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Medical imaging is a discipline where the fields of mathematics, physics, biology, and 
medicine are combined in the acquisition, computation and interpretation of three-dimensional 
images of (human) tissue. A variety of imaging modalities that provide information about 
morphological structure and function of biological tissues has been developed. These 
modalities are based on electromagnetic waves (magnetic resonance imaging, X-ray computed 
tomography, confocal microscopy), sound (ultrasonography), or nuclear tracers (positron 
emission tomography, single photon emission computed tomography). In the last decades, 
these medical imaging modalities have become a key tool in disease diagnosis, treatment 
monitoring, and disease prevention.  

Compared to other imaging techniques, optical imaging is low-cost, can be used in non-
contact arrangements, has a small form factor, and does not use ionizing radiation. The main 
disadvantage is its limited imaging depth, which is caused by the strong scattering of light in 
biological tissues.  

Optical coherence tomography (OCT) is a relatively new optical imaging technique. OCT 
is the optical analogue of ultrasound imaging, in which light (instead of acoustic waves) 
backscattered from tissue structures is detected. Due to the high speed of light,  the path 
length that the light has travelled into the tissue is determined using low-coherence 
interferometry (instead of time of fight as for acoustic pulses) [1].  With OCT, high resolution  
(2-10 µm) cross-sectional images of biological tissues up to 1-2 mm deep can be acquired.       
Figure 1-1 shows an overview of many medical imaging modalities based on their imaging 
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depth and spatial resolution. As can be seen, OCT fills up the gap that is present between 
confocal microscopy and high frequency ultrasound.  

 

Figure 1-1. Axial (depth) resolution and obtainable imaging depth for biomedical imaging modalities: single photon emission 
computed tomography (SPECT), positron emission tomography (PET), X-rays computed tomography (CT), magnetic resonance 
imaging (MRI), ultrasound (US) (various frequencies), photoacoustic imaging (PAI), optical coherence tomography (OCT) and 

(confocal) microscopy ((C)M). 

 

OCT has found many applications in medicine, e.g. in ophthalmology, where cross-
sectional retinal imaging provides previously inaccessible information about the condition of 
the retina. OCT is also used for visualization of the anterior segment of the eye, which is 
particularly important in the diagnosis of glaucoma. Using a fiber optic probe, OCT can also be 
applied endoscopically. Imaging of (vulnerable) plaques, imaging of stent placement, and 
characterization of the structural integrity of the vasculature in the coronary artery provide 
valuable information for diagnosis and treatment of vascular diseases. Currently, OCT is being 
evaluated in many fields of medicine, including dentistry, dermatology, urology, and 
developmental biology [2-14].  

The field of OCT is a continuously developing cycle, in which clinical applications lead to 
more research, which leads to improved technology, which opens up new applications. 
Furthermore, besides imaging, different features of the backscattered light can be analyzed, for 
example its spectral content, polarization state, and Doppler shift, which can be used to 
determine functional parameters of the tissue as blood oxygen saturation, tissue birefringence 
and blood flow, respectively [15-21]. Consequently, next to the improvement of OCT system 
performance, also the extraction of more functional, i.e. morphological and/or physiological 
information, from the OCT signal is currently being investigated.  
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OCT PRINCIPLE  

In its most basic form, OCT is based on low coherence interferometry with a Michelson 
interferometer. Figure 1-2 shows a schematic representation of a time-domain OCT (TD-OCT) 
setup. A collimated beam from a light source is split into a reference and sample arm. Light, 
back-reflected by the scanning mirror in the reference arm, and backscattered from the tissue  

 

Figure 1-2. Schematic drawing of Michelson interferometer based OCT setup. B �t beamsplitter; L1, L2 and L3 are reference, 
sample and detector arm lenses correspondingly. 

under study in the sample arm, is combined and directed on the photo detector. The electric 
field at the detector is the sum of the sample ES and reference arm ER fields. The detector 
measures the intensity of the detected light ID, which, in case of a single reflector in the sample 
arm and a monochromatic light source, is proportional to the square of the total field given by: 

�� ��LkEEEEI SRSRD �'���� cos2~
22  (1-1) 

where �' L is the optical path length difference between the reference and sample arms of the 
interferometer, and k is the wave number [22]. For a broadband light source as used in OCT, 
equation 1-1 is integrated over the source spectrum. If the reference arm is scanned, 
interference fringes are generated as a function of time as long as the optical path length 

difference �' L is within the coherence length of the light source. The frequency of the 
interference signal is determined by the reference mirror velocity and the wavelength of the 
light, the amplitude of the interference signal is determined by the backscattering properties of 
the sample. Note that the first two terms in Equation 1-1 describe the DC offset of the signal, 
which in general is rejected by band-pass filtering and/or lock-in detection at the modulation 
frequency. The third term is the interferometric signal, containing information about the depth-
dependent reflectivity of the sample. In a time-domain OCT system without focus tracking, the 
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OCT detector current id(�' L) is equal to the field-backscatter profile of the sample r(z) as 

