the wavelengths associated with
auscultation, and thus a lumped-element model is inappropriate unless the tubing
is discretised into a number of short segments. A more convenient approach is
to model the tubing as a transmission line (Ttube ) using the solution to the 1D
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wave equation outlined in section 3.1.2. In figure 10.1(b), the far end of the tube
is terminated by an impedance ze , which could, for instance, represent the ear of
a clinician. For a microphone at the distal end of the tube the load impedance
ze can be approximated as infinite, yielding an open circuit.
kc,s /i!

(a)

ẋb

Âc : 1

ẋc

qc0

ẋs
fkb,o

T̃phantom

i!ms

⇢0 c20
i!V

p0c

fc

zs,0

qe0

(b)

p0c

Ttube

ze

p0e

Fig. 10.1 Impedance analogy circuit for an air-coupled sensor with the mechanical
and acoustic domains coupled using a transformer of ratio Âc : 1. (a) Mechanical
domain starting at the signals measured by the impedance head at the base
of the phantom (Fkb,o and Ẋb ), coupled to an acoustic domain at the interface
between the chest surface and the air cavity. The volume velocity perturbations
in the air cavity are given by qc′ = Âc (ẋc − ẋs ). The acoustic domain consists of
a compliance term representing the air cavity to which further acoustic terms
can be added. (b) Continuation of the acoustical domain with a transmission
line (Ttube ) to represent stethoscope tubing and a load impedance ze at the end
of the tube. For a rigid termination ze is infinite and qe′ = 0.
The relationship between the force and velocity measure by the impedance head
(Fkb,o and Ẋb ) and the pressure and volume velocity at a distance x along the
tube (Px and Qx ) can be expressed using two-port notation as:
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Ẋb
mechanical

acoustic

(10.1)

Stethoscopes with tubing

226

The transmission matrix for a transformer between a force-velocity domain and
a pressure-volume velocity domain at an interface of area Âc is given by:
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Ttrans (Âc )

The transmission matrix for a tube segment of length δl is given by:
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where Z0:a Â
is the characteristice acoustic impdance of a tube of area Âtube
tube
as defined in equation (3.17), and Y0:aÂ
= 1/Z0:a Â . The wavenumber k is
tube
tube
permitted to be complex to allow for damping in the tubing (i.e., ik → ik + α̂
where α̂ is the attenuation factor). The remaining transmission matrices in
equation (10.1) can be inferred directly from the impedance analogy circuit in
figure 10.1, using the methods outlined in chapter 3. For completeness these are
given in appendix D.6.
More generally, we can define a transmission matrix T̃b,cavin relating the force
and velocity at the base of the phantom to the pressure and volume velocity at
the cavity entrance. This yields
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where T̃b,cavin = T̃phantom Tzs,0 Tkc,s Ttrans:Âc .
Equation (10.4) can then be solved for the response of the pressure (Px ) at a
distance x along the tubing as a function of the phantom input signals:
Px
1
=
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(10.5)
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a
where Tnet = T̃b,cavin Tkaa Ttube (x). Zx,x
is the acoustic impedance seen at x. To
compute this we first relate the volume velocity and pressure at x (Qx and Px )
to the volume velocity and pressure at the end of the tube (Qe and Pe ) using:
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P
 x  = Ttube (l − x)  e  .
Qx
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(10.7)

Given that Qe = Pe /ze , this yields:
a
Zx,x
=

Px
A + B/ze
=
,
Qx
C + D/ze

(10.8)

in which A, B, C and D all refer to the terms in Ttube (l − x).
For the rigid termination case (ze → ∞) this leads to:
a
Zx,x
=

A/C

= Z0:a Âtube coth (iÎ(l − x)) .

(10.9)

| {z }

Ttube (l−x)

10.2

Attenuation in the tubing

In practice, the damping of vibrations as they propagate through a stethoscope’s
tubing plays a significant role in determining the acoustic response of the stethoscope. In equation (3.16) we introduce transmission matrices for lossless ducts.
To take into account attenuation, the wavenumber (Î) and the characteristic
acoustic impedance (Z0:a Â ) in these matrices must replaced by complex values [6].
For rigid-walled tubes, the attenuation is dominated by viscous and thermal losses
and can be analytically modelled [6]. Approximations for these losses for a range
different tube dimensions have been proposed (see e.g., [6, 149, 26]), however, for
flexible tubes the damping mechanisms are considerably more complex. Huang
et al. [55] highlight three important aspects to consider for a duct system which
includes flexible walls: the dissipation of energy due to damping within the
flexible tubing, the break-out and break-in noise, and the sound reflection at the
interfaces between rigid and flexible segments due to impedance mismatch.
A detailed consideration of the damping behaviour in a network of flexible tubes
is outside the scope of this thesis. For the simulations in this chapter we employ
a simple attenuation model for viscous and thermal losses in rigid ducts (see e.g.,

Stethoscopes with tubing

228

[149, 162]), acknowledging that this does not accurately represent the physics
of our experimental setup, or of practical analogue stethoscopes. Details of the
attenuation model used can be found in appendix D.7.

10.3

Experimental setup

Figure 10.2 shows the experimental setup used to determine the phantom-response
of an air-coupled sensor with tubing. The setup is as described in section 9.1,
except that the microphone in the ACS shaft is replaced by a segment of tubing
which is terminated by a microphone. The inner and outer diameters of the
tubing are 4.3 mm and 6.3 mm respectively. A 1/8 inch microphone (a G.R.A.S.
40DD prepolarised pressure microphone with a RA0082 1/8 inch - 1/4 inch
adapter and a 26CB 1/4 inch preamplifier) is used to terminate the duct, with a
seal around the microphone shaft.
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accelerometer

load mass
seal

seal
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Fig. 10.2 Schematic of the experimental setup for experiments to characterise
the performance of an air-coupled sensor with tubing on the phantom. Four
mechanical signals are measured: the force and acceleration at the impedance
head, the acceleration of the sensor housing and the pressure at the distal end of
the tube.

10.4

Results

Figure 10.3 shows the response of an air-coupled stethoscope with and without
tubing. For the tubing case a 395 mm long tube is used. The without-tubing
case (i.e. an ACM) is shown for load masses of 63 g and 97 g to illustrate how the
sensor mass only affects the low frequency response. Unlike the ACMs (which
are freely resting on the phantom), the mass of the the ACS with tubing cannot
be accurately determined, due to the fact that the tubing is flexible and the
distal end is supported. For the case shown we estimated the effective mass seen
at the phantom to be around 74 g. As illustrated by the two load-mass cases for
the ACM, the chestpiece impedance has a negligible effect on the high frequency
response.
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Fig. 10.3 Phantom response of an air-coupled sensor with and without tubing.
(a) Response of the measured pressure with respect to force at the impedance
head. (b) Response of the measured pressure with respect to acceleration at
the impedance head. (c) Driving point accelerance FRF at the impedance head.
Data are shown for an air-coupled sensor with a 2220 mm3 chestpiece air-cavity
volume, a 16 mm cavity contact diameter, and a 3.9 mm rim thickness. The
no-tubing case is shown for sensor masses of 63 g and 97 g. The with-tubing case
was set up as described in section 10.3, using a tube with a length of 395 mm and
an inner diameter of 4.3 mm. The approximate sensor mass for the with-tubing
case is ∼ 74 g. The decibel reference values are 1 m−2 , 1 kg m−2 and 1 kg−1 for
figures a-c respectively. The H1 estimator of the FRF is shown in each case, with
a frequency domain resolution of 1.5625 Hz.
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It can be observed that the dominant effects of the tubing are to reduce the
average level of the response and to introduce additional resonances. These
additional resonances can be identified as standing-wave resonances arising in
the tubing. The standing wave pattern can be more easily identified on a linear
frequency scale, as shown in figure 10.4. The standing wave peaks are separated
by an average frequency of ∼ 425 Hz. By comparison, the frequency of an acoustic
wave with a half-wavelength of 395 mm is ∼ 435 Hz.

