Università degli Studi di Bari Aldo Moro
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Introduction
Tomographic imaging techniques, such as X-ray Computed Tomography
(CT) [1], Nuclear Magnetic Resonance imaging (NMR or MRI) [2], Ultrasound imaging (US) [3] and Positron Emission Tomography (PET) [4] can
provide information about both morphology and physical properties of
biological tissues and have thus become indispensable in medicine as invivo diagnostic tools. In figure 1 these tomographic imaging techniques are
compared with optical Confocal Microscopy (CM) in terms of achievable
depth and resolution. Generally, tomographic techniques reach higher
imaging depths than microscopy, at the expenses of resolution. On the
other hand, optical miscroscopy is an ex-vivo imaging techniques, which
thus needs for removing part of the specimen.
Optical Coherence Tomography (OCT) [5] fills the gap between Confocal Microscopy and high fequency Ultrasound, thus allowing to acquire
cross-sectional images of a few millimeters thick tissues (similar to US)
at high resolution (similar to CM). This technique is based on the detection of the interferometric signal at the output of either a Michelson or a
Mach-Zehnder interferometer: the tissue under investigation is set in one
arm of the interferometer, in such a way that the interferometric signal
produced by the ligth backscattered by the sample and the ligth from the
reference arm contains information about the sample structure and its optical properties. Hence, OCT is a non-invasive, non-contact, high resolution
and relatively inexpensive imaging technique, which enables to perform
in-vivo “optical biopsy” (from greek bios, life, and opsis, sight). Thanks
5
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to these properties, OCT is becoming a widely used tool in medicine to
investigate tissues morphology.

Figure 1: Resolution and imaging depth achieved by different imaging
diagnostic techniques
In the last years, researchers began to use OCT to provide quantitative information about the density of samples by studying the exponential
attenuation of the OCT signal with depth. In fact, this attenuation is governed by the Lambert-Beer law, and its decay rate (namely the attenuation
coefficient) depends on the refractive index, and thus on the density, of
samples. This approach makes OCT a poweful tool to detect alterations
in the composition of tissues, as required in Oncology. In fact, tumors are
known to have a higher density than healty tissues due to their higher
content of DNA.
Usually, the attenuation coefficient is deduced by fitting the measured
OCT signal. However, this method gives reliable results only for thick
enough tissues, namely thicker than 100-200 µm.
The aim of this thesis is to find a new method for gaining information
about the attenuation coefficient in thin tissues. This is important for an
early diagnosis of tumors at first stages since they usually grow in thin
layers.
6
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We attempt to reach this goal by studing the speckle pattern, namely
the “noise pattern” made up of brigth and dark spots which characterizes
OCT images of thin tissues. The physical origin of the speckle pattern is the
scattering of coherent ligth by a rough surface or a diffusive medium, such
as a biological tissue. Hence, the speckle pattern depends on the structure
of the thin sample and this is expected to be somewhat related with the
attenuation coefficient of the sample. We will thus study the parameters
of the speckle distribution (namely, its mean and variance) in a thin region
of interest within an OCT image (namley, an OCT B-scan); we will then
search for a correlation between the parameters of the speckle distribution
and the attenuation coefficient evaluated by a thick ROI within the same
OCT B-scan. Such a correlation will represent a tool to gain information on
both the attenuation coefficient and the internal structure of thin tissues.
The result of this work will thus pave the way toward the use of OCT as a
powerful tool to recognise tumors and deseases also in thin tissues.
In the first chapter we describe the physical principles of Low Coherence Tomography, on which Optical Coherence Tomography is based, as
well as the recently developed Fourier Domain OCT and its sensitivity
advantage.
In the second chapter we briefly review the internal structure of tissues
in order to study the ligth-tissues interaction. Two backscattering models
are described, while focusing on both their underlying hypotesis and their
applicability conditions: the single and the multiple backscattering model.
The attenuation of the OCT signal in low density media will be shown to
be well described by the Lambert-Beer law, as obtained by using the single
backscattering model. Interaction of coherent light with tissues also gives
rise to speckle patterns in the OCT images. We then present the speckle
pattern distribution by using the random phasors model.
In the third chapter we describe the Intralipid samples we used as
phantoms of both healty and tumoral tissues. We then describe the OCT
system employed for their characterization, namely a Swept-Source OCT.
7
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Finally, we discuss three free-space sample arm configurations which have
been designed and tested in order to identify the most suitable setup to
attain the aims of this research work.
The B-scans of Intralipid, as acquired with the OCT system, are analysed in the forth chapter. In particular, we characterize our samples by
evaluating their attenuation coefficient from a thick ROI. Subsequently, we
measure the parameters of the speckle distribution in a thin ROI of the
sample and study wheter and how they are related with the Intralipid concentration. Finally, we demonstrate the existence of a correlation between
the parameters of the speckle distribution and the attenuation coeffcient
and we investigate on the working conditions of the speckle distribution
approach for thin tissues characterization.
This research work has been done during a five months internship at
the Academic Medical Center of Amsterdam-University of Amsterdam,
financed by an Erasmus Placement scholarship, under the supervision of
Dr. D.M. de Bruin.
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Chapter 1
Principles of Optical Coherence
Tomography
In the last twenty years the need for a high-resolution, non-contact and
non-destructive imaging technique has led to the development of Optical Coherence Tomography (OCT), an imaging technique based on Low
Coherence Interferometry. Researchers have improved this technique till
the introduction of Fourier Domain OCT, which, nowadays, represents an
essential diagnostic tool in biomedicine.
In this chapter the physical principles underling these techniques will
be described.

1.1

Low Coherence Interferometry

Optical tomography is an imaging technique employing interferometric
signal to reconstruct the internal morphology of a sample with high resolution, sensitivity and speed [6]. Current optical tomography methods are
based on Low Coherence Interferometry (LCI), also known as white light
interferometry, that was described for the first time by Sir Isaac Newton.
A schematic of a Michelson low coherence interferometer, in air, is
shown in figure 1.1. The beam emitted by the lightsource is splitted by a
9
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Figure 1.1: Schematic of a free space Michelson interferometer; in air n = 1.
The distances of the beam splitter from the sample and the reference mirror
are, respectively, LS and LR while the corresponding optical paths are lS and
lR
50:50 beam splitter, BS, in two arms, one containing the reference mirror,
one containing the sample. The transmitted beam is backscattered by the
sample, while the reflected beam is backreflected by the reference mirror.
The two beams recombine at the beam splitter and an interferometric signal
is observed at the detector if and only if the pathlength of the sample beam,
lS , matches the one of the reference beam, lR , within the coherence length
of the light, lc , i. e. if |lS − lR | ≤ lc .
Since the coherence length is always inversely proportional to the ligth
source bandwidth, the use of a low coherence (broadband) source ensures
a high axial resolution: in this case, interference fringes will be seen over a
small range of pathlengths differences. If the light source has a Gaussian
spectrum, the coherence length is given by:
lc =

10

2
2ln2 λ0
π ∆λ

(1.1)
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where λ0 is the mean wavelength of the light source spectrum and ∆λ is
its full width at half maximum (FWHM).
The aim of low coherence interferometry is the reconstruction of the
sample reflectivity function RS (lS ) = |rS (lS )|2 , by performing interference
between the fields of the light backscattered by the sample and the light
that travels along the known distance lR in the reference arm [7]. A Fourier
component of the electric field of a polychromatic plane wave emitted by
the source can be written in the complex form:

E(k, ω) = s(k, ω)ei(kl−ωt)

(1.2)

where s(k, ω) is the amplitude of the electric field Fourier component, having wavenumber k and angular frequency ω. The wave impinges on a
beam splitter, which has an achromatic power splitting ratio of 0.5, and
is both transmitted toward the sample and reflected toward the reference
mirror. If the reference mirror is assumed to have reflectivity rR , the electric
field of the wave reflected by the mirror is:

ER (k, ω) =

E(k, ω) iklR
√ rR e
2

(1.3)

A real sample, characterized by a depth-dependent reflectivity, can be
modelled as a series of refletors set at different depths. Hence, sample
reflectivity can be written as a superposition of discrete delta-function
profiles:

rS (lS ) =

N
X

rSn δ(lS − lSn )

(1.4)

n=1

The electric field of the wave reflected by the sample is the product of
the incident wave and of the sample reflectivity rS (lS ), integrated over lS :
11

Low Coherence Interferometry

Z
ES (k, ω) =

N

E(k, ω) X
E(k, ω)
iklS
rSn eiklSn
√ rs (ls )e dlS = √
2
2 n=1

(1.5)

The fields ER and ES recombine on the beam splitter, generating interference, and the corresponding detector photocurrent can be written
as:

E
ρD
|ER + ES |2
2
2+
*
N
ρ s(k, ω) i(klR −ωt) s(k, ω) X
i(klSn −ωt)
+ √
rSn e
=
√ rR e
2
2
2 n=1

iD (k, ω) =

Here the factor

1
2

(1.6)

is a consequence of the second passage of the fields

through the beam splitter, ρ is the responsivity of the detector and the
angular brackets denote that the photocurrent is evaluated by integrating
over the response time of the detector. Since optical frequencies (1015 Hz)
are much higher than the detector bandwidth, which is tipically in the
range 106 − 1011 Hz [8], when expanding equation 1.6, the terms depending
on ω can be neglected. One thus gets:

iD (k) =

ρ
S(k)(RR + RS1 + RS2 + ...)
4
N
X
p
ρ
+ S(k)
RR RSn (eik∆ln + e−ik∆ln )
2
n=1

(1.7)

N
X
p
ρ
+ S(k)
RSn RSm (eik∆lnm + e−ik∆lnm )
4
n,m=1

where S(k) = |s(k, ω)|2 , ∆ln = lR − lSn and ∆lnm = lSn − lSm . Using Euler’s
formula, the spectral interferogram can be written as:
12
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iD (k) =

ρ
S(k)(RR + RS1 + RS2 + ...)
4
N
X
p
+ ρS(k)
RR RSn cos(k∆ln )
n=1
N
X

p
ρ
RSn RSm cos(k∆lnm )
+ S(k)
2
n,m=1

DC term
Cross-correlation term

(1.8)

Auto-correlation term

In equation 1.8 three terms can be distinguished:

• DC term: the reflectivity of both the mirror and the reflectors in
the sample originates an offset term, which does not depend on the
pathlengths of the two interferometer arms.
• Cross-correlation term: for each sample reflector a so called crosscorrelation component appears, which depends both on the wavenumber k and on the pathlengths difference ∆ln between reference and
sample arm; this is the term from which the information about the
sample morphology is obtained.
• Auto-correlation term: interference between the light scattered by
different sample reflectors gives rise to the so called auto-correlation
term. Usually these terms appear as artifacts in the ordinary low
coherence tomography1 , even though with small effects, as the sample reflectors reflectivities, RSn , are tipically small compared with the
mirror reflectivity, RR .
1

In opposition to the ordinary low coherence tomography, in the common path mode
autocorrelation terms carry information about the sample morphology. In fact, in the
common path mode the reference beam and the signal beam travel in the same arm. This
condition can be created by stopping the beam in the reference arm and by setting a
mirror on the sample. Researchers are pushing the OCT studies in this direction since the
common path mode is insensitive to sample movements (e. g. patient movements in the
case of medical application of OCT) and to environment vibrations.
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Two examples of interferograms are shown in figure 1.1, where the
simulations have been obtained for a single reflector (left) and multiple reflectors (right). In the first case, only the DC term and one cross-correlation
term contribute to the current and the interferogram consists of the source
spectrum S(k) modulated by a cosinusoid, whose period is proportional
to the pathlength difference between reference and sample arm ∆l. In
the case of multiple (N) reflectors, the source spectrum is modulated by
N cosinusoids, each one having a different period, depending on the nth
pathlength difference ∆ln .