function of depth z (z=�' L/2n) convoluted with the complex coherence function �J(�' L/c) [23]. 
The OCT detector current signal as a function of z is given by 
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where �� is the detector conversion factor from the incident light power to the electric current, 
Re{} is the real part of the complex coherence function, n is the refractive index of the medium, 
c is the speed of light in vacuum, h(z) is the confocal point spread function describing the 
change of the OCT signal as a function of distance between the probed location z in the sample 
and the focus position z0 [24]. The powers Pr and Ps are the powers from the reference and 

sample arm, respectively. Since the reference mirror position at each moment is known, i.e. �' L 
is controlled, the in-depth image of a sample can be reconstructed as a function of z by 
longitudinal scanning of the reference arm. Finally, a three-dimensional image of the sample 
can be obtained by lateral scanning of the sample to acquire a 2D array of depth scans. 

The axial resolution in medium with refractive index n is determined by the central 
wavelength ��0 of the light source. Assuming a Gaussian shaped spectrum with a full width at 

half maximum spectral bandwidth �' ��, the axial resolution �/�] can be calculated as: 
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The lateral resolution of the OCT system is decoupled from the axial resolution and is 
determined by the focusing optics of the sample arm. Assuming a Gaussian beam with diameter 
D (1/e2 width), focused by the lens with focal length f, diameter of the focal spot is calculated 
as:   
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f
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�G 04
�  (1-4) 

  

FOURIER-DOMAIN OCT 

A superior approach to the depth ranging using a moving reference mirror is the 
acquisition of the interferometric signal as a function of the optical wavenumber with a fixed 
group delay [25]. This method, called Fourier-domain OCT, has two forms. Spectral-domain OCT 
(SD-OCT) uses a broadband light source and a spectrometer in the detection arm to detect the 
interference spectrum [26]. The second approach, swept-source OCT (SS-OCT), employs the 
single detector in the detector arm (similar to TD-OCT), but instead of a broadband light source, 
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a wavelength sweeping laser is used [27-29]. The swept laser has a narrow instantaneous 
linewidth, which is rapidly tuned through a broad optical bandwidth.  

In Fourier-domain OCT, a single reflector in the sample arm results in a periodic fringe in 
the k-space domain whose frequency and amplitude are directly proportional to the depth and 
reflectance of the sample, respectively. In the case of multiple reflectors, a multitude of 
sinusoids are superimposed. The reflection coefficient from all depths can be simultaneously 
determined by Fourier transformation of the measured interference spectrum.  

The maximum imaging depth zmax in Fourier-domain OCT is determined as: 

�G�O
�O
n

z
4

2
0

max �  (1-5) 

where �/�� is the sampling wavelength interval.  

Fourier-Domain OCT has several advantages over TD-OCT. First of all, the absence of a 
mechanically scanned mirror in the reference arm makes higher data acquisition rates possible. 
Second, Fourier-domain OCT measures all depths simultaneously. Thirdly, the sensitivity of FD-
OCT is higher than TD-OCT. Typically FD-OCT has 20-30 dB better sensitivity than TD-OCT (for 
the same data acquisition rate) [30-32]. In practice, the sensitivity advantage of FD-OCT is used 
to increase the imaging speed, which is especially useful for measurements on humans.   

For SS-OCT the development of rapid swept lasers with large bandwidths and high 
output powers is required. Although the stationary mirror in the reference arm and single 
photo detector in the detector arm simplify the optical design of the OCT system, all complexity 
is moved to the design of the swept light source. To achieve high axial resolution in OCT 
applications, the swept laser should have a broad spectral output. For large imaging depths a 
narrow instantaneous linewidth is required which preferably is much smaller than the sampling 
wavelength interval (equation 1-5), otherwise the fringe visibility becomes very small at the 
maximum imaging depth. Finally, for in-vivo imaging, high sweep rates are needed. Still, 
comparing SD-OCT and SS-OCT, swept-source OCT is a more advantageous method due to the 
larger depth range (smaller instantaneous linewidths are easily achieved), the possibility to do 
balanced detection for a suppression of the relative intensity noise, and compact OCT layout. 

To achieve good sweeping performance, different lasers and different tuning techniques 
are demonstrated. In general, OCT applications require lasers with a broad emission spectrum 
(e.g. dye, semiconductors, Ti:Sapphire gain material). Tuning can be performed mechanically or 
electronically, for which the latter is preferred due to a more stable performance. However, the 
time necessary to build-up lasing from the spontaneous emission is a fundamental limitation in 
the maximum achievable sweeping rate [33]. Recently, significant advantage in the field of the 
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swept laser is achieved by the demonstration of Fourier-domain mode-locking (FDML) lasers 
with sweeping rates up to 5.2 MHz [34-36]. In this technique, lasers are based upon a cavity 
with a long optical delay line (~km) and synchronously tune a narrowband filter with the round-
trip time of the cavity. Although FDML lasers demonstrate advanced sweeping performance, 
the development of new types of swept lasers continues [37, 38], and issues related to the 
optimization of such lasers in terms of prize, form factor, and performance for OCT applications 
still need to be addressed. 