Fig. 10.4 Figure 10.3(a) redrawn on a linear frequency scale. For the ACS with
tubing the peaks that can be clearly identified as standing wave resonances are
shown by red crosses. In the low frequency region a standing wave resonance
may be obscured by other resonances in the phantom response.
The third resonance marked in figure 10.4 falls between an antiresonance resonance pair identified as an artefact related to the mounting of the phantom on
the impedance head (see section 5.3.3 and compare to figure 10.3(c)). For the
ACS with tubing the ‘mounting-resonance’ occurs at a slightly lower frequency
than for the ACM case and almost obscures the standing wave peak.
Inspection of the resonances in the response suggests that the lowest frequency
standing wave resonance may be obscured by other resonances in the phantomACM response (in the 200 - 500 Hz region). To demonstrate the effect of the
standing wave-resonances more clearly, figure 10.5 shows the response of an
ACS with and without ∼60 mm tubing on the alternative phantom described in
Nussbaumer et al. (2019) [112]. In this alternative phantom, the base and wall
of an Ecoflex 00-10 cylinder are grounded, while a shaker excites a rigid plate
embedded within the Ecoflex cylinder, and an accelerometer records a reference
signal on a second plate embedded just below the top surface of the phantom.
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The input force is not measured and figure 10.5 shows the response of the pressure
measured by the ACS to the acceleration of the embedded accelerometer. Figure
10.5 exhibits the same properties observed in figure 10.4. The presence of the
tubing causes an overall attenuation of the response, which dominates at low
frequencies, while at high frequencies standing wave resonances create a pattern of
peaks. In figure 10.5 the lowest frequency standing-wave resonance is unobscured
by other resonances an can be clearly be identified.

Fig. 10.5 Response of the measured ACS pressure to the acceleration of an
accelerometer embedded below the surface of the alternative phantom described
in [112] (see text). For the case with tubing, peaks that can be clearly identified
as standing wave resonances are shown by red crosses.
In figure 10.6 the standing wave frequencies extracted from figures 10.4 and
10.5 are non-dimensionalised as (ωpeak /2π)(2l/c0 ). For a closed-closed tube of
length l we would expect this non-dimensional measure of the peak frequency to
equal the peak number (as pressure anti-nodes at both ends of the tube yield
standing waves at integer multiples of a half-wavelength, see e.g., [6]). For both
cases shown in figure 10.6 the measured non-dimensional frequency is slightly
lower than the closed-closed case. This matches our expectations as the finite
load-impedances at each end of the tube mean that the ends of the tube are
not pressure anti-nodes. A load impedance which is stiffness dominated in
the frequency range of interest will lower all of the standing wave resonancefrequencies in this frequency range with respect to the infinite-load-impedance
case. The deviation from the infinite-impedance case increases with frequency, as
is observed in figure 10.6. This can be interpreted as an increase in the effective
length of the tube. (Note that air-cavity length to the tubing length raises the
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non-dimensional peak frequencies by an insignificant amount, as shown by the
grey and green dots for the 14th peak in figure 10.6.)

Fig. 10.6 Non-dimensionalised peak frequencies assumed to correspond to
standing-wave resonances, extracted from figures 10.4 and 10.5. For l the
measured tubing length between the air-cavity and the microphone is used. The
grey and green dots show the effect of including the length of the air-cavity (for
the 14th peak only).

10.5

Model

Using the lumped element model for the coupling of an ACM to the phantom
from section 9.4, adapted to include the tubing as shown in section 10.1, we
obtain the simulated response functions shown in figure 10.7.
Comparing figure 10.7 with figure 10.3, it can be seen that the model captures
the dominant effects of adding tubing to an air-coupled sensor, including the
low-frequency attenuation and the standing-wave resonances. There is a small
discrepancy between the modelled and measured standing-wave resonance frequencies, which would be expected as these are sensitive to the impedances seen
at both sides of the tubing. At the microphone end the model assumes an infinite
impedance, while at the chestpiece end the model gives only a crude estimate of
the impedance seen by the tube.
As the ACM (i.e. air-cavity only) model used in this analysis does not accurately
simulate the measured response across the entire frequency range of interest (see
chapter 9), a direct comparison to the measured data is difficult. We address
this issue in section 10.5.1.
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Fig. 10.7 Simulated response of ACSs on the phantom according to equation
(10.1), using the attenuation model in appendix D.7. The blue dashed and dotted
lines show ACMs with dimensions matching those in figure 10.3, and 63 g and
74 g chestpiece masses respectively. The green solid line shows a simulation with
the same cavity volume and the addition of a 395 mm long, 4.3 mm diameter
tube with the pressure measured at a rigid termination at the distal end.

10.5.1

Transmission matrix between the impedance head
and the air cavity entrance.

In order to validate our model for the tubing without considering the effects of
other aspects of the phantom-sensor system, we compute a transmission matrix
(T̃b,cavin ) between the impedance head measurements at the base of the phantom
(Fkb,o and Ẋb ) and the pressure and volume velocity at the entrance of the air
cavity (Pcavin and Qcavin ).
T̃b,cavin is computed in a similar manner to the transmission matrix for the
DCS described in section 6.5.1, by using ACMs with different volumes to create
different impedance boundary conditions. In this case, we have a measurement
of the load potential (rather than the load flow as was the case for the DCS
transmission matrix computation), so the equations need to be adapted:
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Dividing through by the cavity input pressure leads to:
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where Ycav
= 1/Zcav
. To arrive at four equations for the four unknowns
in
in
we consider two different load impedances (denoted by I and II) by using two
different cavity volumes, with all other parameters kept the same:
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T̃b,cavin

To solve for A, B, C and D we need to measure the response for two different
a
air-cavity volumes and specify the values of Ycav
for these air cavities. To do
in
a
this we model the air cavities as pure compliances (Ycav
= iωV /ρ0 c20 ) using their
in
nominal volumes. This simplification is expected to lead to some error as the
small mass and damping terms of the acoustic impedance of the air-cavity are
not taken into consideration.
Our theory suggests that T̃b,cavin is a function of ms and zs,0 . This suggests that
T̃b,cavin needs to be evaluated for every value of ms and zs,0 that we wish to
model. In practice, ms and zs,0 mainly affect the solution at low frequencies.
Consequently, using T̃b,cavin for an incorrect value of ms leads to errors in the
prediction of the dominant low-frequency peak, but is unlikely to significantly
affect the high-frequency response simulation.
The dashed light green line in figure 10.8 shows the simulated response of the
measured pressure for a 64 g ACS with tubing with dimensions matching the ACS
for which experimental data is shown in figures 10.3 and 10.4. In this example,
T̃b,cavin is computed using equation (10.12), using data for two 63 g ACMs with
air-cavity volumes of 1240 mm3 and 2220 mm3 respectively. Both of these cases
are shown in figure 10.8.
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Fig. 10.8 Simulated response of a 63 g ACS with tubing according to equation
(10.4), using the simple tubing attenuation model given in appendix D.7. All
sensor dimensions are as specified in figure 10.7. T̃b,cavin is computed according
to the method described in section 10.5.1, using FRFs measured for two ACMs
with the same cavity contact area, rim thickness and chestpiece mass (ms =
63 g), but different cavity volumes (V1 = 1240 mm3 , V2 = 2220 mm3 ). The
experimental FRFs for both of these ACMs and for a 74 g ACS with tubing are
shown for comparison to the simulated response. For both the experimental and
simulated cases, the tube length is 395 mm and the tube diameter is 4.3 mm. For
low frequencies (ω < 2πc0 /10l) the red dot-dashed line shows the results of a
simulation in which the tubing is regarded as a lumped compliance.