Figure 1.2: Spectral interferogram for a sample made of a single reflector
(left) and of muliple reflectors (rigth)

1.2

Time Domain Low Coherence Interferometry
and Optical Coherence Tomography

In the traditional Time Domain Low Coherence Interferometry (TD-LCI)
the reference mirror is translated along the beam axis and the signal produced by the photodetector is recorded while scanning the reference arm,
thus changing ∆ln . In this way, the sample reflectivity profile can be reconstructed in order to have information about its internal morphology.
The total detector current, as a function of the pathlengths difference in
time, iD (∆ln ), is obtained by integrating equation 1.8 over the bandwidth
of the polychromatic source.
14
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Let S be the power emitted by the light source integrated over the
R∞
source bandwidth (S = −∞ S(k) dk), k0 the mean wavenumber, and γ(z) the
coherence function, which is the Fourier antitransform of power spectrum
S(k): γ(z) = F −1 {S(k)}.
By making use of the Fourier transform
1
cos(kz0 ) = F { [δ(z − z0 ) + δ(z + z0 )]}
2

(1.9)

the total detector current can be written as:
Z ∞
iD (∆ln ) =
iD (∆ln , k) dk
−∞

ρ
= S(RR + RS1 + RS2 + ...)
4
Z ∞
N


ρXp
1
+
RR RSn
F {γ(z)}F
[δ(z − ∆ln ) + δ(z + ∆ln )] dk
2 n=1
2
−∞
(1.10)
Let’s now use the convolution theorem
Z ∞
Z
Fw { f (z)}Fw {g(z − z0 )} dw =
−∞

∞

eikz f (z)g(z) dz

(1.11)

−∞

to get:
iD (∆ln ) =

ρ
S(RR + RS1 + RS2 + ...)
4
Z ∞
N


ρXp
1
+
RR RSn
eizk0 γ(z) [δ(z − ∆ln ) + δ(z + ∆ln )] dz
2 n=1
2
−∞
(1.12)

Finally, by using the property of the delta function, Euler’s formula and
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assuming a Gaussian source2 , the photocurrent becomes:
ρ
S(RR + RS1 + RS2 + ...)
4
N
h
i
ρXp
+
RR RSn ei∆ln k0 + e−i∆ln k0 γ(∆ln )
4 n=1
ρ
= S(RR + RS1 + RS2 + ...)
DC offset
4
N
ρXp
RR RSn cos(k0 ∆ln )γ(∆ln )
Cross-correlation term
+
2 n=1

iD (∆ln ) =

(1.13)
Following the ultrasound imaging terminology, iD (∆ln ) is the A-scan
of a N-reflectors sample, acquired while the reference arm is scanned or,
equivalently, while the optical pathlength difference, ∆ln , is varied.

Figure 1.3: Reflectivity profile (top) of a sample made up of two reflectors
and simulation of A-scan (bottom) obtained with TD-OCT
In figure 1.3 it is shown a simulation of a time-domain A-scan (bottom)
2
Commonly used light sources have a Gaussian spectrum, whose inverse Fourier
transform is still Gaussian; the corresponding coherence function is thus an even function
(γ(z) = γ(−z)).
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in the case of a sample made up of two scatterers (top). It can be recognised
the contribution of both the DC term, proportional to the sum of the mirror and sample reflectivities, and the two cross-correlation terms, whose
amplitudes are proportional to the square root of the product of scatterers
and mirror reflectivities.
Time Domain Low Coherence Interferometry is thus a powerful imaging technique: for any point on the sample surface, it allows to have
information about the internal structure of the sample by translating the
mirror in the reference arm. However, Low Coherence Interferometry
has the limit of being a one-dimensional ranging technique. This limit
is overcome by Optical Coherence Tomography (OCT), offering the possibility of reconstructing cross-sectional images of the sample. An OCT
system, indeed, performs multiple longitudinal A-scans at a series of lateral locations, in order to provide a B-scan. The term tomography, as in
ultrasound imaging, suggests that two-dimensional data are derived from
a three-dimensional object to construct slice images of its internal structure.

(a)

(b)

Figure 1.4: TD-OCT setup [9] in free space (a) and fiber implemented (b)
In figure 1.4 two typical Time Domain Optical Coherence Tomography
(TD-OCT) setups, based on a Michelson interferometer, are shown. The
first one, figure 1.4(a), is built in the free space while the second one, figure
1.4(b), is fiber-based. Common elements are the OCT Depth Scan, which
17
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moves the mirror in the reference arm back and forth with respect to the
beam splitter, and the Lateral Scan, which allows to acquire A-scans at
different lateral positions.
The first Time Domain Optical Coherence Tomography setup, developed by David Huang [5], was fiber-based, as shown in figure 1.5. Here,
the light emitted by a superluminescent diode (SLD), wich is a low coherence laser, is guided by a single mode fiber into a 50:50 coupler and splitted
into sample and reference arms. The backreflected beams are recombined
at the coupler and detected by a photodiode, whose signal is demodulated
and digitized. At present, the most commonly used configuration in OCT
systems is the fiber based one [10], employing single-mode fibers to guide
light to the coupler, to the reference mirror and to the sample.

Figure 1.5: First TD-OCT system developed by Huang in 1991

1.2.1

Sensitivity of Time Domain OCT

The minimum detectable optical power backreflected by the sample can
be evaluated by the signal to noise ratio (SNR), which is a parameter often
used to estimate the sensibility of a OCT apparatus.
For any system, the signal to noise ratio is defined as the signal power
divided by the noise variance. In the simple case of a sample made of
one reflector, the mean-square peak signal power evaluated at ∆ln = 0, as
obtained by the second term of equation 1.13, is given by:
18
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< iD >2TDOCT =

ρ2 2
S
RR RS
4 TDOCT

(1.14)

where STDOCT is the instantaneous light source power incident on both the
reference mirror and the sample. The main kinds of noise in a OCT system
are the relative intensity noise, originated from the laser power instability,
the shot noise, due to the photocurrent fluctuations, and the quantization
noise, associated with the digital signal sampling. Ideally, an OCT system
is shot-noise limited 3 ; the noise variance is thus given by[12]:
σ2TDOCT ≈ 2eρSTDOCT (RR + RS )B

(1.15)

where B is the electronic detection bandwidth. Since the ligth intensity
reflected by the mirror is higher than the one backscattered by the sample, the noise can be assumed as being dominated by the reference arm
intensity; the signal to noise ratio is thus given by
SNRTDOCT =

< iD >2TDOCT
σ2TDOCT

≈

ρSTDOCT RS
8eB

(1.16)

According to the Nyquist-Shannon theorem, the detection bandwidth
B is twice the signal bandwidth ∆ f . If the reference path is scanned with
uniform velocity vre f , the Doppler frequency shift is fD = 2vre f /λ0 and the
signal bandwidth is
∆f =

vre f
1
4ln2
π
lC

(1.17)

The SNR is thus inversely proportional to the reference mirror velocity. This dependence is an important limitation of Time Domain OCT,
3
Many studies have been done on both the design of the OCT configurations and the
specifications of the components, in order to obtain a shot-noise limited operation [11].
The OCT system used in this thesis is an example of that, as it will be treated in details in
chapter 3.
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considering the need for high scanning rates in real-time imaging. Furthermore, high scanning speed also imply a loss of axial resolution, since
it is proportional to the inverse of the coherence length lC .

1.3

Fourier Domain Optical Coherence Tomography

The aim of a biomedical application of Optical Coherence Tomography
has motivated the research for an alternative approach to the reference
path scanning, in order to achieve both high sensitivity and high data
acquisition speeds. This resulted in the development of the so called
Fourier Domain OCT, in which the reference mirror is kept fixed and the
depth-scan information is obtained by acquiring the interferometric signal
as a function of the wavenumber.
Two different FD-OCT configurations have been designed: Spectral Domain OCT and Swept Source OCT. In Spectral Domain OCT, a broadband
light source is used and the entire depth profile is captured at once by using
a spectrometer, whose grating disperses the spectral components on the
detector array of a CCD. In Swept Source OCT, the spectral components
are captured sequentially by a single photodetector, while sweeping the
wavelength of a narrowband laser source.
The sample reflectivity profile is reconstructed from the inverse Fourier
transform of the spectral interferogram of equation 1.8, namely:
ρ


iD (z) = F
S(k)(RR + RS1 + RS2 + ...)
4

N


X
p



−1 
+F 
ρS(k)
R
R
cos(k∆l
)

R
S
n
n




n=1


N


X
p


ρ


+ F −1 
S(k)
R
R
cos(k∆l
)

S
S
nm
n
m


2

n,m=1
−1
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By using the convolution theorem
F −1 { f g} = F −1 { f } ∗ F −1 {g}

(1.19)

the photocurrent becomes:
iD (z) =

ρ −1
F {S(k)} (RR + RS1 + RS2 + ...)
4


N


X
p




+ ρF −1 {S(k)} ∗ F −1 
R
R
cos(k∆l
)
R Sn
n 




n=1


N


X
p


ρ −1

−1 
+ F {S(k)} ∗ F 
R
R
cos(k∆l
)

S
S
nm
n
m




2

(1.20)

n,m=1

Let γ(z) be the coherence function (γ(z) = F −1 {S(k)}). By using the well
known result from Fourier transform theory:
1
cos(kz0 ) = F { [δ(z − z0 ) + δ(z + z0 )]}
2

(1.21)

one thus gets:
iD (z) =

ρ
γ(z)(RR + RS1 + RS2 + ...)
4
N
X
p
ρ
+ γ(z) ∗
RR RSn [δ(z + ∆ln ) + δ(z − ∆ln )]
2
n=1

(1.22)

N
X
p
ρ
+ γ(z) ∗
RSn RSm [δ(z + ∆lnm ) + δ(z − ∆lnm )]
4
n,m=1

Finally, this expression can be simplified by using the sifting property of
the delta function. Hence, the A-scan acquired with a Fourier Domain
OCT system is described by the expression:
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iD (z) =

ρ
γ(z)(RR + RS1 + RS2 + ...)
4
N
ρXp
+
RR RSn (γ(z + ∆ln ) + γ(z − ∆ln ))
2 n=1

DC term

N
ρ X p
+
RSn RSm (γ(z + ∆lnm ) + γ(z − ∆lnm ))
4 n,m=1

Cross-correlation term
Auto-correlation term
(1.23)

Each one of the three terms in equation 1.23 originates artifacts in the
A-scan, as we shall soon see. An example is given in figure 1.6, which
shows a simulation of the Fourier Domain A-scan of a sample made of two
reflectors.

Figure 1.6: Top: reflectivity profile (arrows) of a sample consisting of two
reflectors set at ditances z = lS1 and z = lS1 with respect to the beam splitter;
dashed line at z = lR represents the mirror reflectivity in the reference arm.
Bottom: simulation of the corresponding A-scan obtained by FD-OCT, as
given by equation 1.23
The DC term causes a high intensity peak at the zero-delay position z = 0
and appears as the axis of symmetry of the A-scan. The appearance of
22
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such a mirror image, so called complex-conjugate artifact, is due to the
two delta functions in both the cross-correlation and the auto-correlation
terms: positive and negative optical path differences ±∆ln (and ±∆lnm ) give
rise to identical signals, thus reflections at these two conjugate positions
cannot be distinguished. As long as the sample is entirely on one side of
the zero-delay position, this ambiguity can be overcome just by cutting-off
half A-scan. On the other hand, complex-conjugate artifact becomes tricky
when the sample extends over the zero-delay position, since the mirror
image overlaps to the real one. The auto-correlation term also originates
the artifact peaks near the zero-delay point: indeed ∆lnm is in general
smaller than ∆ln . The auto-correlation peaks have lower intensity with
respect to cross-correlation peaks because the sample reflectivity is lower
than the mirror one.
In the last years new interferometer designs [13] and data post-processing
techniques [14] have been implemented, in order to attenuate and eventually eliminate artifacts.

1.3.1

Sensitivity of Fourier Domain OCT

The signal to noise ratio (SNR) defined in paragraph 1.2.1 is a parameter
often used to estimate the sensitvity of an OCT system and to compare the
performances of different schemes. ùlet us now compare the sensitivity of
Fourier Domain OCT with the one of Time Domain OCT.
In FD-OCT the detection system is made of M descrete spectral channels. These channels represent the M pixels of the CCD, in SD-OCT, and
the M k-sampling intervals, in SS-OCT. The total photocurrent intensity, as
a function of depth, is thus given by the descrete inverse Fourier transform
of equation 1.8:
iD (zm ) =

M
X

iD (km )eikm zm

(1.24)

m=1

Here we make the same assumptions as in paragraph 1.2.1, in order
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to compare the sensitivity of a Fourier Domain OCT system with a Time
Domain OCT one. Let’s consider the simple case of a sample made of
just one reflector. The mean-square signal power evaluated at ∆ln = 0, as
obtained by the cross-correlation term of equation 1.8, can be shown to be
given by:
< iD >2FDOCT =

ρ2 2
M2
SFDOCT (km )RR RS
4
2

(1.25)

where SFDOCT (km ) is the fraction of the instantaneous light source power
in the m-th channel, supposed to be the same in each channel. The factor
1
2

is due to the the contribute of both positive and negative frequency

components [12].
In the case of Nyquist-Shannon sampling, the sampled data of noise
current in each m-th channel are mutually uncorrelated, thus their variances add incoherently. If the system is shot-noise limited, the overall
noise variance comes out to be:
σ2FDOCT = 2eρSFDOCT (RR + RS )BM

(1.26)

where B is the electronic detection bandwidth. Since RS << RR , one thus
gets:
SNRFDOCT =

< iD >2FDOCT
σ2FDOCT

=

ρSFDOCT (km )RS M
16eB

(1.27)

By comparing the SNR equation 1.16 and equation 1.27 it is evident that
there is a

M
-factor
2

improvement in the sensitivity of Fourier Domain OCT

with respect to Time Domain OCT. This advantage has been estimated to
be around 10-20 dB [15, 16]. However, Fourier Domain OCT is affected
by a sensitivity roll-off with depth. In SD-OCT this is caused by both the
finite spectrometer bandwidth and the eventual difference between the
grating resolution and the size of each pixel. In SS-OCT, the sensitivity
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dependence on depth is smaller than in SD-OCT [8] and it is casued both
by the finite number of k-sampling intervals and by the eventual difference
between the size of these intervals and the istantaneous linewidth of the
swept source.