10.5 Model

237

By accounting for the transmission of vibrations from the base of the phantom to
the interface between the phantom and the air-cavity, the use of T̃b,cavin allows us
to isolate the effect of the tubing. The difference between the frequencies of the
dominant low frequency peak between the measured and simulated responses can
be attributed partly to the difference in ms . Below this resonance, the simulation
significantly underestimates the magnitude of the response. This could be due to
the fact that in the simulation the microphone backplate is effectively connected
to the sensor housing while in the experimental case it is grounded.
At higher frequencies the simulation performs reasonably but tends to overestimate the response. The simple attenuation model employed here, which
assumes a rigid tube and considers only viscous and thermal losses within the
duct, significantly underestimates the attenuation. This leads to an overestimation of the baseline response (at frequencies above around 80 Hz), as well as a
significant overestimation of the amplitude of the standing-wave peaks. A more
physical consideration of the damping mechanisms, including effect of flexible,
finite impedance walls, breakout noise and bends in the duct can be expected to
account for this mismatch and yield a better simulation of the response. This
suggests that the attenuation properties of the tubing play a very significant
role in determining the overall response of an analogue stethoscope. A further
factor leading to a mismatch between the measured and simulated response
levels is the assumption of an infinite load impedance in the model. A non-rigid
(finite impedance) termination is expected to yield lower pressures than a rigid
termination as the latter is a pressure maximum for all frequencies [6]. A complex
load impedance will also have the effect of shifting the standing wave resonances
frequencies, as will the complex characteristic impedance and wavenumber in
the lossy tube [162].
The phantom-sensor system resonances between 200 and 500 Hz, are poorly
matched by this simulation approached, which may in part be due to the fact
that the computed transmission matrix between the phantom base and the air
cavity is less accurate at these frequencies. Considering the 1.3 - 2 kHz band, the
discrepancies around the dominant antiresonance-resonance pair in the driving
point response (and in particular the frequency of the system peak between the
4th and 5th standing wave resonances) can be attributed to a slight difference
in the mounting of the phantom on the impedance head between the two ACM
cases and the ACS-with-tubing case (see section 5.3.3 for details).
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In section 3.2.3, we argue that for l ≲ ň/10 a lumped element approximation can
provide a reasonable model of the response. The red dot-dashed line in figure
10.8 shows the effect of modelling the tube as a pure compliances for frequencies
at which l < ň/10. Comparing this to the duct-simulation (green dashed line),
demonstrates that, at low frequencies, the effect of the tubing is dominated by
its volume.

10.6

Application to real-world analogue stethoscopes

In this chapter we illustrate how a mechanical model for a the interaction between
a stethoscope chestpiece and the chest can be coupled to an acoustic model for
the stethoscope’s tubing. Some nuances, such as the mechanical coupling of the
tubing to the chestpiece, are omitted and a simplified tubing model is used for
illustrative purposes.
In order to apply these principles to the design or modelling of real-world
analogue stethoscopes, a detailed model for the tubing is required. This includes
the geometry of the connection between the cavity and the tubing, the bifurcation
of the tubing (to reach two separate earpieces) and an accurate model for the
attenuation. Furthermore, real-world analogue stethoscopes are typically coupled
to the ears of a clinician at the distal end of the tubing, rather than to a
microphone as is the case for the results presented in this chapter.
The effect of coupling to the ear can be included by using an appropriate model
for the load impedance at the distal end of the tube in the equations presented in
section 10.1. The impedance of the human ear can be characterised as consisting
of two main parts: the ear canal and the middle ear [155, 162]. The ear canal can
be characterised as a short lossy duct with dimensions that vary between subjects
while the middle ear is a complex term with multiple resonances[155, 162]. For
example, Withnell and Gowdy found that the impedance of the middle ear
is usually stiffness dominated below around 1 kHz and mass dominated above
4 kHz, with several small resonances in between these regions and significant
inter-subject variation [162]. Combing the ear canal and the middle ear into a
single load impedance yields a system that is stiffness dominated throughout the
frequency range of primary interest in auscultation (i.e. to beyond 3 kHz). This
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suggests that the effect of replacing a microphone at the end of the tube with a
human ear will lead to a slight decrease in the overall level of the response, and
a downward shift in the standing wave frequencies across the frequency range of
interest.

10.7

Summary and conclusions

In this chapter we validate our model for air-coupled sensors with tubing, while
demonstrating the importance of accurately capturing the attenuation coefficient
and the finite load impedance.
Our model shows that at low frequencies the effect of including tubing in an
ACS is dominated by the increased internal volume of the stethoscope and the
attenuation along the tube. The larger the volume of the tubes, the smaller
the net acoustic stiffness seen at the chest surface, reducing the response. This
suggests that a compromise must be found, as narrow tubes which minimise the
added volume also incur greater damping losses. At higher frequencies, the effect
of including tubing is dominated by the occurrence of standing-wave resonances.
We show that for a tube terminated by a microphone these resonances occur at
frequencies corresponding to ň = n leff /2, where n = 1, 2, 3... and the effective
length leff is longer than the duct length l due to the finite load impedances at
both ends of the tube. Experiments in which the ears of a human act as the
termination are suggested as future work.
In this chapter we focus on the methodology for modelling air-coupled sensors
with tubing rather than considering individual design decisions. In general,
design decisions involving tubing consist of a compromise between the effects of
added volume and tube damping for low frequencies, while at high frequencies
the location of the standing wave resonances depends on the tubing length and
the load impedance. The prominence of standing wave resonances depends
on the damping level in the tubing. When considering the design of analogue
stethoscopes, the ear-impedance can be expected to be significantly lower than
the impedance presented by a nominally rigid microphone. This is expected to
lead to a further increase in the effective length of the tube and a consequent
decrease in the frequencies of the standing wave resonances.
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A mixed mode analogue-digital stethoscope which uses a side-mounted microphone in the tubing of an analogue stethoscope can be shown by our model to
yield a significantly poorer performance than an ACM in which the microphone
is mounted in the chestpiece-air cavity itself, or after a section of tubing that is
as short as possible.