1.4

Biomedical applications of Swept-Source Optical Coherence Tomography

As discussed in sections 1.3 and 1.3.1, Swept-Source Optical Coherence
Tomography allows to reconstruct the internal morphology of an object
with high imaging speed and high sensitivity. Two parameters characterize
a SS-OCT system features: axial resolution, δz, and depth range, ∆z.
The axial resolution corresponds to the coherence length. In the case of a
tunable laser with a Gaussian spectral profile, having λ0 central wavelength
and a tuning range ∆λ, δz is given by:
δz = lC =

2
2ln2 λ0
nπ ∆λ

(1.28)

where n is the average refractive index of the sample.
Depth range, which estabilishes the maximum depth at which the sample can be investigated, can be shown to be given by:
1 λ0
∆z =
4n δλ
2

(1.29)

where δλ = ∆λ/M is the spectral sampling interval, M being the number
of samples within the tuning range ∆λ [17].
Nowadys, SS-OCT systems achieve depths of 10 mm with a resolutions
up to 1 µm, whereas TD-OCT and SD-OCT reach at most resolutions of,
respectively, 10 µm and 3 µm [18].These features have made SS-OCT a non25
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contact imaging technique widely used in medicine. Its standard clinical
applications range from Ophtalmology [19] to Dentistry [20] and particular
interest is, today, directed toward Oncology [21].
The selection of the proper wavelength range ∆λ and power is crucial
to reach the best possible performances. For istance, emission in the near
infrared is one of the requirements for an OCT source used for biological
tissues imaging. In fact, the range between 600 nm and 1300 nm is known
as “tissue optical window” (or “therapeutic window”) since, within this
interval, adequate penetration depths can be achieved and absorption can
be neglected. Shorter wavelengths, like UV and visible, are greatly absorbed by tissue pigments, while the restriction at higher wavelangths is
due to the tissue water content and water absorption [22]. In the NIR the
dominant process that limits imaging depth is scattering and it has been
proved that the deepest penetration is achieved by using sources that emit
between 1200 nm and 1800 nm [10]. Moreover, working at a central wavelength of 1300 nm is advantageous because this wavelength has minimum
attenuation in silica fibers.
Another requirement for OCT light sources is high irradiance, due to
the direct proportionality of the signal to noise ratio (SNR) to the power
contained in a single mode of the laser, as can be seen in equation 1.27. On
the other hand, too high intensities can be dangerous for tissues. For this
reason, the maximum permitted exposure on human tissues is regulated
by the American National Standards Institute (ANSI) [23], which states
a maximum power of 0.7 mW, at 800 nm, for ophthalmic applications
and powers up to 10 mW, at longer wavelengths (e. g. at 1300 nm) for
dermatologic and endoscopic applications.
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Chapter 2

Light-tissues interaction:
Qualitative and Quantitative OCT

In chapter 1 Optical Coherence Tomography has been described as a poweful imaging technique by which the internal morphology of a tissue can
be reconstructed with axial resolution up to 1 µm. OCT can also provide
quantitative information about the sample density and refractive index, by
studying the decrease of the OCT signal with depth. This attenuation is
caused by ligth scattering from the particles composing the sample and it
is characterized by a specific parameter, the attenuation coefficient. Scattering also produces speckles, which is the granular pattern affecting all
images obtained with coherent ligth. Speckles can be described in statistical terms and the aim of this thesis is to search for a correlation between
the attenuation coefficent and the parameters of the speckle distribution.
The result would enable to deduce the attenuation coefficient from speckle,
when this information cannot be directly measured, which is, for example,
when the tissue under investigation is thin (i. e. less than 100 µm).
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2.1

Structure of biological tissues and cells cycle

In order to study the mechanism of interaction of ligth with biological
tissues, let us briefly review the internal structure of tissues and the life
cycle of the basic biological units, namely the cells.
Organs and body structures are made of a combination of tissues, which
can be grouped in four basic types: epithelium, connective (including
blood), nervous and muscle [24]. From a simplified perspective, each of
these tissues can be described as a combination of extracellular matrix and
cellullar material.
The extracellular matrix characterizes the connective tissue and includes fibers up to 500 µm in diameter, amorphous ground substances
and tissue fluids.
The cells are the basic structural, functional and biological units of the
living organisms and their internal structure can be divided into cytoplasm
and nucleus. The cytoplasm can be thought of as a gelatinous matrix,
called cytosol, in which the position of the organelles (e. g. mitochondria,
lysosomes, Golgi apparatus) is well-defined. In general, organelles have
dimensions from 200 nm to 1-2 µm and show an internal organization,
with substructures that can be grouped in macromolecular complexes and
membranes. The nucleus has a size of 5-10 µm and houses the cell chromosomes, which are the single pieces of coiled DNA. Moreover, like the
cytoplasm, the nucleus has some inclusions, the most important being the
nucleolus.
The biological life of a cell is described by the cell cycle, an ordered series
of steps from the cell growth to the DNA replication and to the mitosis,
after which, by the cytokinesis, the mother cell is divided in two identical
daughter cells. In a multi-cellular organism a balance exists between the
cellular division and the cellular death. The physiological cellular death
is called apoptosis [25] and it is a programmed mechanism by which the
organism cleares the superflous cells, playing a fundamental role in the
tissue dynamics and in its health control. In fact, when aberrant cells are
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not removed, thus resulting in a mitosis faster than apoptosis, a tumor can
develop.
A tissue affected by tumor suffers alterations of its morphology: in the
dysplasia case, the cellular abnormality consists in an expansion of the
immature cells, with a proliferation out of control; in the case of anaplasia,
there is an alteration of the differentation of cells; a neoplastic cell is both indifferentiated and proliferating, indicating tumor. Hence, a tissue affected
by tumor is made of cells, sometimes polynucleated, with varying shape
and function, which proliferate very fast. As a consequence, the amount
of DNA and organelles in a tumoral tissue is higher than in a normal one.
Figure 2.1 shows the histologies of a normal two-layered bronchial epithelium, bronchial epithelium dysplacia and bronchial carcinoma (epithelial
tumor). In the histology of the normal tissue, the different layers composing the bronchial tissue can be distinguished; when the dysplasia affects
the epithelium, the immature cells (top epithelium) substitute the mature
ones (bottom epithelium), while the neoplastic tissue appears as composed
of abnormal and undifferentiated cells.

Figure 2.1: Histologies of bronchial epithelium: normal (A), dysplasia (B),
carcinoma (C) [26]

2.2

Ligth scattering models

When ligth propagates in a turbid medium, e. g. a biological tissue, it
is scattered by the particles in the medium. The optical properties of the
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medium can be described by several parameters, such as the refractive
index, the scattering coefficient and the absorption coefficient.
The refractive index is a parameter linked to the ligth propagation in
media. It can be expressed through the local molecular density by the
relationship:
n = n0 + αρ

(2.1)

where n0 is the refractive index of the liquid part of the medium and ρ is
the solid volume fraction (also known as volume concentration) quantifying the portion of the medium occupied by tissue scatterers like proteins,
DNA, RNA, lipids. Hence, the refractive index can provide biophysical
information about both the morphology of a tissue, that can be more or
less dense, and the internal structure of cells. This suggests that the refractive index can be used to investigate cell cycle and to check possible
anomalies in tissues. Indeed, recent studies on histology tissue specimens
[27] have shown an increase of the refractive index of malignant tumoral
cells compared with normal ones.
The scattering coefficient and the absorption coefficient are related,
respectively, to the scattering and absorption cross sections, σs and σa ,
characterizing ligth in the medium. In the independent scattering approximation, the distance between scatterers in the tissue is large enough that
scattering and absorption probabilities associated with each particle are
uncorrelated between each other. Under these conditions, both the scattering coefficient µs and the absorption coefficient µa can be expressed as a
linear function of the solid volume fraction ρ:
µs = σs ρ

(2.2)

µa = σa ρ

(2.3)

In high density media the interparticle distance is comparable with the
wavelength of the propagating ligth; as a consequence, the dependence of
the medium optical properties on ρ deviates from the simple model here
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presented [28]. In any case, similar to the refractive index, also the scattering and the absorption coefficients depend on ρ and are thus sensitive to
changes in tissues and cells morphology.
One of the aims of this research work is to measure how the variations
in tissues density affect the scattering coefficent.
As described in chapter 1, in Optical Coherence Tomography one measures the interferometric signal produced in a Michelson or in a MachZehnder interferometer by the superposition of the reference beam with
the ligth backscattered from the sample. In section 1.3, the Fourier DomainOCT intensity signal has been expressed as a function of depth, namely
A-scan, after modeling the sample as a set of mirrors (see equation 1.23).
Nevertheless, the absorption and scattering properties of biological tissues
modify the OCT intensity. In fact, as shown in figure 2.2, the signal in
the A-scan of a homogeneous medium is not constant, as expected for a
series of nearby mirrors, but decreases with depth, due to both photon
scattering and resonant photons absorption. The signal decay with depth
is described by a characteristic parameter, the attenuation coeffcient µt :
µt = µs + µa . This parameter is closely related with the composition and
the internal structure of the medium.

Figure 2.2: A-scan of a homogeneous sample; the signal descreases with
depth
As discussed in section 1.4, the wavelengths commonly used in OCT
systems are chosen in the “tissue optical window”, between 600 nm and
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1300 nm, where the absorption by the tissue can be neglected. For this
reason, µa can be considered null and the scattering coefficient can be
directly evaluated by measuring the attenuation coefficient.
In a simple and ideal model, the backscattered ligth can be thought
of as being reflected only once from the particles in the sample. On the
other hand, a more realistic model will take into account all possible different types of scattering interactions, as schematized in figure 2.3. Indeed,
photons could be scattered at a wide angle from the particles in the sample, both in the forward and in the backward directions, thus exiting the
collecting angle of the lens; they also could be scattered multiple times
before going back into the interferometer. In the next subsections these
two models will be described in details.

Figure 2.3: Schematic of scattering interaction types

2.2.1

Single backscattering model

The single scattering model is the simplest approach to describe the reflectivity profile recorded with an OCT system. This model, also successfully
applied to atmospheric lidar (Ligth Detection and Ranging) measurents
[29], is based on a simplified description of a turbid medium and its interaction with ligth.
The sample is modeled as a random arrangement of particles, whose
relative distance is much larger than the ligth wavelength. When ligth
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propagates into the medium, the phases of the scattered waves are assumed to vary randomly during the detector response time. In addition,
all the ligth components scattered at different depths are assumed to be
incoherent. As a consequence, only the light that reaches a given depth z
and returns in the OCT system, without being scattered, can give rise to
interferometric fringes [30].
Under these key assumptions, the sample reflectivity function

p
RS (lS )

appearing in the cross-correlation term of the SS-OCT signal given by
equation 1.23, needs to be modified. The loss of ligth power after reaching
the depth z is exponential, as described by the Lambert-Beer law. Hence,
p
the sample reflectivity function RS (lS ) becomes:
q
p
R0S (lS ) = RS (lS )e−2µt z

(2.4)

where µt is the attenuation coefficient, as discussed in section 2.2.
Based on the single backscattering model, the amplitude of the OCT
signal coming from a homogeneous medium thus decreases with depth as:
iD (z) = iD0 e−µt z

(2.5)

where iD0 is the signal amplitude at the sample surface, which is, in the
case of figure 2.2, at z = 0.7 mm.

2.2.2

Multiple backscattering model

The theory presented in section 2.2.1 is appropriate only for the description
of ligth backscatted by superficial layers in the samples, especially for
dense samples. At deeper probing depths, a higher-order approximation
is needed, so as to take into account the contribution to the OCT signal of
light undergoing multiple scattering from particles in the medium.
In such cases a theoretical description can be given, based on the
Huygens-Fresnel principle supposing that the particles in the sample are
sources of secondary spherical waves and that multiple scatterings, both
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in the forward and in the backward direction along the depth z, occur at
small angles. If a Gaussian light beam is used, it can be proven [31] that the
reflectivity profile depends on the beam waists, wH and wS , respectively in
absence and in presence of scattering, namely:

v
u


u
u
u


u

t
q
2 


−µt z [1 − e−µt z ]


w
2e

−2µt z +
−µt z ]2 H 
e
R0S (lS ) = RS (lS ) 
+
[1
−
e

2


2
wS


w


S
1 + w2



(2.6)

H

The first term in equation 2.6 represents the contribution of the single
backscattering (as found in equation 2.4) while the two additional terms
are connected to the change in beam shape due to multiple scattering. Due
to these two terms the signal intensity depth profile becomes
iD (z) = iD0

v
u
u
t

e−2µt z +

2e−µt z [1 − e−µt z ]
1+

w2S
w2H

+ [1 − e−µt z ]2

w2H
w2S

(2.7)

and is thus characterized by a less steep slope than in the case of single
scattering model.
A recent study on the comparison between the multiple and the single
scattering models has shown that for turbid media with µt < 6 mm−1 ,
the interferometric signal can be thought, with a good approximation, as
produced by photons scattered only once by the particles in the sample.

2.3

Superposition of scattered waves: the speckle
pattern

When a coherent light illuminates either a rough or a diffusing surface, or
a particle suspension, both the reflected and the transmitted ligth show
a granular pattern, resulting in a noise frame that washes out the images
under investigation. This effect is called speckle and it appears both in
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optics and in other imaging techniques, such as ultrasound and syntheticaperture radar, as shown in figure 2.4, in which images appear not clear
due to the presence of bright and dark spots.

Figure 2.4: From left to right: speckled images of a laser spot on paper
[32], a fetus ecography [33] and the Pentagon as acquired with asyntheticaperture radar[34]
The physical origin of speckle pattern is the coherence between ligth
scattered by either the facets forming rough surfaces or the particles composing the suspension, on the scale of the wavelength [35].
The wave scattered from each facet (or particle) can be represented by
a phasor whose phase is randomly distributed, according to the theories
explained in section 2.2. The total scattered wave is given by the sum of
these phasors. The result is the same as in a random walk problem and the
resultant vector can vary in length depending on the relative phases of the
various components, as illustrated in figure 2.5.

Figure 2.5: Examples of random phasors sum, showing (a) constructive
addition (long vector) and (b) destructive addition (short vector)
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In the physical space, the superimposition of the scattered waves thus
creates localized regions of constructive and destructive interference, corresponding respectively to the "long" and "short" sum-vectors; this results
in a complicated pattern of spots with varying intensity [36].

2.3.1

Statistical properties of speckle

The properties of speckle patterns can be discussed in statistical terms, by
calculating the probability density function of the intensity of spots.
In signal processing, real-valued functions are represented by the real
part of complex functions called analytic signals [37]. Focusing on the case
of the OCT measurements, the acquired detector signal can be expressed
by an analytic signal:
iD (z) = R(z) + ıI(z)

(2.8)

composed by its real and imaginary parts, R(z) and I(z) respectively.
Due to the random scattering origin of speckle effect, both R(z) and
I(z) are sums of independent random variables and are thus Gaussian
distributed. The probability density function of the real and imaginary
components of the phasors are thus given by:




 p(R)dR =



 p(I)dI =

2

R
1
e− 2σ2 dR
2πσ2
2
− I2
1
2σ dI
e
2πσ2

(2.9)

The probability density function of the analytic signal is thus given by
the joint probability density function:
p(iD )diD = p(R, I)dRdI =

1 − R2 +I2 2
e 2σ dRdI
2πσ2

(2.10)

On the other hand, iD (z) can be written in terms of its amplitude and
argument, namely:
iD (z) = |iD (z)|eıarg(iD (z))
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where |iD (z)| =

√

R2 + I2 and arg(iD (z)) = arctan RI . This expression enables

writing the joint probability density function as a function of the signal
amplitude and argument. After integrating over the argument, which
is uniformly distributed between 0 and 2π, the amplitude of the signal,
corresponding to what is actually measured with an OCT system, comes
out to be Rayleigh distributed [38], which is:
|iD (z)| − |iD (z)|2 2
e 2σ d|iD (z)|
σ2

p|iD (z)|d|iD (z)| =

(2.12)

whose statistical parameters, namely the mean and the variance, are given
by:

π
σ
2
4−π 2
=
σ
2
r

|iD (z)| =
σ2|iD (z)|

(2.13)

One thus gets that the ratio between the variance and the squared mean
is given by:
σ2|iD (z)|
2

|iD (z)|

=

4−π
π

(2.14)

This parameter is often used to mark the shape of probability density
function [38] and it will be used in our data analysis (section 4.3) to check
the correctness of the random phasors model assumptions.

2.4
2.4.1

Imaging by OCT
Morphology and optical properties of samples

An OCT system can perform multiple A-scans in adjacent points of the
sample surface, thus reproducing the image of a section, called B-scan. As
an example, the B-scan of a thumb is shown in figure 2.6, where the intensity
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of the signal coming from different points in the sample are represented in
grey scale.

Figure 2.6: OCT B-scan of a thumb showing the stratum corneum (SC), the
stratum granulosum (SG) and the stratum spinosum (SS) composing the
epidermis (E); the stratum undeneath E is the derma (D)
In the previous sections the OCT signal from a tissue has been evaluated
and its dependence on both the reflectivity of the cells and the extracellular
matrix composing the tissue and on the scattering and absorption coefficients of the sample has been highlighted. It is clear that any change in
either the internal structure or the composition of the tissue produces variations in the OCT signal. As a consequence, an OCT B-scan can be analysed
in order to reconstruct the internal morphology of the sample under investigation. For istance, in the thumb of figure 2.6, both the derma and the
strata composing the epidermis (the upper stratum corneum, as well as the
deeper stratum granulosum and stratum spinosum) can be distinguished.
The intensity coming from the last two strata is higher than that coming
from the stratum corneum. In fact this stratum is made of anucleated cells
carrying a lower DNA and organelles content in the solid volume fraction
ρ with respect to the cells of the last two strata. As a consequence, the
reflectivity rS , the refractive index n and the scattering coefficient µs of the
stratum corneum are lower than in the stratum granulosum and spinosum,
thus resulting in a lower backscattered wave intensity.
The possibility of acquiring information about the tissues morphology
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by using a non-invasive, non-contact, in-vivo technique has made Optical
Coherence Tomography an important tool in medicine. For example, OCT
is a clinical standard in ophtalmology.
In addition, a quantitative analysis of the OCT images can be performed
to gain more accurate information about the sample under investigation. In
fact, after acquiring an A-scan, a fitting procedure based on equation 2.5 can
be applied to the intensity profile to evaluate the attenuation coefficients
corresponding to different points of tissue surface.

2.4.2

Thin tissues characterization

A drawback of the measurement of the attenuation coefficient by means
of a fitting procedure is that it gives reliable results only for thick enough
samples, i. e. for deep A-scans. In 2010 de Bruin et al. [39] measured
the attenuation coefficient of samples made of the same material, silicone
elastomer, but having different thickness, namely: 50 µm, 100 µm, 150 µm
and 200 µm. The measured B-scan are shown in figure 2.7(a). They found
(figure 2.7(b)) that the standard deviation of the evaluated µt increases with
decreasing sample thickness and that a too thin fitting region (50 µm) leads
to a wrong estimate of the attenuation coefficient. In order to overcome
this problem, we will attempt to gain quantitative information about thin
samples by studing the speckle distribution in thin regions selected in the
B-scans.
In fact, in section 2.3 speckle pattern has been described as the result
of the superposition of the waves backscattered from particles located
at different positions in the sample. Speckles are generally considered
as noise, since they reduce the quality of the acquired B-scans. However,
the physical origin of speckle effect suggests that it also carries information
about the sample. We will thus study the speckle distribution by analysing
the pixels intensity distribution, in a thin region of a B-scan, and evaluating
its statistical parameters (namely, the mean and the variance). We will
then check whether and how the mean and the variance are related to
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(a)

(b)

Figure 2.7: (a) OCT B-scan of a silicone elastomer sample with varying
thickness. (b) attenuation coeffcients µt and corresponding standard deviations of the intensity profiles in the A-lines indicated by arrows as
obtained from a fitting procedure based on equation 2.5
the physical properties of samples, which are described by the volume
concentration.
The two quantitative analyses described above seem very different,
since the first one measures a physical property of the sample, µt , while
the second one evaluates statistical parameters of the intensity distribution.
Nevertheless, both phenomena, the attenuation of ligth with depth and the
appearance of speckles, have the same physical origin, which is scattering.
The aim of this research work is thus to investigate if there is any correlation between the attenuation coefficient and the parameters of the speckle
distribution. In particular, a positive result would make speckles a good
candidate to estimate the attenuation coefficient in thin samples. Recalling that abnormal tissues, such as those affected by tumors, have different
attenuation coeffcients, with respect to the normal ones, and considering
that tumors often grow in thin layers, such a result would make OCT a
really powerful method to recognise tumors and deseases in-vivo and in
real-time without the need of punch biopsy and histology.
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Preliminary experiments
The objective of this thesis is to acquire and to analyse B-scans of Intralipid®
phantoms, at different concentrations, in order to look for a correlation between the attenuation coefficient and the speckle distribution parameters.
In this chapter the experimental setup employed to evaluate these parameters is described in details.
Particular attention wiil be devoted to the description of the procedures
followed for estimating the attenuation coefficient and the parameters of
the speckle distribution. In addition, we will describe the three free-space
sample arm configurations that have been designed, built and tested in
order to obtain the most suitable experimental conditions.

3.1

Biological tissues phantoms: Intralipid samples

Most of research on quantitative Optical Coherence Tomography aims
to biomedical applications, with particular attention to Oncology. For
this reason, the sample used in this research work is the Fresenius-Kabi
Intralipid® , which can be used to prepare inexpencive phantoms of both
healty and tumoral human tissues.
Intralipid is a fat emulsion made of soy bean oil, phospholipids, glycerin
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and water and it is commonly used for parenteral feeding. Hence, it
is relatively cheap and easy to find. This emulsion closely matches the
human tissues response to visible and infrared light as, in this wavelength
range, absorption is low and the refractive index is 1.335 [40], [41].
Tumor tissues have a different refractive index with respect to the healty
ones, due to a major number of nuclei, as discussed in section 2.1. Samples
with different concentrations have thus been prepared to simulate a tissue
made of an increasingly number of cells. All the samples have been diluted
with milliQ [D2 O] because it has negligible absorption at 1300 nm: its
absorption spectrum is similar to the one of normal water [H2 O], but is
shifted toward longer wavelengths. The dilution has thus no consequences
on the properties of Intralpid, except for lowering its concentration. In
particular, the phantom with 20 vol.% concentration has been diluted to
15 vol.%, then the 15 vol.% to 10 vol.% and so on, thus obtaining a set of
13 samples with 20 vol.%, 15 vol.%, 10 vol.%, 5 vol.%, 2.5 vol.%, 2 vol.%, 1.5
vol.%, 1.05 vol.%, 0.63 vol.%, 0.584 vol.%, 0.3 vol.%, 0.15 vol.% and 0.05 vol.%
concentrations.

Figure 3.1: Phantoms made of milliQ and Intralipid with concentrations
ranging from 0.05 vol.% to 20 vol.%

3.2

The OCT apparatus

Tomographic images of the described Intralipid samples have been acquired by using the Santec OCT system IVS-2000. This apparatus is made
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of four principal components, as shown in figure 3.2: the Swept-Source
(model LHS-2000) the Interferometer unit (model MZI-2000) an OCT probe
and a SS-OCT process unit.