Chapter 11
Conclusions
The objectives of this thesis were to explain how stethoscopes work, to derive a
low-order model for the response of stethoscopes to body sounds, and to develop
experimental methods to validate the model.
The chest is a non-linear system. Existing work on stethoscope acoustics ignores
this, leading to models which are unable to capture the effect of application
pressure on the response of stethoscopes. Our experiments confirm that the
impedance seen by a sensor on the chest varies as a function of the static load
with which the sensor is applied. We argue that, while the chest is non-linear
with respect to the length scales associated with pressing the stethoscope into the
chest, body sounds can be considered as small, linearised perturbations around
the established equilibrium position. The small size of the stethoscope chestpiece,
with respect to the typical wavelengths of body sounds, justifies the use of a
lumped-element approach to model the interaction between the chestpiece and
the chest.
We present the design of a chest phantom which can be used to characterise the
performance of stethoscopes in controlled experiments. Impedance measurements
on the phantom and on a human chest verify that the phantom is a suitable model
for the chest. Furthermore, these measurements allow differences between the
two systems to be accounted for. We show that, for small changes in application
pressure, the properties of the phantom are approximately linear. This allows
us to compute transmission matrices between the input signals at the base
of the phantom and the sensors tested on the phantom. These transmission
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matrices allow us to directly compare measurements on the phantom with the
lumped-element models presented in this thesis.
For air-coupled stethoscopes, we show that our model accurately captures the
trends associated with each of the key design parameters as well as the effects of
using a diaphragm and tubing. We show that the mass of the chestpiece plays a
significant role in setting the dominant low frequency resonance in the response.
Increasing the cavity volume lowers the measured response, and leads to a slight
reduction in the resonance frequencies of the coupled system. These changes can
be explained by the decreasing stiffness of the air cavity.
Our model suggests that the dominant effect of adding a diaphragm to a stethoscope is to increase the stiffness between the air cavity surface and the chestpiece
rim. This leads to an increase in the resonance frequencies of the coupled system.
Furthermore, the high stiffness of the diaphragm means that a lower proportion
of the net force perturbations exerted on the chestpiece are exerted through
the air cavity, thus reducing the level of the response. However, the use of a
diaphragm also prevents the air cavity from being occluded by chest tissue. This
allows stethoscopes with diaphragms to employ significantly shallower cavities.
The reduction in cavity volume increases the level of the response, while also
increasing the net stiffness of the system. By using both a diaphragm and
a shallower cavity, the system resonance can be shifted to higher frequencies
without a dramatic reduction in the level of the response.
Adding tubing to an air-coupled stethoscope is found to attenuate the overall
response level, especially at low frequencies, while adding standing-wave resonances to the response. Using our model, we are able to demonstrate that at low
frequencies the effect of tubing can be captured by considering two factors: the
net increase in the internal volume of the stethoscope, and the energy dissipation
along the tube. This leads to a compromise between thin tubes which minimise
the internal volume and wider tubes which induce lower levels of damping. At
high frequencies, the model presented in this thesis is able to capture the formation of standing-wave resonances. The frequencies of these resonances are shown
to be sensitive to the impedances at both ends of the tube. This suggests that
using the same stethoscopes on different subjects, or even at different locations on
the chest of the same subject, will lead to standing wave resonances at different
frequencies.
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We demonstrate that holding the stethoscope provides both a static force and a
damping-dominated impedance load on the chestpiece. The widely used experimental method of controlling the static load by adding mass to the chestpiece is
shown to yield erroneous conclusions with regards to the effect of static load on
the low-frequency response of stethoscopes.
The signal measured by a stethoscope (or received at the ears of a clinician)
depends strongly on a wide variety of factors related to its use for a particular
auscultation rather than just its stand-alone properties. As a result of this there
is no single answer to the question “what is the response of a given stethoscope
to body sounds?”. This means that the way in which a stethoscope is to be used
needs to be carefully considered in the design stage and that the quantitative
comparison of auscultation signals is of limited value when investigating body
sounds.
When comparing stethoscopes, simply using two stethoscopes on the chest in
turn is not valid unless the application pressure is controlled and the variability
of the body sounds is accounted for. The comparison of two stethoscopes side
by side on the chest must also be treated with care as the local mechanical
properties of the chest may vary between the two sites. For digital stethoscopes,
there is an additional difficulty, which is that the response can be amplified to an
arbitrary level. Consequently, signal-to-noise ratios are more informative than
the amplitudes of the recorded signals.

Future work
The work presented in this thesis opens up pathways for further investigation
which can improve the accuracy of stethoscope-response models. In particular,
we suggest that comparing measurements conducted across different phantom
designs would allow a full validation of the approaches that we have introduced
to account for the phantom’s behaviour.
Measurements of the impedance seen at the human chest are limited to a single
human subject in this thesis. An extension of this research to a larger cohort
of subjects would allow the inter-subject variability of chest impedance to be
characterised. This would enable us to investigate how the performance of a
stethoscope varies between individuals. A further extension to this work would
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be to characterise the performance of sensors directly on the human chest by
using statistical methods to account for the variabilities of the input signal
(natural body sounds). This would allow us to test our hypothesis that, once
impedance differences are accounted for, the results from phantom experiments
can be applied to the chest.
The dependance of the stiffness between the cavity surface and the chestpiece rim
on the static load applied and on the inner and outer diameters of the rim could
be investigated in more detail. This would allow the effect of design changes
relating to these parameters to be characterised using the models presented in
this thesis. For stethoscopes with tubing, this thesis has considered only the case
of electronic stethoscopes, in which a microphone is used at the distal end of the
tube. To extend the analysis to analogue stethoscopes the effect of the ears has
to be taken into consideration.
This thesis focuses on stethoscopes which are designed to be held by a clinician.
There is a growing interest in the use of wearable devices to record heart and
lung sounds. This includes utilising different sensor modalities including ultralightweight acceleration sensors and flexible sensors. The experimental techniques
in this thesis can be used to characterise the performance of these sensors, and the
modelling approaches introduced here could be extended to model the interaction
between these sensors and the chest.
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Appendix A
Derivations
A.1

Plane waves in ducts

Sound waves in air obey the acoustic wave equation (see e.g. Beranek (2012) [6]
or Dowling (2000) [28]):
1 ∂ 2 p′
− ∇2 p′ = 0.
(A.1)
c20 ∂t2
In equation (A.1) p′ is the acoustic pressure perturbation such that the pressure
p = p0 + p′ , where p0 is the equilibrium pressure, c0 is the speed of sound in air,
∇2 is the laplacian operator, and ∂ is the partial differential operator.
For waves in a circular duct we adopt a cylindrical-polar coordinate system where
x is coaxial with the duct, r is the radial coordinate and θ is the azimuthal angle.
We can then assume a separable solution to equation (A.1) of the form
p(r, θ, x, t) = f (r)g(x)ei(ωt−nθ) .

(A.2)

Here f (r) is a function of r and g(x) is a function of x, ω is the angular frequency,
t is time and n is the azimuthal mode number. Substituting this solution into the
acoustic wave equation using the cylindrical polar expression for the laplacian
gives
1 d  ˙  n2 ω 2
g̈(x)
rf (r) − 2 + 2 = −
.
(A.3)
rf dr
r
c0
g
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To avoid confusion with the prime symbol used to denote a small perturbation, f˙
is used to refer to the first derivative of f with respect to its argument r (rather
than with respect to t as is the case in Newton’s notation). Likewise g̈ refers to
the second derivative of g with respect to its argument x.
The left hand side of equation (A.3) is a function of r only, while the right hand
side is a function of x only. This condition can only be satisfied if both sides of
the equation equal a constant. We let this constant equal Î2 . This yields two
separate equations for x and r respectively:
g̈ + Î2 g = 0,

(A.4)

1 d  ˙  n2 ω 2
rf (r) − 2 + 2 − Î2 = 0.
rf dr
r
c0

(A.5)

The solution for the x dependancy in equation (A.4) is given by
g(x) = B̂f e−iÎx + B̂b eiÎx

(A.6)

In equation (A.6) the constants B̂f and B̂b can be interpreted as the magnitudes
of forward and backward traveling waves respectively.
Equation (A.5) is Bessel’s equation. Solutions which satisfy the condition of
being finite on r = 0 are denoted by f (r) = Jn (α̂r) where
α̂2 =

ω2
− Î2 .
c20

(A.7)

Jn is a Bessel function and the subscript n relates to the order of the azimuthal
mode. To obtain a value for α̂ and complete the dispersion relation it is necessary
to consider the boundary conditions. The kinematic boundary condition is that
the normal component of velocity on the wall (r = a) is zero. This can be
expressed in terms of a condition of zero normal pressure gradient
∂p′ /∂r = 0
which leads to:

on

r = a,

f˙(a) = J˙n (α̂a) = 0.

(A.8)

(A.9)
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If the ϕth zero of J˙n is denoted by Þϕn , then the dispersion relationship (equation
(A.5)) can be written as:
Þϕn 2
ω2
− Îϕn 2 .
(A.10)
=
a2
c20
For n = 0 there is a root at z1,0 = 0. For this root there is no dependance
of p′ on either θ or r, which can be physically interpreted as a plane wave
which is uniform across the cross-section of the duct. In this case the dispersion
relationship simplifies to
ω2
Î2 = 2 .
(A.11)
c0
Equation (A.11) shows that plane waves in ducts are non-dispersive (∂ω/∂Î =
ω/Î = c0 ) and can propagate (Î is real).
For higher order modes, if ω is below a certain value, the solution for Î will be
imaginary, meaning evanescent waves decaying in the x direction. This gives
rise to the concept of a ‘cut-off’ frequency, below which waves of a given mode
do not propagate. The mode with the lowest ‘cut-off’ frequency is the mode
corresponding to z1,1 . This mode only propagates if ω > 1.841c0 /a (see e.g. [125].
If we are interested only in frequencies below the first ‘cut-off’ frequency then
only plane-waves will propagate. This amounts to setting f˙(r) = 0 and n = 0
in the general solution given in equation A.2. If we then substitute g(x) from
equation A.6 we obtain
p′ (x, t) = B̂f ei(ωt−Îx) + B̂b ei(ωt+Îx) ,

(A.12)

which is a general expression for plane wave propagation in a duct in terms of
forwards and backwards travelling waves. Equation A.12 is the classical solution
to the 1D wave equation with B̂f and B̂b representing ‘forward’ and ‘backward’
propagating waves respectively.
For acoustic perturbations conservation of momentum is given by
ρ0

∂u′
+ ∇p′ = 0,
∂t

where ∇ is the grad operator. For plane wave propagation ∇p′ becomes
the solution for velocity perturbations is:
u′ (x, t) =

B̂f i(ωt−Îx)
B̂b i(ωt+Îx)
e
−
e
.
ρ 0 c0
ρ0 c0

(A.13)
∂p′
∂x

and

(A.14)

Derivations

262

From equation A.14 it is clear that the forward and backward traveling waves
remain separated in terms of their velocity perturbations. For forward traveling
waves the velocity perturbation is in phase with the pressure perturbation, while
for backward traveling waves the velocity perturbation is 180° out of phase with
the pressure perturbation. The characteristic specific impedance of a medium is
defined as Z0s = ρ0 c0 .
For a segment of duct with a constant area we can solve for p′ (l, t) and u′ (l, t) as
functions of p′ (0, t) and u′ (0, t) as
p′ (0, t) −iÎl
u′ (0, t) −iÎl
(e
+ eiÎl ) + ρ0 c0
(e
− eiÎl ),
2
2

(A.15)

1 p′ (0, t) −iÎl
u′ (0, t) −iÎl
iÎl
u (l, t) =
(e
(e
−e )+
+ eiÎl ).
ρ 0 c0 2
2

(A.16)

p′ (l, t) =
and

′

Equations (A.15) and (A.16) can be written in terms of the hyperbolic trigonometric functions as
p′ (l, t) = p′ (0, t) cosh (iÎl) − Z0s u′ (0, t) sinh (iÎl),

(A.17)

−1 ′
p (0, t) sinh (iÎl) − u′ (0, t) cosh (iÎl).
Z0s

(A.18)

and
u′ (l, t) =

A.2

Continuous 1D wave-equation solution for
Helmholtz resonator

By employing the transmission matrix formulation derived in section A.1, the 1D
wave equation can be solved for the Helmholtz resonator in figure 3.1. Cascading
the continuous acoustic transmission matrices for the two sections of duct we
obtain








a
p′
cosh (iÎx3,2 )
−Z0:A
sinh (iÎx3,2 )
2
 3 = 
′
a
q3
−Y0:A2 sinh (iÎx3,2 )
cosh (iÎx3,2 )







a
cosh (iÎx2,1 )
−Z0:A
sinh (iÎx2,1 ) p′1 
1

.
a
−Y0:A
sinh (iÎx2,1 )
cosh (iÎx2,1 )
q1′
1

(A.19)
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Applying a boundary condition of q3′ = 0 for the hard wall at x3 and dividing
equation A.19 by p′1 , we obtain two equations with two unknowns, which can
be solved for p′3 /p′1 as a function of frequency. The frequency can be nondimensionalised as lmax /ň, where the wavelength ň = 2πc0 /ω, and in this example
lmax = x2,1 . This solution is shown by the solid blue line in figure 3.2.

A.3

‘Dot Method’ for computing the dual of a
circuit

The ‘Dot Method’ is a technique for computing the dual of a circuit. The
technique is described in detail in Acoustics Sound Fields and Transducers
(Beranek, 2012) [6]. In order to compute the dual of the circuit, a dot is placed
into the centre of each mesh. One further dot is placed outside all of the meshes
in the circuit. These dots will become the nodes of the dual circuit.

Fig. A.1 Dot method applied to the mobility analogy circuit from figure 3.13.
Component values are omitted for clarity, but can be found in figure 3.13.
Lines are then drawn to connect the dots, with a line drawn through each
component (impedance or source) to connect the dots on either side of it. In the
dual circuit these lines give the connections between nodes, which each impedance
replaced by its inverse and each source replaced by a source of the other type
(i.e., flow versus potential). Figure A.1 shows the dot method applied to the
mobility circuit in figure 3.13. The resulting impedance analogy circuit if shown
in figure A.2.
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Fig. A.2 Dual of the circuit in figure A.1. Node numbering matches mesh-centre
numbering in figure A.1.

A.4
A.4.1

Modal approach
FRF as modal summation

Assuming harmonic excitation and response f = Feiωt and x = Xeiωt , and further
assuming that excitation is only applied at the ψth coordinate, we substitute x
from equation (5.19) into equation (5.22) and then pre-multiply the equation by
t
u(n) to obtain
(n)
− ω 2 αn + αn ωn2 = F uψ ,
(A.20)
which leads to

(n)

Fu
αn = 2 ψ 2 .
ωn − ω

(A.21)

Substituting αn from equation A.21 back into the general response (equation
5.19) we obtain
(n)
N
X
uψ u(n) iωt
x=F
e ,
(A.22)
2
2
n=1 ωn − ω
which can be evaluated for the response at ϕ as
N
X

(n) (n)

uψ uϕ iωt
e .
xϕ = F
2
2
n=1 ωn − ω

(A.23)
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Dividing equation A.23 by F eiωt yields the (undamped) transfer function relating
the response at point ϕ to excitation at point ψ,
(n)

N
X

(n)

uk uj
Hx (ϕ, ψ, ω) =
.
2
2
n=1 ωn − ω

A.4.2

(A.24)

Nyquist plot - viscous damping

The poles of equation (5.26) can be found as the solutions to (ωn2 +2icn ωωn −ω 2 ) =
0, which are
q
(A.25)
ω = ωn (± 1 − c2n + icn ) .
Substituting into equation (5.19) leads to
x(t) =

N
X

√

αn u

(n)



1−c2n t

iωn

e

(A.26)

e−ωn cn t .

n=1

q

For free vibration the damped natural frequency becomes ωr = ωn 1 − c2n , while
ωn cn governs the exponential decay of the motion. For cn ≪ 1 the damped
resonance frequency deviates negligibly from the undamped resonance frequency
(i.e. ωr ≃ ωn ).
By multiplying equation (5.26) (evaluated for a single mode in the summation)
by iω to obtain the admittance response, and rearranging the equation slightly
we obtain
i ωωn
an (ϕ, ψ)
Hv (n, ϕ, ψ, ω) =
.
(A.27)
ωn 1 + 2icn ωωn − ( ωωn )2
Simplifying the notation and letting p̂n =
Hv =

ω
ωn

leads to

an
ip̂n
.
ωn 1 + 2icn p̂n − p̂2n

(A.28)

Multiplying the numerator and denominator of the second fraction in equation
(A.28) by the complex conjugate of the denominator we obtain
Hv =

an ip̂n (1 − p̂2n − 2ip̂n cn )
.
ωn (1 − p̂2n )2 + (2p̂n cn )2

(A.29)
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To simplify the mathematics let A = 1 − p̂2n and B = 2p̂n cn . By substituting
these into equation (A.29) we obtain
Hv =

an p̂n (B + Ai)
.
ωn A2 + B2

(A.30)

We now define U and V such that:
an
an p̂n B
an
=
,
2
2 −
4ωn cn
ωn A + B
4ωn cn


an
p̂n A
= ℑ(Hv ) =
,
2
2
A + B ωn

U = ℜ(Hv ) −

(A.31)

V

(A.32)

where ℜ and ℑ denote the real and imaginary parts of the function. With some
rearrangement it can be shown that
an
U +V =
4ωn cn
2

2



2

(A.33)

,

which means that


an
ℜ(Hv ) −
4ωn cn

2

2



+ ℑ(Hv )

an
=
4ωn cn


2

.