Figure 3.2: Swept Source Optical Coherence Tomography Inner Vision
IVS-200.0 The four main components are shown: Swept-Source LHS-2000,
Interferometer unit MZI-2000, OCT probe and SS-OCT process unit on the
bottom
A scheme of the system configuration is represented in figure 3.3. As
shown in this block diagram, the output of the swept-source laser is partially (90%) driven in the interferometer unit while the other 10% is used
to trigger the data acquisition. The light entering the interferometer unit is
split in the two arms of a fiber-based Mach-Zehnder Interferometer (MZI).
The sample arm of the interferometer is connected, by a fiber coupler
(FC/APC), to a hand-held type probe which focuses the beam on the region of interest and can perform a 3-D scan of the sample through two
Galvano mirrors. The signal produced by the balanced detector in the
output of the MZI unit is processed by the high speed DAQ board.
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Figure 3.3: System configuration of Swept Source Optical Coherence Tomography Inner Vision IVS-2000. Five block can be distinguished: Sweptsource laser, hand-held probe, MZI unit, detector, data processing unit

3.2.1

Swept Source laser

As most swept-source lasers, the HSL-2000 is a semiconductor laser with
a high-speed wavelength scanning filter, based on a scanner mirror and a
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diffraction grating [42].
Current swept source lasers are based on the Fourier Domain Mode
Locking (FDML) technique, as developed by R. Huber [43]. FDML allows
to obtain sequential frequency sweeps through a periodic spectral modulation, as opposed to the amplitude modulation typical of conventional
mode locking.
As shown in figure 3.4(a), FDML consists of an extended ring cavity
with a semiconductor optical amplifier (SOA), as gain medium, and a fiberbased Fabry-Perot optical bandpass tunable filter (FFP-TF). The optical
bandpass filter is driven synchronously with the optical round-trip time of
the propagating wave in the cavity. In this way, light from one frequency
sweep propagates through the cavity and reaches the filter at the exact
moment in which the transmission of the filter is centered at the same
spectral position. The application of such a spectral window function
(i. e. a time-dependent wavelength window) generates a sequence of
narrowband optical frequency sweeps either at the cavity repetition rate
or at one of its harmonics. The laser output is thus a train of frequency
sweeps. From this point of view, FDMD represents the Fourier domain
analog of mode locking for short-pulse generation [43].
Laser tuning in the HSL-2000 is achieved by using, rather than the fiber
based Fabry-Perot, a reflection type filter composed of a diffraction grating,
an afocal telescope and a polygonal mirror scanner [12]. The advantage of
this filter, with respect to the FFP-TF, is a significant improvement in the
sweeping frequency: the wavelength range is scanned at 20 kHz, an order
of magnitude faster than the one achieved with the FFP-TF1 (1 kHz).
As shown in figure3.5, the output of the fiber-optic collimator hits a
double pass grating filter and is dispersed on the telescope, made of two
lenses in an infinite-conjugate configuration. The grating is at the focal
1
More recently an improved sweeping technique has been developed: a microelectromechanical system (MEMS), equipped with a mirror, is used to sweep the wavelength
range at really high frequencies. For example, Santec’s HSL-20 operates at rates up to
100kHz.
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(a)

(b)

Figure 3.4: (a) Schematic diagram of the setup for Fourier Domain Mode
Locking. See text for details. (b) Schematic diagram of HSL-2000. The
scheme is the same as in figure 3.4(a), except for a polygon mirror scanning
filter (details in figure 3.5), replacing the FFP-TF

plane of the first lens while the polygon spin axis is at the focal plane of
the second one. Hence, the diverging angular dispersion from the grating
is transformed in a converging dispersion on the front mirror facets of the
polygon. The polygon reflects back to the grating and, then, in the ring
cavity, only the spectral components in a narrow band and sweeps the
46

Preliminary experiments
frequency range, in time, while rotating. Both the beam incidence angle
and the mirror rotation direction determine the direction of the wavelength
tuning .

Figure 3.5: Schematic diagram of the high-speed wavelength scanning.
The polygonal mirror sweeps the wavelength range while rotating
The presence of two polarization controllers in the ring cavity is due to
the dependence of both the grating transmittance and the SOA gain on the
polarization of the incidence wave.
The Swept Source laser HSL-2000 enables an axial resolution and a
depth range, as defined in section 1.4, of 7 µm and 10 mm, respectively.
The central emission wavelength of the HSL-2000 is 1310±10 nm, in line
with the requirements described in section 1.4. A 110 nm wavelength range
is linearly scanned at a frequency of 20 kHz. The sampled output spectrum
is shown in figure 3.6. The spectral optical power is approximately the
same for each narrow spectral band, as assumed in the expression of the
signal power of equation 1.25.

3.2.2

Mach-Zehnder Interferometer

Light entering the interferometer unit is split in the two arms of the MachZehnder Interferometer by a 1x2 unbalanced coupler whose ratio, 30:70,
is chosen to optimize the signal to noise ratio (SNR), by directing most of
the light to the sample. In fact, it has been proven [11] that the choice of
47

The OCT apparatus

Figure 3.6: HSL-2000 output spectrum. dBm is the dB relative to a reference
power of 1mW. The white arrow specifies the tuning direction.

such splitting ratio, togheter with the Mach-Zehnder configuration, improves the sensitivity of the OCT system. This can clearly be seen in figure
3.7, where the SNR for a Mach-Zehnder and a Michelson interferometer
(MI) is plotted as a function of the splitting ratio; to obtain this plots,
reasonable parameters for a state of the art high-speed OCT system have
been assumed [11]. There is an evident improvement of the SNR in the
MZI, whose maximum SNR exceeds the one of a MI by 8 dB. In figure 3.7
the optimum splitting ratio is about 0.2 (20:80). However this result may
change depending on the properties of the optical source, photodetectors
and reference arm.

Figure 3.7: SNR as a function of the splitting ratio α for a Mach-Zehnder
Interferometer (Ai) and a Michelson Interferometer (Standard)
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Optical circulators are used to transmit light toward both the reference
mirror and the sample. A circulator is a one-directional, three-port device
in which the signal entering one port is transmitted only to the next port,
in rotation. For example, referring to figure 3.3, light from the polarization
controller is transmitted in the sample arm; the beam backscattered by the
sample is transmitted to the 50:50 coupler but it does not travel back to the
source.
A system of two lenses is used to focus the reference beam on the
reference mirror, which can be moved togheter with the second collimation
lens, thus implementing an optical delay line in free space. The delay line
can be used to adjust the delay in a range of about 30 mm. Between the
two lenses a neutral density (ND) filter is placed, in order to attenuate
light and improve the SNR. The plot in figure 3.8, obtained with the same
parameters used in figure 3.7, shows that maximizing the SNR requires low
reference-arm reflectivity Rr [44]. Considering that the reference power is
Pr = P0 Rr /4, with P0 the power hitting the reference mirror, a way to
increase the SNR is to attenuate the reference arm intensity, by a filter.

Figure 3.8: SNR as a function of the reference-arm reflectivity
The beam in the sample arm is focused and scanned on the region of
interest by means of a hand-held probe, which is connected to the interferometer unit by a fiber-optic coupler for angled physical contact (FC/APC).
Light backscattered from the sample recombines with the reference beam
through a 2x2 balanced (i. e. 50:50) coupler and the two output signals are
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guided toward the detector.
Fiber propagation is always affected by Polarization Mode Dispersion
(PMD). Slight variations in either refractive indexes or fiber cross-section
ellipticity give rise to birefringence in the fiber, which causes a difference in
the propagation velocity of any two orthogonally polarized components of
the pulse travelling in the fiber. Therefore, the pulse undergos a Differential
Group Delay which corresponds to a PMD that increases linearly with the
fiber length [45]. In order to compensate for the PMD of the whole system,
fiber polarization controller are applied in both reference and sample arm.
Detector
The MZI unit employs a detector composed of a dual balanced photoreceiver (New Focus-1817) and an anti-alias filter.
Balanced configuration is always used in OCT systems because it allows to eliminate some noise components2 such as the background noise
due to the laser source fluctuations and the non-interferometric (DC) and
autocorrelation terms in equation 1.23.
Light coming from the output 50:50 coupler (figure 3.3) is sent to two
well-matched InGaAs photodetectors whose photocurrents are then subtracted by a differential amplifier. Any common mode noise that is present
on both the reference and the signal beams is thus canceled. Ideally, the
signal exiting the balanced photoreceiver should only be composed of the
amplified unbalance between the photocurrents generated by the reference
and signal photodetectors.
In practice, the differential input stage of any operational amplifier
tends to amplify also part of the DC-component signals [47]. The output
voltage is thus expressed as a function of both the differential gain Ad and
2
Actually, an unbalanced configuration is quite attractive in terms of both costs and
performances, but it imposes low detection bandwidths and low scanning speeds. This
is absolutely incompatible with the specifications currently imposed to OCT systems for
biomedical application. More details about balanced and unbalanced detection can be
found in Podoleanu paper[46].
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the common-mode gain Ac :
vout = Ad vd + Ac vc

(3.1)

vd being the differential signal and vc the mean value of the input signals.
It is useful to introduce a parameter that quantifies the ability of an
operational amplifier to reject the common signal. The common-mode
rejection ratio, defined as:
CMRR = 20log10

Ad
Ac

(3.2)

The New Focus-1817 Balanced Photoreceiver has a CMRR of 25 dB.
In addition to the background, DC and autocorrelation terms, which
have been described in section 1.3, there is another kind of noise affecting
the OCT signal, namely aliasing. For this reason, an Anti-Alias filter is
mounted by a SubMiniature version A (SMA) connector after the balanced
photodetector. It consists of a low pass filter aimed at mitigating the
effect of the aliasing of low and high frequency signals, which appear as a
consequence of the discrete sampling of the continuous OCT signal.

3.2.3

Probe arm

A FC/APC couples the interferometer unit to the hand-held probe, as
shown in figure 3.3. Here, the configuration is in free space: light exiting the fiber is collimated by a lens (focal length= 6.7 mm) toward a couple
of Galvano mirrors; the reflected beam is then focused on the sample by a
60 mm focal length objective lens.
The Galvano mirrors enable to scan the sample surface in two directions,
x and y, thus allowing to obtain a 3-Dimensional image (a C-scan) of the
object, while, when one scanner is fixed, a 2-D B-scan is obtained. Each
galvano mirror consists of a mirror connected to a supporting frame by
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Figure 3.9: Drawing of a Galvano mirror, as described in the text

torsion bars, as shown in figure 3.9. The frame is fixed on a substrate while
the mirror is suspended above it, as shown in figure 3.9. Two couples of
electrodes are deposited on the substrate and on the mirror bottom surface.
When a voltage is applied between these electrodes, the mirror rotates
around the connecting bars. The scanning in the x and the y direction is
controlled by a syncronized control circuit.
The lateral resolution δx of an OCT system depends on the focusing
optics in the sample arm: if λ0 is the central wavelength of the radiation
and d its spot size on the sample, δx is given by:

δx =

4λ0 f
2λ0 1
=
π d
π NA

(3.3)

where f is the focal length of the objective lens. The numerical aperture
(NA = d/2 f ) of the optical system is a parameter that quantify the angular
aperture subtended by the objective. The higher the NA, the higher the
lateral resolution. On the other hand, a high NA compromises the depth
of focus (DOF); therefore, using a low NA lens with a modest lateral
resolution is often preferable. The IVS-2000 has a lateral resolution less
than 37 µm.
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3.2.4

DAQ Board and PC Data Processing

The low pass filtered signal from the detector is first digitalized in wavelength scale and then analyzed in the Fourier domain by a high speed DAQ
Board and a PC.

Figure 3.10: Flow chart of the OCT signal processing
In figure 3.10 it is reported a flow chart explaining the main steps of the
OCT signal processing. When the entire wavelength range is swept, an
A-scan is produced. A portion (10%) of the source signal is used to trigger
the data acquisition. Data are sampled so that each A-line contains 2048
points in depth. The Galvano mirror in the probe is rotated in order to
obtain a cross-sectional image, or frame, every 500 A-scan. Since the A-line
rate is 20 kHz, the image acquisition rate is 40 frames per second. When
a complete B-scan is acquired, this 500 raw data set is transfered from
the DAQ Board to the PC. Here Fast Fourier Transform (FFT) algorithm, is
used to compute the discrete Fourier transform of the sampled OCT signal,
in order to transform the “wavelength information” into “spatial depth
information”. On the display of the PC a grey scale image is visualized,
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each shade corresponding to a backscattered light intensity range.

3.3

Data analysis procedures

The morphological information about Intralipid samples can be deduced
from the OCT images acquired with the Santec IVS-2000 described in section 3.2; in addition, their physical properties can be estimated by evaluating both the attenuation coefficient and the parameters of the speckle
distribution, as discussed in section 2.4. In the next subsections, the data
analysis procedures to extract these values will be decribed. All the algorithms used to analyse the B-scans are written in LabVIEW.

3.3.1

Measuring the attenuation coefficient

As discussed in section 2.2, the attenuation coefficient is responsible for the
exponential decay of the OCT signal in depth and its value is characteristic
of the sample. As explained below, this coefficient can be extracted from
the acquired OCT data by an algorithm that uses the Lambert-Beer law to
fit the experimental data in a selected region of interest (ROI) within the
acquired image.
An example is shown in figure 3.11, where the red cursors are used
to select the region of interest (indicated by the shaded area) in the twodimensional B-scan, namely a series of multiple A-scans (one-dimensional,
along the z direction) performed at different positions in the x direction.
Figure 3.12 shows the main steps of the procedure followed to extract
the value of the attenuation coefficient from the experimental data in the
selected region of interest of figure 3.11. The region of interest can be seen
as a matrix of nxm pixels. The signal coming from the m A-lines in the ROI
is averaged and the average A-line, representing the average OCT signal
intensity as a function of depth, is plotted in blue. The two red vertical
lines are equivalent to the two horizontal cursors in the B-scan and select
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Figure 3.11: B-scan, as obtained by multiple A-scans in x direction. The
shaded area represents the ROI selected by the cursors

Figure 3.12: Average A-line, related to the ROI in figure 3.11 (blue curve)
with fitting curve (red curve), table of fitting parameters (top right) and
histogram of residuals (bottom right)
the fitting region.
The model used to analyse the acquired OCT data assumes single
backscattering from the sample, as discussed in section 2.2.1; hence, the
fitting curve has a Lambert-Beer expression:
y = Ae−µt z + y0

(3.4)
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where A is an amplitude scaling factor, µt is the attenuation coefficient and
y0 is an offset, describing the average noise level of the OCT signal, that
should be the same in different measurements. In figure 3.12 the fitting
curve is plotted in red and the three fitting parameters are shown in the
table in the top right corner. The corresponding histogram of residuals, as
reported in the right-hand panel of figure 3.12, is a Gaussian distribution,
indicating that the difference between the experimental and the fitting
values is only due to random fluctuations and no systematic error occurs.