(A.34)

equation (A.34) is the equation for a circle in the form (x − xc )2 + (y − yc )2 = r2 .
The radius of the circle is 4ωanncn and the centre is at ( 4ωanncn , 0). This result is
independent of the value of cn .
A similar analysis can be performed on the accelerance response function, yielding:


ℜ(Ha )

2



+ ℑ(Ha ) −

p̂n an
4cn

2

=



p̂n an
4cn

2

.

(A.35)

Equation (A.35) differs from equation (A.34) in that p̂n is a function of frequency,
so equation (A.35) is not, in general, an equation for a circle. However, if
p̂n = ωωn ≃ 1 then equation (A.35) approximates the equation for a circle with
an
an
radius 4c
and centre (0, 4c
). This occurs if cn ≪ 1, since in this case we have
n
n
a sharp response peak and all points with non-negligible magnitude occur at
frequencies very close to ωn . If cn is large, equation (A.35) no longer approximates
a circle. Regardless of the value of cn , the location of Ha (ωn ) on the Nyquist
an
plot is always (0, 2c
).
n
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For the compliance response the same method yields:


ℜ(Hx )

2

an
+ ℑ(Hx ) +
4cn ωn2 p̂n


2

an
=
4cn ωn2 p̂n


2

(A.36)

Using the same reasoning as above, if cn ≪ 1 then p̂n ≃ 1 and equation (A.36)
approximates the equation for a circle. For the compliance response this is a
circle of radius 4cannω2 and centre (0, 4cannω2 ). However, if cn is large equation (A.36)
n
n
no longer results in a circle. Regardless of the value of cn , the location of Ha (ωn )
on the Nyquist plot is always (0, − 2cannω2 ).
n

Appendix B
Signal Processing
B.1

The discrete Fourier transform

Consider a discrete signal s(n), which is periodic, such that
s(n + N ) = s(n) .

(B.1)

In equation (B.1), n is the sample counter and N is the number of samples per
period.
We define the discrete Fourier transform (DFT) of the signal s(n) as
S(µ) =

N
−1
X

s(n)e−i2πµn/N ,

(B.2)

n=0

where µ is a counter for the discrete frequency bins. The DFT is periodic with
S(µ + N ) = S(µ).
The inverse DFT of S(µ) is then given by:
−1
1 NX
s(n) =
S(µ)ei2πµn/N .
N µ=0

(B.3)

The frequency increment between adjacent frequency bins (δω/2π) can be expressed as:
δω
1
1
=
=
.
(B.4)
2π
∆t
N δt
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where ∆t = N δt is the measurement time and δt is the time-step between
samples.
The discrete form of Parseval’s theorem [10] for two discrete signals sϕ (n) and
sψ (n) is given by:
N
−1
X

sϕ (n)s∗ψ (n)

n=0

where

∗

−1
1 NX
Sϕ (µ)Sϕ∗ (µ) ,
=
N µ=0

(B.5)

denotes the complex conjugate. For sϕ = sψ this yields
N
−1
X

|sϕ |2 =

n=0

−1
1 NX
|Sϕ |2 ,
N µ=0

(B.6)

where | | is the modulus operator.

B.2
B.2.1

Power spectral density
PSD definition

Using the DFT definition from section B.1 , with the discrete form of Parseval’s
theorem, the signal power of discrete signal s(n) is given by
−1
1 NX
Power =
|sn |2 δt
∆t n=0

(B.7)

−1
−1
1 NX
∆t NX
δω
2
=
|sn | = 2
|Sϕ |2
.
N n=0
N µ=0
2π

(B.8)

The power spectral density (PSD) of the signal is then defined such that:
Power =

N
−1
X
µ=0

yielding
PSD =

PSD

δω
,
2π

∆t
|Sϕ |2 .
N2

(B.9)

(B.10)

B.2 Power spectral density
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In direct analogy to the PSD defined for a signal, we can also define the crosspower spectral density (CPSD) between two signals as
CPSD = Sϕ,ψ =

∆t
Sϕ Sψ∗ .
2
N

(B.11)

Unlike the PSD, the CPSD can be complex-valued. The phase angle of the CPSD
represents the phase-lag between the signals.

B.2.2

PSD estimation: Welch’s method

To estimate (C)PSDs from raw time-series data we employ Welch’s method
(see e.g. [10] for a good introduction). Welch’s method is to segment the timedomain signal into T short overlapping segments, which are each multiplied by
a windowing function (to enforce periodicity). If each segment is of length N ,
and we define the discrete windowing function as w(n), then the DFT of the
windowed signal is given by
Sϕwin (µ) =

N
−1
X

xϕ (n)w(n)e−i2πµn/N .

(B.12)

n=0

We then compute the mean of the squared magnitude of the windowed DFT and
multiply this by a correction factor Υ to arrive at an estimate for the double
sided PSD:
T
ΥX
S̃ϕϕ (µ) =
|S win (µ)|2 .
(B.13)
T τ =1 ϕ:τ
In equation B.13 τ is a counter for the segments and the scaling factor Υ is set
so that the area under the function is equal to the energy in the time-domain
signal:
1
Υ = δω PN −1
(B.14)
N 2π n=0 w(n)2
Refer to Brandt [10] for a derivation of Υ (which is SP in Brandt’s notation).

Appendix C
Assumptions and details
C.1

Choice of FRF estimator

Figure C.1(a) shows a Bode magnitude plot of a driving-point mechanicalimpedance measurement on a rigid mass, as described in section 5.3. Blue dots
are used where the value of the coherence function is greater than 0.98. Crosses
and plusses are used when the coherence drops below 0.98. The red crosses show
the H1 estimator, while the green plus signs show the H2 estimator. The true
value of the FRF lies between these two. As this is a peak, the H2 estimator
gives a better approximation. This is evident from the Nyquist plot of the same
data in figure C.1(b). In section 5.2.2 we show that FRF datapoints around a
resonance form a circle on a Nyquist plot. As the antiresonances of driving-points
FRFs correspond to the resonances of the system obtained when the driving
point is grounded [87], the inverse-FRF datapoints around antiresonances should
also form a circle on a Nyquist plot. In figure C.1(b) it can be seen that the
datapoints from the H2 estimator of the mechanical impedance response function
(Zm ) form a circle that is consistent with the higher-coherence values further
from the antiresonance, while those from the H1 estimator do not.
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Fig. C.1 (a) Bode plot of the H1 and H2 estimators for a measured driving
point impedance (150 g rigid mass on an impedance head, see section 5.3). (b)
Corresponding Nyquist plot. For both plots, data with a coherence above 0.98
are shown by blue dots (•). For coherence values below 0.98 the H1 estimator is
shown using red crosses × while the H2 estimator is shown using green plusses
(+).

C.2

Air leaks

An air-leak is an acoustic-domain artefact. To simplify the analysis of its effect
on the coupled chest–stethoscope system, let us consider an acoustic-domain
impedance analogy circuit in which a Thévenin equivalent source is used to
represent all terms except the cavity and the leak, as shown in figure C.2.
a
A leak between the cavity and ambient air gives an acoustic impedance (zleak
)
a
between p′c and ground (i.e., in parallel with the air-cavity impedance zcavity
).
a
For a narrow leak the acoustic impedance consists of a resistance term (Rleak )
and a mass term (maleak ) [6], such that:
a
a
zleak
= Rleak
+ iωmaleak .