Figure 3.13: Fitting curves with fixed (top) and varying (bottom) offset
values
During the fitting procedure, A and µt are always left as free running
parameters, while y0 is a fixed parameter only when the signal to noise
ratio (S/N) is high. In fact, if the signal to noise ratio is high, the noise can
be assumed to be constant in depth; in this case y0 can be evaluated as
the mean signal in a region outside the ROI, such as the one bounded by
the two grey cursors in figure 3.12, labeled as noise. On the other hand, if
the signal coming from the sample is low, the noise cannot be averaged in
depth and the sensitivity roll-off, as discussed in section 1.3.1, needs to be
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taken into account. In this case, the offset y0 should be left as free running
parameter. The average A-lines reported in figure 3.13 are an example of
low OCT signal coming from the sample: it can be observed that the result
of the fitting procedure with fixed offset (top) is not as good as the one
obtained with a free running offset (bottom). In fact, as shown in the tables
of figure 3.13, the mean noise is greater than the fitting offset value, thus
forcing the fitting curve evaluated with fixed offset both to decrease faster
and to deviate from the eperimental curve?? more than the one evaluated
with free running offset. Therefore, the attenuation coefficient and the
corresponding standard deviation of the first fit (top) result to be higher
than the ones of the second fit (bottom).

3.3.2

Characterizing the speckle distribution

The B-scans acquired with the OCT system have a granular appearance
made of a multitude of bright and dark spots, known as speckle pattern;
this is characteristic of coherent light scattered by rough surfaces, as discussed in section 2.3.

Figure 3.14: B-scan, as obtained by multiple A-scans in x direction. The
shaded area represents the (thin) ROI selected by the cursors
Similar to procedure for evaluating the attenuation coefficient, as de57
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Figure 3.15: Histogram of the OCT signal intensity in the ROI selected in
figure 3.14. The mean and variance are shown in the table
scribed in section 3.3.1, the first step for evaluating the statistical distribution of the speckle pattern is the selection of a region of interest in the
acquired B-scan. The one-dimensional scattering model suggests to select
a ROI as thin as possible, within the limits of the axial resolution of the
system.
The intensities of the OCT signal in the pixels of the selected ROI are
then used to build a histogram, as the one shown in figure 3.15. In order to
avoid making any a priori assumption about the form of this distribution,
both the mean and the variance of the speckle distribution are evaluated
arithmetically from the experimental data.

3.4

Toward the most suitable sample arm

In the standard free-space sample arm configuration, Intralipid is placed in
a Glass Beaker and measurements are made from the Side (GBS configuration). This setup allows to set the sample in the focus of the probe objective
lens and to easily prevent normal incidence of the laser beam on the beaker
surface, which causes artifacts in the B-scans due to backreflections.
The analysis of the B-scans acquired with the GBS configuration shows
two main drawbacks. Since the beaker is not fixed, the B-scans can result
not aligned with each others, thus making it difficult to compare the results
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of different scans. The second problem is the curvature of the beaker edge,
which imposes a straightening of the experimental data before using the
procedures described in section 3.3, thus increasing the error on both the
attenuation coefficient and the speckle distribution parameters. For this
reasons, a new free-space sample arm configuration has been designed
and tested: Intralipid is placed in a Petri dish, a Glass Plate floats on it
and the measurements are made from Above (GPA configuration). This
configuration has the same advantages of the prevoius one but, in addition,
it naturally avoids the problem of analysing samples with curved edges.
On the other hand, different B-scans are still not aligned with eachother?
and, most important, noise is higher than in the OCT signal acquired with
the GBS configuration; this is likely due to illumination in the laboratory.
As a consequence, when implementing the procedure described in section
3.3.1 the attenuation coefficient is better evaluated by fixing offset, in case
of Intralipid at high concentration, and by leaving it as a free running
parameter, in case of Intralipid at low concentration.

However, the results obtained by these two different procedures (fixed
and free running parameter) cannot be compared. Therefore, the GPA configuration has been rejected and a new one has been designed and tested,
in order to build the most suitable free-space sample arm. The Intralipid
receptacle is now a Plastic Cuvette and measurements are made from the
Side (PCS configuration). This configuration combines the advantages of
both GBS and GPA configurations: the sample can be placed in the focus of
the probe objective lens, the laser beam does not hit the sample normally,
the signal to noise ratio is high and the edge is straight. Moreover, the
cuvette is fixed on the setup basis, thus allowing to acquire B-scans always
aligned with each other.

In the next subsections the three configurations just presented will be
described in details.
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3.4.1

Glass Beaker receptacle for measurements from the
Side

A picture of the free-space sample arm in the GBS configuration is shown
in figure 3.16. Eight post bases are fixed on a Thorlabs breadbord in order
to fix the hand-held probe. The probe is then placed on four flat-head
screws, set on the breadboard, whose high can be differently regulated. In
this way, the laser beam exiting the probe does not hit the beaker surface
normally. This expedient avoids backscattered ligth to return in the MZI,
thus producing artifacts in the OCT images due to detector saturation.

Figure 3.16: Picture of the external sample arm in the GBS configuration
The Intralipid® receptacle is a glass Schott Duran beaker, placed on
a translation and a rotation stage, that can be adjusted in order to, respectively, set the sample in the focus of the objective lens and choose
the best beaker surface area to scan. The B-scan xz plane is parallel to
the breadboard (if the angle obtained with the screws is neglected) and
measurements are made from the side of the beaker.
Sections similar to the one in figure 3.17 are obtained. Here, the main
components of the sample can be distinguished: the outer (OS) and inner
(IS) surfaces of the beaker and the Intralipid (I). Glass is transparent to the
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wavelengths used in the Santec and, as a consequence, the only OCT signal
coming from the beaker is the one due to the reflection at the two surfaces,
while the space in between does not produce any scattering.

Figure 3.17: B-scan acquired with the configuration in figure 3.16. The
main parts of the sample are shown: the outer surface of the beaker OS,
the inner surface of the beaker IS, Intralipid I. Four artifacts affect the
image: reference arm autocorrelation RAA, double reflection DR, complex
conjugate CC and detector saturation DS
As indicated in figure 3.17, the B-scan is affected by the artifacts analysed in section 1.3. In the top of the B-scan the bright horizontal line is
caused by the reference arm autocorrelation (RAA, the DC term in the
signal equation). The outer beaker surface (OS) is represented by two
distinct arcs, rather than one, due to an error in the descrete signal sampling. Moreover, the two curves have downwards concavity, rather than
upwards like the one corresponding to the inner surface, because the outer
surface is placed before the zero-delay point (complex-conjugate artifact,
CC). Finally, a slight detector saturation originates some streaked A-lines
in the lefthand side of the image (DS). The angle created by means of the
screws allows to almost completely eliminate this artifact.
The GBS configuration is suitable for temperature-dependent measurements, because the beaker could be heated by an oven (or a heater) and,
subsequently, set back in its place on the breadboard. Hence, this configu61
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ration is suitable to make standard measurements on Intralipid phantoms
and is versatile enough to upgrade the research project.
Nevertheless, GBS configuration shows two main drawbacks from the
point of view of data analysis: the disalignment of the B-scans and the
curved edge of the beaker.
As described, the beaker is not fixed and, hence, its position can change
during the repeated measurements of the same sample; in addition, each
time the sample is changed, the beaker is taken away from the setup,
emptied and filled with the new sample. Therefore, the acquired B-scans
are, in any case, not aligned with each others.
The study of both the attenuation coefficient and the speckle distribution requires the analysis of many B-scans of the same sample and the
comparison of the results obtained from different samples. Since the OCT
signal is affected by a sensitivity roll-off (as discussed in section 1.3.1), even
if the sample is supposed to be homogeneous, it is necessary to analyse
the OCT signal coming from a region of interest always located at the
same depth and having the same dimensions. Hence, it is necessary that
the acquired B-scans are aligned. Otherwise, pre-processing of the data is
required: the intensity roll-off is evaluated by analysing the exponential
decay of the signal coming from the background and then used to rescale
the signal in the B-scans, pixel by pixel, in order to compare "normalized"
B-scans.
The second problem that affects the GBS configuration is the curvature
of the receptacle. As described in section 3.3.1, the attenuation coefficient is
evaluated by fitting the average A-scan corresponding to a selected region
of interest (a matrix of nxm pixels); therefore, it is indispensable that the m
A-lines are at the same depth in the sample. The algorithm requires to prestraighten the image, select the ROI and follow the procedure described
in section 3.3.1. The same process (straighten and follow the procedure
of section 3.3.2) is needed in the analysis of the speckle distribution, since
the goal is to evaluate the parameters of the histogram of the intensities
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coming from a layer at a certain depth in the sample.

Figure 3.18: Example of a B-scan after the straightening procedure
The straightening is implemented in a LabVIEW program whose main
steps are the detection of edge and the straightening. The edge is detected
by finding the higher intensity pixel in each A-line. Subsequently, this
curved edge is straightened by shifting the pixels in each A-line in order
to set the higher intensity pixels all at the same depth. Obviously, the
higher intensity pixel recognition is affected by an error, which leads to
results similar to the one shown in figure 3.18, where the straightening is
not pefect and it is possible that a selected ROI contains A-lines coming
from different depths in the sample.

3.4.2

Glass Plate surface for measurements from Above

A second external sample arm configuration has been proposed, in order
to partially solve the problems that affect the GBS configuration.
The difficulty in straightening the edge of the Intralipid in the acquired
B-scans suggests to change both the receptacle and the way the measurements are done. In this new configuration Intralipid is contained in a Petri
dish and a Menzel-Gläser glass plate floats on it. The hand-held probe is
fixed to a Santec microscope-like support by means of a screw, which can
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Figure 3.19: Picture of the external sample arm in the GPA configuration
be adjusted in order to avoid the artifacts caused by the detector saturation, like in the GBS configuration. As shown in figure 3.19, measurements
are made from above, justifying the acronimus GPA (Glass Plate surface
for measurements from Above). The probe support can be shifted up and
down, replacing the translation stage in the GBS configuration. The B-scan
xz plane is hortogonal to the sample holder basis.
In figure 3.20 an example of B-scan acquired with the GPA configuration
is shown. The upper surface of the plate is exactly at the zero-delay position
and the bright line at 0.1 mm in depth corresponds to the lower plate
surface.
The Intralipid is in the focus of the hand-held probe objective lens and
its edge is perfectly straighten and parallel to the horizontal cursors, represented by the red lines in the figure. Therefore, this configuration seems to
be more appropriate than the GBS, as it avoids the curved edge problem.
Moreover, since the plate is thinner than the beaker, the artifact caused by
elements of the sample placed before the zero-delay point is eliminated
and the artifact caused by the reference arm autocorrelation can be made
to overlap with the signal coming from the upper plate surface. This
configuration is also appropriate to make both temperature-dependent
64

Preliminary experiments

Figure 3.20: B-scan acquired with the configuration in figure 3.19.
measurements, like the GBS, and common-path OCT3 .
The GPA configuration has two drawbacks: the acquired B-scans are
not aligned and measurements made from above show high noise.
The microscope-like support guarantees that B-scans of the same sample are aligned but the B-scans of different samples are disaligned. Indeed,
each time the sample is changed, the new Intralipid is poured in the dish
and the glass plate is placed on it. Therefore, the distance between the
liquid and the zero-delay position changes every time.
In these measurements a set of samples of Intralipid at different concentrations is analysed. Since noise is high, as explained in section 3.3.2, the
procedure followed to evaluate the attenuation coefficent of low concentration samples is different from the one followed for high concentration
samples. As a consequence, the results are not comparable and the goal of
this thesis cannot be reached.
In summary, the GPA configuration is more advantageous than the
GBS, although there are both alignement and noise problems that make
the analysis difficult and the results incomparable.
3
Common path OCT is based on a common path interferometer, rather than a MachZehnder interferometer; here, the glass plate surface plays the role of the reference mirror
in the MZI.
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3.4.3

Plastic Cuvette for measurements from the Side

The observations about the GBS and GPA configurations lead to design
a setup solving the drawbacks of the previous configurations, while preserving their advantages.

Figure 3.21: Picture of the external sample arm in the PCS configuration
Since the signal to noise ratio has been found to be lower when measurements are done from the side rather than from above, in the new setup
the probe is set on the four screws on the breadboard and the sample is
placed on the rotation and translation stage, like in the GBS configuration,
as shown in figure 3.21. The need for a flat surface, like in the GPA configuration, suggests to use a plastic Sarstedt plastic cuvette as Intralipid
receptacle. This new configuration has the acronimus PCS: Plastic Cuvette
for measurements from Side.
The setup design also allows to acquire aligned B-scans, thus overcoming a common drawback of both the GBS and the GPA configuration. In
fact, the cuvette is well fixed to the rotation stage, as shown in figure 3.21; a
siringe needle is hold by a post, fixed on the breadboard, and threaded in a
latex tube, whose end is fixed inside the cuvette. In this way, the Intralipid
is both injected and sucked from the cuvette by using a siringe and the
receptacle remains always in the same position.
66

Preliminary experiments
PCS configuration cannot be used neither for temperature-dependent
measurements, since we have lacking control on the temperature, nor for
common-path OCT, since the plastic reflectivity at the working wavelength
is not high enough. However, this setup is the most suitable to measure the
attenuation coefficient and to study the speckle distribution in Intralipid
phantoms at different concentrations, in standard conditions, which are
the aims of this research work.
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Toward OCT for thin tissues
imaging

In section 3.1 we described the preparation of 13 Intralipid samples at
different volume concentration, which represent phantoms of biological
tissues made of an increasingly number of cells. For each phantom, 20 Bscans have been acquired, at room temperature, in two different conditions:
when the Intralipid was just injected in the cuvette and 10 minutes after the
injection. The B-scans are 15mm wide, in the x direction, and the number
of A-lines has been set at 400, so that the pixel size in the x direction
is 37µm, which matches the lateral resolution of the Santec OCT system.
Measurements are made in the most suitable PCS configuration for the
reasons discussed in section 3.4.3.
The attenuation coefficient and the parameters of the speckle distribution for each sample have been obtained by applying to each B-scan the
procedures described in sections 3.3.1 and 3.3.2. The data analysis and the
results are described in the next sections.
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4.1

Protocols for the selection of the region of
interest

In order to make a meaningful comparison of both the results obtained
from different measurements of the same sample and from measurements
of distinct samples, it is indispensable to follow the same procedure for
each B-scan. In this respect, the correct selection of the region of interest
(ROI), whose position and dimensions must be kept fixed during the whole
analysis, is essential.
The red rectangle in the B-scan of figure 4.1 shows the region of interest
used for measuring the attenuation coefficient µt . The width of this ROI
(ROIµt ) is 1.987mm, which is a standard dimension in the analysis of tissues
affected by, for example, first stages Vulvar Intraepithelial Neoplasia (VIN).

Figure 4.1: The red rectangle represents the region of interest selected for
measuring the attenuation coefficient
Based on the chosen resolution, ROIµt contains 53 A-lines, whose average is used to evaluate the attenuation coefficient by following the procedure described in section 3.3.1. The position and the depth of the ROIµt
have been chosen taking into account the features of the average A-lines of
each sample, one of which is shown in figure 4.2. Here, it can be seen that
the reflection on the internal surface of the cuvette causes a high intensity
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peak in the OCT intensity, while the signal coming from the Intralipid has
some fluctuations before the exponential decay. The range of these fluctuations varies with the concentration, hence, after a qualitative analysis of
all data, the region of interest has been selected at 83µm below the edge of
the internal surface of the cuvette, in order to cut off both the peak and the
fluctuations in all the average A-scans acquired with the 13 samples.

Figure 4.2: Exampe of average A-scan. The reflection on the internal
surface of the cuvette causes a high intensity peak in the OCT signal.
After some fluctuations, the signal coming from the Intralipid descreases
exponentially
Attenuation in the high concentration samples is greater than in the
low concentration ones, thus causing a fast decrease of the intensity signal,
which reaches the noise level in less than 1mm. For this reason, the depth
of ROIµt has been chosen to be 605µm: a good compromise for measuring
the signal not drowned in the noise, in high concentration samples, while
still seeing a substantial attenuation, in low concentration samples.
The properties of the region of interest chosen to evaluate the speckle
distribution parameters are different from the ones just described (ROIµt ),
as shown in figure 4.3, where ROIspeckle is represented by the blue shaded
rectangle.
In this case, the ROI (ROIspeckle ) has been chosen at the same depth
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Figure 4.3: The blue rectangle represents the region of interest selected for
measuring the parameters of the speckle distribution
of ROIµt , namely at 83µm below the edge of the internal surface of the
cuvette. The model desccribed in section 2.2.1 assumes that the detected
light is scattered only once from the sample particles at a certain depth;
hence, the aim here is to analyse the signal coming from a “single layer ”
of the sample. For this reason, the ROIspeckle needs to be as thin as possible.
On the other hand, the number of pixels in the ROI needs to be high
enough to apply the statistical analysis described in section 3.3.2. As a
good compromise, ROIspeckle is chosen to be 21µm deep. The requirement
of many pixels also led to select the ROIspeckle width as large as possible; so
we chose it to be 6.975mm.

4.2

Thick ROI: attenuation coefficient measurements

In this first quantitative data analysis we characterize our samples by
evaluating their attenuation coefficient. In fact, as discussed in section
2.2, the different volume concentration of the phantoms causes a specific
variation in their refractive index of the Intralipid and, cosequently, in
their attenuation coefficient. Here we describe the procedure followed to
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measure this paramenter.
For each phantom, 20 OCT measurements have been performed. The
attenuation coefficient, for each of these repeated measurements, has been
evaluated by applying the procedure described in section 3.3.1: an average
A-line, as obtained by averaging m A-lines in a region of interest, is fitted
with an exponential curve, according to the Lambert-Beer law, whose
exponent measures the attenuation coefficient; in particular, the region
of interest of the B-scans has been selected as explained in section 4.1.
Afterwards, the mean attenuation coefficient, µt , of each specific sample
has been obtained as the average of these 20 values, with an error given by
the standard deviation. Finally, the obtained attenuation coefficients have
been corrected by subtracting the background. The results are plotted in
the graph of figure 4.4, as a function of the volume concentration.

Figure 4.4: Attenuation coefficient as a function of the volume % concentration of the Intralipid phantoms, measured with our SS-OCT system
(blue rhombi and red squares) and, by Kalkman et al. [48], with a SD-OCT
system (green circles)
The red squares represent the results obtained in the condition of In73
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tralipid just injected in the cuvette, while the blue rhombi correspond to
the case of Intralipid injected 10 minutes before the measurements. It can
be observed that there are no significant differences between these two sets
of measurements, since the values are always within the error bars and the
curve trend is the same. This means that a variation in the cahotic motion
of the fluid does not affect the attenuation of the signal in depth.
We found that the OCT signal attenuation increases with the volume
concentration of the particles in the sample, as expected by the theory of
the backscattering illustrated in section 2.2. In particular, the attenuation
coefficient of the more diluted samples increases linearly with the concentration. However, for values greater than 5 vol.%, there is a deviation from
the linear trend and the µt saturates at about 5.6 mm−1 for 15 vol. %. This
non-linearity can be attributed to the multiple scattering, as described in
section 2.2: the close packing of the particles influences the scattering cross
section and, as a consequence, the independent scattering assumption is
not fullfilled and multiple backscattering is more probable.
Our observations on the trend of the attenuation coefficient completely
agree with the studies made by Zaccanti et al. on Intralipid samples by
using transmissometric measurements [28]. Moreover, in figure 4.4 our
results are compared with the measurements made by Kalkman et al.
[48] with a Specral-Domain OCT system, represented by the green circles.
There is a good agreement between the two data sets, both in terms of
trend and in terms of numerical values. The main causes of differences
can essentially be attributed to errors both in the nominal concentration of
the phantoms and in the data correction, with an uncorrected evaluation
of the background.
From our results it follows that, in samples with concentrations up to
5-10 vol.%, the measurement of the attenuation coefficient can give specific
information about its concentration; in particular, a measurement of a
variation in the attenuation coefficient of a sample indicates a variation
in its internal structure. The medical application of OCT imaging for
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diagnostic purposes is thus straightforward: the attenuation coefficient
measured thick ROIs chosen in different regions of the B-scan of a suspected
tumoral tissue can lead to distinguish healty regions from cancer regions
in the tissue.

4.3

Thin ROI: characterization of the speckle distribution

Up to now we have showen that the bio-physical properties of a sample
can be deduced by studying the exponential decay of the OCT signal in
an A-line. In this section we make a different quantitative analysis of
the OCT images, by focusing the attention on the statistical properties of
the acquired B-scans. The speckle distribution in a thin region of interest
is studied and the variation of both the mean and the variance of this
distribution with the sample volume concentration is investigated.
The region of interest selected as described in section 4.1 conteins 566
pixels. For each of the 20 B-scans acquired with each one of the 13 samples, the intensity distribution in the ROIspeckle has been represented as a
histogram of the pixels intensity, as described in section 3.3.2. An example
of speckle distribution is shown in figure 4.5, where the pixels intensity of
a B-scan of an Intralipid sample at 10% volume concentration is plotted in
a histogram.
In a first analysis, the mean and the variance of each histogram have been
evaluated, respectively, as the arithmetic average of the intensity and its
second central moment. At a later stage, for each phantom, the average
of the mean and its standard error have been calculated by applying the
central limit theorem to the obtained mean values. The same procedure
has been followed to estimate the average variance of the distribution and
its standard error. Also in this case, the resulting mean values have been
corrected by subtracting the background.
The average mean and average variance are plotted, respectively, in
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Figure 4.5: pixels intensity histogram, for Intralipid at 10 % volume concentration, and Rayleigh distribution fitting

figures 4.6 and 4.7, as a function of the volume % concentration, both in
the condition of Intralipid just injected in the cuvette (reed squares) and 10
minutes after the injection (blue circles).
It can be observed that both the mean and the variance show a linear
trend with the volume concentration at low concentration values, while
the trends become non linear at higher concentration values. The increase
of the mean with the concentration can be explained considering that the
higher is the concentration, the more the light is backscattered, resulting
in a greater average intensity. Similarly, the cause of the increase in the
variance can be sought in the fact that, according to the theory (section
2.3), light is randomly backscattered by particles in the sample and the
total field is the sum of these waves. Again, the more important is the
scattering, the more the intensity distribution spreads.
Finally, the deviation of both mean and variance from the linear trend
is expected to be due to multiple scattering from particles.
These statistical analysis has been done without making any supposition on the particular shape of the speckle distribution; mean and variance
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Figure 4.6: corrected average mean of the speckle distribution as a function
of the volume concentration, in the case of Intralipid just injected (red
squares) and injected since 10 minutes (blue circles)

Figure 4.7: average variance of the speckle distribution as a function of the
volume concentration, in the case of Intralipid just injected (red squares)
and injected since 10 minutes (blue circles)
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have been estimated just as parameters of the histograms. On the other
hand, the random phasors model introduced in section 2.3 has led to
conclude that the measured intensity signal is expected to be Rayleigh
distributed. A first check has been done by fitting the envelope of the
histograms with a Rayleigh probability density function. An example is
shown in figure 4.5, where the fitting curve closely matches the experimental data, as proved by the low value of the reduced χ2 , namely 1.43x10−5 .
Another approachfor checking the correctness of this conclusion is to exploit a typical property of the Rayleigh distribution: its mean and variance
are correlated; in particular, from expressions 2.14, it is obtained that:
σ2
2

|i|

=

4−π
' 0.273
π

(4.1)

In figure 4.8, the variance values are represented as a function of the
squared mean values. It can be observed that the two speckle parameters are linearly correlated, with a coefficient of determination R2 of 0.999,
for both datasets, corresponding to Intralipid just injected and injected 10
minutes before the measurements. Moreover, the slope of the linear fitting
curve is 0.284, matching the theoretical value of the ratio in equation 4.1
within the experimental error, which is estimated to be 0.012. Thus, it is
experimentally confirmed that the measured speckle pattern is Rayleigh
distributed and that the random phasors model describes our system correctly.