(C.1)

a
The values for Rleak
and maleak depend on the size and geometry of the leak.
a
Analytical approximations for Rleak
and maleak exist for e.g., a narrow circular
pipe and for a rectangular slit (see e.g., Beranek, 2012 [6]). However, a typical
real leak will not conform to either of these geometries.
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a
zThé

p0Thé

⇠

p0c

i! maleak

a
kcavity

i!

a
Rleak

Fig. C.2 Acoustic domain impedance analogy circuit for an air-coupled microphone with a leak, with all terms except the cavity compliance and the leak
replaced by a Thévenin equivalent source. The impedance of the air cavity is
a
a
a
zcavity
= k a /iω = ρ0 c20 /iωV , the impedance of the leak is zleak
= Rleak
+ iωmaleak .
a
The (acoustic) Thévenin impedance (zThé ) is the impedance ‘seen’ by the aircavity ‘looking’ towards the chest, with all source terms ‘off’. This term will
include the effect of the sensor mass and the attachment impedance, and could
be evaluated for the phantom by modifying equation (8.16) to use a transmission
matrix between the measurements at the phantom’s base and the air-cavity input
a
(as described in equation (10.10)), i.e. zThé
= [D/C]T̃b,cav .
in

A system with a leak will yield a Thévenin response of
z a ||z a
Pc
= a cavitya leak a ,
PThé
zThé + zcavity ||zleak

(C.2)

where Pc is the cavity pressure and PThé is a Thévenin equivalent source term.
For impedances in parallel (denoted by the symbol ||) the lowest impedance
a
a
dominates. At low frequencies zcavity
= k a /iω is large, while zleak
is small, so the
a
leak will have an effect on the low frequency response. At high frequencies zleak
becomes larger (tending towards an open circuit), and its effect on the cavity
a
pressure becomes negligible. The smaller the leak area, the larger Rleak
and maleak ,
and thus the lower the frequency above which the effect is negligible.
The analysis here makes the assumption that there are no acoustic pressure
perturbations in the ambient air. If this is untrue (i.e., in the presence of ambient
noise) then the leak can also act as a source of contaminating noise for the ACM.
The same considerations apply, meaning that this noise will be predominantly at
low frequencies.
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C.3

Assumption: axial microphone vibration
can be neglected

Microphones are designed to operate with a stationary base and a diaphragm
that is exposed to a fluctuating pressure level. If the base of the microphone
is attached to a structure that is itself moving then the axial vibration of the
microphone can lead to a false pressure reading.
A low-order model for a condenser microphone as a simple two-degree of freedom
system is shown in figure C.3. A (low) diaphragm mass (md ) is connected by a
(high) stiffness (kd,b ) to a (moderate) base mass (mb ). The system is governed
by the matrix equation (C.3):










k − ω 2 md
−kb,d  xd  fd 
 b,d
=
.
−kb,d
kb,d − ω 2 mb xb
fb

fd

kb,d
md

mb

xd

(C.3)

fb

xb

Fig. C.3 Simple lumped element model for a microphone, d denotes the diaphragm
and b denotes the base.
A microphone is designed to accurately measure pressure when the base does
not move. Pressure is measured (indirectly) via the capacitance between the
diaphragm and the base. The measured signal is thus proportional to the
displacement difference (xd − xb ) between the diaphragm and the base. For the
xb = 0 case the top line of equation (C.3) yields:
fd = (kb,d − ω 2 md )xd .

(C.4)

The true pressure is proportional to the force (fd ) exerted on the diaphragm.
ω 2 md ≪ kb,d in the operating range of the microphone. Thus we use
ptrue = Ĉfd ,

(C.5)

pmeas = Ĉkb,d (xd − xb ) ,

(C.6)
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where Ĉ is a conversion factor. Now consider the case where the microphone is
not grounded and xb is non-zero. The top line of equation (C.3) now gives
fd = (kb,d − ω 2 md )xd − kb,d xb ,

(C.7)

which can be expressed in terms of the diaphragm displacement as
xd =

fd + kb,d xb
.
(kb,d − ω 2 md )

(C.8)

Equation (C.8) can be used to eliminate the unknown diaphragm displacement
from equation (C.6), giving
pmeas = Ĉkb,d



fd + kb,d xb
f d + ω 2 m d xb
−
x
=
Ĉk
b
b,d
kb,d − ω 2 md
kb,d − ω 2 md






.

(C.9)

Once again using the fact that ω 2 md ≪ kb,d , and substituting for the true pressure
from equation (C.5) we obtain:
pmeas = ptrue + Ĉω 2 md xb
= ptrue − Ĉmd ẍb

(C.10)

= ptrue − Ĉ ′ ẍb
The datasheet for the G.R.A.S. 46BL 1/4 inch class of microphones states that
the response to x¨brms = 1 m/s2 of root-mean-squared (rms) axial vibration is 55
dB (re. pref = 20 µPa) of effective pressure. Assuming that this measurement is
conducted in silence (ptrue = 0) we obtain
55 = 20 log10 (Ĉ ′ × 1)/pref ,

(C.11)

Ĉ ′ = pref 1055/20 = 0.0112 Pa / m s−2 .

(C.12)

which yields
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If there is both pressure at the diaphragm and axial vibration of the base then
the measured pressure becomes:
pm (t) = pt (t) − Ĉ ′ x¨b (t) ,

(C.13)

Pm (ω) = Pt (ω) − Ĉ ′ Ẍb (ω) ,

(C.14)

Pm Pm∗ = Pt Pt∗ + Ĉ ′2 Ẍb Ẍb∗ − Ĉ ′ (Pt Ẍb∗ + Ẍb Pt∗ ) .

(C.15)

In our case the pressure in the cavity and the acceleration of the housing are both
in response to the same input force, so they will have a degree of coherence. This
means that Pm Ẍb∗ and Ẍb Pm∗ are non zero. In order to asses the significance of
the error terms we measure the microphone pressure and the housing acceleration
for the setup in figure 9.2. The power spectral densities of the measured pressure
and the effective pressure due to axial microphone are shown in figure C.4. The
axial-vibration term is negligible compared to the measured pressure, and the
estimate for the PSD of the true pressure is approximately equal to the PSD of
the measured pressure.

Fig. C.4 Effect of axial microphone vibration. Pmm is the power spectral density
of the measured pressure, Pee is the power spectral density of the effective pressure
that would be seen due to axial microphone vibration if there was no actual
pressure. Ptt is an estimation of the true pressure (based on a time domain
combination of the signals to account for correlation).
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[66] - ‘pressure response model’ for air-coupled
microphones

Joyashiki and Wada [66] define a ‘pressure response model’ for air coupled sensors
as:
zc
c
× ω/Zsoft
(C.16)
tissue
zc + (iωms + ka /iω)
The paper does not make it explicit what this expression is equal to, and the
physical interpretation is therefore difficult to discern. The dimensions of this
‘pressure response’ are equivalent to acceleration over pressure. This makes them
inconsistent with the dimensions of the ‘pressure response’ defined in the same
paper for a different sensor type, (so-called body-coupled-sensors), for which this
response is dimensionless.
The form of the impedance ratio found in this expression (zsource /(zsource + zload ))
suggests that it is derived from a Norton response (see section 3.5.7). In particular,
this expression could be interpreted as yielding the response of the surface
velocity in the presence of a sensor of net impedance (iωms + ka /iω), to a Norton
c
reference velocity. Division by a specific characteristic impedance (Zsoft
tissue )
has the effect of converting the Norton reference velocity into a (loosely defined)
reference pressure. Multiplication by iω would convert the surface velocity into
an acceleration. The fact that the i is omitted from the expression given suggests
that the authors may only be interested in the magnitude of the response.
It is possible that there is a simple typographical error here, as multiplication by
an appropriate impedance (divided by ω) would yield a pressure measurement,
and thus a non-dimensional response function. However, this would not address
the issue that summing iωms and ka /iω to yield the net sensor impedance implies
a topology that does not match the case description provided in the paper, as
discussed in the main body of the text (section 4.3.2).

Appendix D
Simulation details
D.1

ABAQUS CAE Simulations

When discussing the physics of the interaction between a chest and a stethoscope,
a visual representation of the deformation and motion of the chest is useful.
Since it is impractical to capture the deformation of the chest tissue under the
skin-surface experimentally, we present finite element simulations to illustrate
our arguments. The role of the simulations is to illustrate theoretical arguments
rather than to provide quantitative results.
All of the finite element method (FEM) simulations presented in this thesis are
performed using the commercial finite element package ABAQUS CAE 6.14. The
human chest is a complex system with many anatomical structures and a large
degree of inter- and intra-person variability. In order to simplify the analysis
and focus on the fundamental mechanisms of the coupling we consider only the
case of a stethoscope coupled to a cylinder of elastic material. The geometry and
material properties for the simulation are picked to match the laboratory model
of the chest (‘phantom’) that we present in chapter 6.
The phantom is constructed of a silicone elastomer (Ecoflex™ 00-10, Smooth-On
Inc). A wide range of material properties for Ecoflex™ been reported in the
literature, which may be due to the differences in air-bubble entrapment and
external conditions (see section 6.2.1).
Vaicekauskaite et al. [151] suggest a Young’s modulus of 0.05 MPA while Mansy
et al. [96] report a Young’s modulus of 0.11 MPa [96]. For the simulations
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presented here, an intermediate value of 0.08 MPa is used. Ecoflex™ is almost
incompressible [14], however the entrapment of air-bubble increases the compressibility. We use a Poisson’s ratio of 0.495. The density of Ecoflex™ is similar
to that of water. Mansy et al. report a density of 1030 kg m−3 while Cafarelli et
al. [14] report a value of 1063 kg m−3 . We use a value of 1050 kg m−3 in these
simulations.
In order to capture the full modal behaviour of the system a 3D model is needed.
However, when considering only the static case (or frequencies below the first
non-axisymmetric mode) we can make use of the symmetry of the system to
reduce the computational cost by constructing an axisymmetric model.

D.2

Figure 3.10

The lumped-element mechanical system shown in figure 3.9 is governed by the
matrix equation:






















m
0  ẍ1   λ1,2
−λ1,2  ẋ1   k1,2
−k1,2  x1  f1 
 1
+
+
=
0 m2 ẍ2
−λ1,2 λ1,2 + λ2,0 ẋ2
−k1,2 k1,2 + k2,0 x2
0
(D.1)
This is solved for the driving point dynamic stiffness at x1 using MATLAB R2020b
for the following parameter values: m1 = 0.5 g, m2 = 200m1 , λ1,2 = 0.5 kg s−1 ,
λ2,0 = 10λ1,2 , k1,2 = 50 kN m−1 and k2,0 = 0.2k1,2 .

D.3

Figure 4.2

The coupled system formed when an accelerometer is added to a SDOF oscillator
is shown in figure D.1 and is governed by the matrix equation








 



 

m
0
0  k0,1 + k1,b
−k1,b
0  X1  F 

 1

 
  
 
2
−ω  0 mb
 +  −k1,b
0
k
1,b + kb,a + kb,0 −kb,a   Xb  =  0  .


 
  
 
0
0 ma
0
−kb,a
kb,a
Xa
0
(D.2)
Equation D.2 is stated for the undamped case for compactness, but can trivially
be extended to include damping terms.
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xa

ma

kb,0

kb,a

xb

mb

k1,b

x1

m1
f
k0,1

Fig. D.1 Single degree of freedom damped oscillator of mass m1 and stiffness k0,1 ,
instrumented with an accelerometer, of base mass mb and seismic mass ma . The
mounting stiffness between the test system and the accelerometer is k1,b . The
accelerometer’s cable is modelled as a small stiffness between the accelerometer
base and ground. The stiffness of the piezoelectric element between the seismic
mass and the base mass is kb,a . Dashpots in parallel with all springs have been
omitted from the schematic for simplicity, with the exception of λ0,1 = λ
The lumped elements in the accelerometer model are defined in the legend of
figure D.1. The mounting stiffness (k1,b ) and piezoelectric-element stiffness (kb,a )
are high, while the wire/load stiffness (kb,0 ) and damping (λb,0 - in parallel with
kb,0 ) are low. This means that the dominant effect of adding the accelerometer is
the added mass (mb + ma ). Because of this, many researchers (e.g. Vermarien
and van Vollenhoven [153]) implicitly take the mounting stiffness to be infinite
and the cable stiffness to be zero in their accelerometer models.
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The following parameter values are used in this simulation: m1 = 1 kg, mb = 0.2 kg,
ma = 0.22 kg, λ0,1 = 10 Ns/m, λ1,b = 10 Ns/m, λb,0 = 1 Ns/m, λb,a = 0.01 Ns/m,
k0,1 = 10 kN/m, k1,b = 100 kN/m, kb,0 = 0.1 kN/m, kb,a = 10, 000 kN/m.

D.4

Figure 9.11

Simulation of p/fThé using the circuit in figure 9.10. ka is computed used
equation 3.47 with ρ0 = 1.225 kg m−3 , c0 = 343 m s−1 , Â = Âc = 200 mm2 and
V = 2720 mm3 . kc,s is replaced by (kc,s + iωλc,s ) where kc,s = 16 kN m−1 and
λc,s = 18 Ns m−1 . ms = 67 g, and zs,0 = λs,0 = 0.5 Ns m−1 . The Thévenin
impedance of the chest (zThé ) is given by a SDOF model with meff = 2.7 g,
λeff = 5.5 Ns m−1 and keff = 8.7 kN m−1 .

D.5

Figure 9.14

Simulation of p/fThé using the circuit in figure 9.10, with an additional capacitor
of impedance (kd:c,s + iωλd:c,s )/iω as seen in figure 4.28. kd:c,s = 65 kN m−1 and
λd:c,s = 65 Ns m−1 . ka is computed using equation 3.47, with ρ0 = 1.225 kg
m−3 , c0 = 343 m s−1 , Â = Âc = 200 mm2 and V = 990 mm3 . kc,s is replaced by
(kc,s + iωλc,s ) where kc,s = 35 kN m−1 and λc,s = 35 Ns m−1 . ms = 222 g and
zs,0 = λs,0 = 2 Ns m−1 . The Thévenin impedance of the chest (zThé ) is given by a
SDOF model with meff = 4.9 g, λeff = 7.5 Ns m−1 and keff = 13 kN m−1 .
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Transmission matrices in equation (10.1)




1

0

Ts,0 = 
1/(iωms + zs,0 )1


Tkc,s



1 kc,s /iω 
=
0
1


Ttrans

D.7

(D.4)



Âc
0 
=
0 1/Âc


Tkaa

(D.3)

(D.5)



1 ρc20 /iωV 
=
0
1

(D.6)

Simple duct attenuation model

This appendix presents a simple lossy transmission line model which is used for
the tubing simulations in chapter 10. Following the method presented in e.g.
′a
[149], the per-unit-length acoustic series impedance (Zseries
= R′a + iωM ′a ) and
′a
shunt admittance (Yshunt
= G′a + iωC ′a ) of a rigid duct can be defined as
′a
Zseries
=

iωρ0
,
Â(1 − Ψ(δv ))

(D.7)

′a
Yshunt
=

iωρ0
.
Â(1 − Ψ(δt ))

(D.8)

and

Here the superscript
Ψ(δ) is defined as

′a

denotes a per-unit-length acoustic term and the function

Ψ(δ) =

2 J1
(i−1)a
δ



(i−1)a
δ



J0



(i−1)a
δ

,

(D.9)

where J denotes a Bessel function and δv and δv represent the viscous and thermal
boundary layer thicknesses, which are given by
s

δv =

2µ
,
ωρ0

(D.10)
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and

s

δt =

2κ
.
ωρ0 Cp

(D.11)

The properties of the air in the duct are captured by its viscosity (µ), density
(ρ0 ), thermal conductivity (κ) and specific heat capacity at constant pressure
(Cp ).
For a lossy duct, the complex wavenumber then becomes
iÎ = α̂ + iÎr =

q

′a
′a
,
Zseries
Yshunt

(D.12)

while the characteristic acoustic impedance becomes
Z0:a Â =

q

′a
′a
Zseries
/ Yshunt
.

(D.13)

These complex terms are used directly in the transmission line matrices defined
elsewhere in this thesis. A more detailed formulation can be found in Beranek
(2012) [6], while Dokumancı (2021) [26] outlines more advanced cases such as
ducts with flexible, finite-impedance walls (see also [25]).