4.4

Search for a correlation between attenuation
coefficient and speckle parameters

In sections 4.2 and 4.3 two different ways of quantitatively measuring an
OCT B-scan have been presented. In the first one, a fitting procedure
allows to obtain information about the internal structure of a sample, by
78

Toward OCT for thin tissues imaging

Figure 4.8: average variance against squared average mean of the speckle
distribution in Intralipid at different concentrations just injected (red
squares) and injected since 10 minutes (blue circles)

studying the attenuation of the OCT signal in a thick region of interest.
It has been found that the attenuation coefficient µt increases with the
volume concentration of the samples, showing a linear dependence for
more diluted phantoms and a strong deviation from this trend at higher
concentrations. In the second case, the statistical parameters of the speckle
distribution, in a thin region of interest, have been linked to the volume
concentration of the phantoms. Both mean and variance of the measured
speckle distribution show a linear increase with the concentration in more
diluted samples and tend to saturate at highest concentrations.
Hence, it has been found that both the attenuation coefficient and the
mean and variance of the speckle distribution are characterized by a qualitatively similar trend with the concentration, even if they have different
origins: the first one is a physical parameter linked with the sample morphology and it is evaluated by analysing the signal coming from a deep
ROI; the other two parameters express the statistical properties of the signal
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coming from a thin layer in the sample.
These results suggest the existence of a direct correlation between the
attenuation coefficient and the mean and variance. In figures 4.9 and 4.10
the evaluated mean and variance are plotted against the measured attenuation coefficients, in the two cases of Intralipid just injected (red squares)
and injected since 10 minutes (blue circles). Both the mean and the attenuation coefficient datasets are corrected by subtracting the background
(|i|bg ), while the uncorrected variance values (σ2u ) are corrected (σ2c ) taking
into account the relation 4.1, which leads to
r
σ2c

=

σ2u

− 2|i|bg

4−π
π

q
4−π 2
σ2u +
|i|bg
π

(4.2)

Figure 4.9: average mean vs measured attenuation coefficient and square
root fitting curves in Intralipid, at different concentrations, just injected
(red squares, red solid line) and injected since 10 minutes (blue circles,
blue dashed line)
It can be observed that both the mean and the variance of the speckle
distribution show a strong correlation with the measured attenuation coefficient. In particular, the relation between the mean and the attenuation
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Figure 4.10: average variance vs measured attenuation coefficient in Intralipid, at different concentrations, just injected (red squares, red solid
line) and injected since 10 minutes (blue circles, blue solid line)
coefficient is square root-like, with a coefficient of determination R2 equal
to 0.994; interestingly, the variance is linearly correlated with the attenuation coefficient, with a coefficient of determination R2 included between
0.982 and 0.991. We have thus demonstrated that it is possible to correlate
the statistical parameters of speckle distribution with a physical property
of samples, such as the attenuation coefficient µt , even when the hypothesis of single independent backscattering is not consistent anymore (i. e.
for high concentration phantoms).
The importance of our results is that we found an indirect method
to estimate the attenuation coefficient, thus overcoming the need for the
thick region of interest typical of the standard fitting procedure. In fact,
for thin layers in the sample, the µt can be deduced from the mean and the
variance of the pixelsintensity distribution as measured by the OCT B-scan
performed on such thin layer.
Our results pave the way toward the use of OCT imaging as a powerful
tool in dignosis. Indeed, as described in sections 2.4 and 4.2, the evaluation
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of the attenuation coefficient in different regions of a tissue can allow to
quantitatively distinguish healty regions from tumoral ones. The major
part of tumors grows in thin layers of tissues, thus making it difficult to
measure µt with a small error. We found that an evaluation of µt in thin
ROIs is made possible by studying and comparing the speckle distribution
in healty areas and in suspected tumoral areas.

82

Toward OCT for thin tissues imaging

4.5

Working conditions of the speckle distribution approach for thin tissues imaging

After the successful search for a correlation between the attenuation coefficient and the speckle distribution, some tests have been done in order
to investigate on the minimum required dimension of the ROIspeckle and
on the techniques that can be used to reduce this threshold. All the tests
have been made on two phantoms: 0.3 vol.% concentration and 2.5 vol.%
concentration.
The first test aims at investigating the minimum required dimension of
the ROIspeckle . To this end, the average mean and the average variance have
been analysed in ROIspeckle s with decreasing physical dimensions, hence
with a decreasing number of pixels, while keeping the resolution fixed at
400 A-lines per frame (37 µm).

(a)

(b)

Figure 4.11: measured average mean (a) and average variance (b) of the
speckle distribution as a function of the number of pixels in ROIspeckle , for
Intralipid at 0.3 vol.% (blue circles) and 2.5 vol.% (red squares)
From the data reported in figures 4.11(a) and 4.11(b) it can be observed
that, for ROIs with width in the range from 3 mm (243 pixels) to 7 mm (566
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pixels), both mean and variance keep approximately the same values and
error bar. For smaller ROIs histograms begin to deviate from the expected
Rayleigh distribution, showing a more symmetric shape; the parameters of
speckle distribution thus change and the standard errors increase. Hence,
it can be concluded that, fixing the initial lateral resolution of the B-scans
at about 37 µm, the physical dimensions of the region of interest can be
reduced up to 3/7 of the initial width, i. e. from 7 mm to 3 mm, without
introducing any error in the evaluation of the average mean and average
variance of the speckle distribution.
The second test is done with the purpose of understanding what happens when oversampling, that is to say when the lateral resolution of the
B-scans is chosen higher than the lateral resolution of the OCT system. The
lateral resolution of the B-scans is set by choosing the number of A-lines
in the acquired B-scan. Starting from the initial value of 400 A-lines per
frame, it has been increased at 1024 and 2048, while keeping the physical
dimensions of ROIspeckle fixed. This means that the number of pixels in
ROIspeckle has been increased from 566 to, respectively, 1698 and 2830.
The graphics in figures 4.12(a) and 4.12(b) show that the values of the
mean and variance of the speckle distributioon are always within the error
bars, suggesting that the oversampling does not introduce any error in the
evaluation of the parameters of the speckle distribution. This result agrees
with the expectations. Indeed, oversampling corresponds to measuring
more times the same "point" in the sample, hence it is itself a measurement
of speckle.
The results lead to investigate how much the oversampling can be
used to compensate for the loss of statistics that occurs when the region of
interest is made smaller. For this reason, a further test has been done, by
decreasing the width of ROIspeckle while oversampling, in order to keep the
number of pixels fixed (for example, at the starting value of 566).
The outcomes, as reported in figures 4.13(a) and 4.13(b), show that a
resolution of 1024 can fully compensate for the reduction of the ROIspeckle
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(a)

(b)

Figure 4.12: measured average mean (a) and average variance (b) of the
speckle distribution as a function of the resolution and the number of
pixels in ROIspeckle , for Intralipid at 0.3 vol.% (blue circles) and 2.5 vol.%
(red squares)

(a)

(b)

Figure 4.13: measured average mean (a) and average variance (b) of the
speckle distribution as a function of the resolution and keeping fixed the
number of pixels in ROIspeckle , for Intralipid at 0.3 vol.% (blue circles) and
2.5 vol.% (red squares)
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width from 7 mm to 2.77 mm, while the error for mean and variance
become bigger when the reduction is to 1.38 mm (resolution 2048).
It can be concluded that, with the phantoms and the OCT system used
in this research work, an oversampling of two- three times the lateral resolution of the apparatus can be used to reduce the dimensions of the region
of interest in which the speckle distribution is analysed, without introducing any additional error. This aspect is foundamental in the diagnostic
application of OCT, as the size of T1 tumor (the smallest one) is often less
than 10 mm [49].
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Optical Coherence Tomography (OCT) is an imaging technique that exploits Low Coherence Interferometry to acquire either 1-dimensional, 2dimensional or 3-dimensional images of samples (namely, A-scans, B-scans
and C-scans) achieving depths up to 10 mm with an axial resolution of a few
µm. OCT is widely used in medicine as a diagnostic tool, since it performs
in-vivo, non-contact, non-invasive “opical biopsy”, thus giving information about the internal structure of tissues. Most important, models on
the ligth-tissues interaction allow to acquire also quantitative information
about the physical properties of samples, such as the refractive index or
the volume concentration, by using the OCT technique.
We have seen that, in a simplified model, known as single backscattering model, ligth backscattered from the sample can be thought of as
being reflected only ones from the particles in the medium. In this case,
the decrease of the OCT signal in an A-scan of a homogeneous tissue can
be described by the exponential Lambert-Beer law whose decay constant
is the attenuation coeffcient µt . In particular, if the OCT system works in
the NIR, the attenuation coefficient corresponds to the scattering coefficient, which is proportional to the volume concentration ρ. This model
correctly describes scattering from low density media; when modelling a
high density medium, the contribution of multiple scattering to the OCT
signal needs to be taken into account. In this case, high-order terms appear
in the expression of the decreasing OCT signal and the dependence of the
attenuation coefficient on ρ becomes non-linear.
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In this work we have analyzed 13 Intralipid samples with decreasing
volume concentration, representing phantoms of tissues made of a varying
number of cells and amount of DNA. In particular, we have measured
their attenuation coefficient by fitting OCT A-scans by means of the single
backscattering model. We have found that the attenuation coefficient of
the more diluted samples (from 0.05 vol.% to 5 vol.%) increases linearly
with the concentration, while the trend becomes non-linear for higher
concentration samples (from 10 vol.% to 20 vol.%); as expected, the single
backscattering model is appropriate only for low concentration samples.
Moreover, we have found that in samples with concentration up to 15 vol.%
the measurement of the attenuation coefficient gives specific information
about its concentration.
These first results suggest that OCT can be used to label tissues and
investigate on abnormalities, such as the growth of tumors, which are
characterized by fast mitosis and high amount of DNA. However, the
fitting procedure we used gives reliable results only when analysing thick
samples. We thus searched for a new OCT data analysis that overcomes
this drawback.
Since coherent ligth scattering produces a speckle pattern, which is,
the appearance of dark and brigth spots in the OCT scans, we attempted
to gain information about the physical properties of sample by studying
the speckle distribution. We thus selected thin (21 µm) regions of interest
(ROIs) in the B-scans of the same samples described aboveand measured
the statistical parameters of the speckle distribution, namely, its mean and
variance.
The theoretical model describing the speckle distribution is the random phasors model, which predicts the speckle pattern to be Rayleigh
distributed. By comparing the theoretical value of the ratio between the
variance and the squared mean of a Rayleigh distribution with the corresponding experimental result, we have demonstrated the correctness of
the random phasors model within the experimental error. We have also
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observed that, in the more diluted samples, both the mean and the variance
of the speckle distribution show a linear trend with the volume concentration; this trend becomes non-linear at higher concentration, in the same
way it happened to the attenuation coefficient.
We then searched for a direct correlation between the statistical parameters of the speckle distribution and the attenuation coefficient. We found
that the mean shows a square rooth-like trend with the attenuation coefficient, with a coefficient R2 equal to 0.994; moreover, the variance shows
a linear correlation with the attenuation coefficient, with a coefficient R2
equal to 0.991. These results are a strong indication of the correlation existing between the statististical parameters of speckle distribution and a
parameter strictly connected to a physical property of samples, such as the
attenuation coefficient. We have thus demonstrated that the speckle distribution approach is a valid method to indirectly evaluate the attenuation
coefficient in thin tissues.
In order to understand wheter a more or less cahotic motion within the
sample affected our measurements, we repeated the measurements of both
µt and the speckle distribution in two experimental conditions, which is,
when Intralipid was just injected in its receptacle and when it had been
injected 10 minutes before the measurement. All results were found to be
comparable, thus proving that a more cahotic motion does not affect the
results.
Finally, we have analyzed the working conditions of the speckle distribution approach for thin tissues characterization. In particular, we were
interested in understanding how much the initial width of ROI can be reduced without introducing any error in the evaluation of the parameters
of the speckle distribution. We found that the loss of statistics due to a
reduction of the width of the ROI can be compensated by oversampling,
which is, by using a lateral resolution of B-scans greater than the one of
the OCT system. In particular, we have shown that the initial width of
7 mm can be reduced up to 3 mm by increasing the lateral resolution of
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B-scans from 37 µm to 12 µm, as obtained, respectively, with 400 and 1240
A-lines per frame. This result is essential for the application of our OCT
speckle approach to oncology, since it demonstrates that it is possible to
gain information on both thin and relatively narrow superficial regions of
tissues, which are typical characteristics of tumors at first stages.
Before concluding it is worth mentioning that, in the last years, researchers have began to study the speckle distribution in OCT B-scans
[50]; however, to our knowledge, no one has focused the attention neither
on thin ROIs nor on the correlation between the statistical parameters of
the speckle distribution and the attenuation coefficient. This thesis work
thus present an original and innovative method for making quantitative
OCT imaging of thin tissues.
The straightforward outlook of this work is the application of the
speckle distribution approach to discriminate between human healty tissues and tissues affected by tumors at different stages.
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