LIGHT-TISSUE INTERACTION 

The interaction of light with tissue occurs through scattering and absorption. The overall 
effect of these processes is the attenuation of ballistic light in depth, which can be described by 
the attenuation coefficient µt : 

ast �P�P�P ���  (1-6) 

where µs is the scattering coefficient, and µa is the absorption coefficient. In the near infrared 
part of the optical spectrum, the majority of biological tissues are highly scattering media with 
the scattering coefficients larger than the absorption coefficients. However, for longer near 
infrared wavelengths the increased light absorption by water also becomes a significant factor 
of light attenuation (Figure 1-3).  

 

 

Due to the low coherence path length selection and the confocal gating by the sample 
arm optics, OCT is mostly based on light that has scattered once (in the backward direction). 

Figure 1-3. The light absorption coefficient of water as a function of wavelength. 
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Consequently, for superficial tissue layers with low scattering coefficients, the single scattering 
model is appropriate to describe the light attenuation. In this case the ballistic light intensity is 
described by the law of Lambert-Beer and attenuates exponentially with depth: 

)exp()( 0 zIzI t�P���  (1-7) 

where I0 is the intensity of the light at the tissue surface, and I(z) is the intensity at depth z. For 
OCT, the single scattering model results in a detected OCT signal that is described as [39]: 

)2exp()( zzi td �P���v  (1-8) 

The factor 2 in the exponent is caused by the double path length the detected light travels 
through the scattering medium, and the square root is because the detector current is 
proportional to the sample field rather than sample intensity (Equation 1-2). 

Scattering by a single particle is characterized by the scattering cross-section �1s, which 
describes the light scattering capability in units of cross sectional area. The larger the cross-
section, the more likely the scattering occurs. The scattering coefficient of a sample containing 
many scatterers is the product of the scattering cross-section �1s and the number of scatterers N 
per unit volume: 

ss N�V�P �  (1-9) 

In case of high concentration of scatterers the scattering coefficient typically is lower and is 
described in more complicated way, which will be discussed in Chapter 7. 

 Classical light scattering theory for small particles was derived by Rayleigh. For spherical 
particles with a diameter much smaller than the wavelength of the incident light, the scattering 
cross-section is:  
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where d is the particle diameter, and m is the relative refractive index, i.e. the ratio of the 
(complex) refractive index of the particle to the refractive index of a medium. As can be seen, 
Rayleigh scattering is strongly dependent on the wavelength of light: the scattering cross-
section is inversely proportional to fourth power of wavelength.  

For scatterers comparable to or larger than the wavelength of light, the Rayleigh light 
scattering theory breaks down. In this case, light scattering can be described by solving 
Maxwell�[�• equations, for which the exact solution for light scattering by a single sphere was 
given by Mie. Mie theory is applicable for the scattering from spherical, homogeneous, 
isotropic and non-magnetic particles in a non-absorbing medium. The wavelength-dependence 
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of Mie scattering is more complex than Rayleigh scattering. In general, the scattering decreases 
with increasing wavelength of the incident light at a lower rate than for Rayleigh scattering.  

The scattering process induces a change in the direction of light propagation that can be 
described by the angle ��, which is the angle between directions of propagation of incident and 
scattered light. Depending on the particle size and wavelength of the incident light, a particle 
has its own scattering profile, which is called the scattering phase function �S������. The phase 
function is a normalized probability distribution as a function of the scattering angle. Plotted in 
polar coordinates as a function of ��, it represents the scattering diagram of the particle    
(Figure 1-4).  

 

 

 

 

To characterize the angle-dependent scattering properties of scatterers in a more 
simple way, the scattering anisotropy parameter g is used. By definition, the scattering 
anisotropy parameter g is the average of the cosine of the scattering angle over the phase 
function:  

�T�T�T�S�T�T
�S

cos)sin(2)cos()(
0
�³ � � dpg  (1-11) 

 

 

diameter=100 nm diameter=1000 nm 

Figure 1-4. Examples of scattering diagram for polystyrene particles with diameters of 100nm 
(left) and 1000nm (right) for unpolarized light at 1300nm. 
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The scattering anisotropy g provides information about the dominant direction of 
scattering. The value of g can be in the range from -1 to 1. If forward scattering dominates, then 
g approaches 1; g approaching 0 represents equal scattering in forward and backward 
direction, e. g. for Rayleigh scattering.  

The scattering coefficient µs gives information about the number of scatterers, the size 
of the scatterer, and differences in the refractive index between the scatterer and its 
environment. The scattering anisotropy parameter g gives information about the size of the 
scatterer. Thus, the scattering properties contain diagnostically valuable information on the 
tissue structure and composition. For example, changes in the tissue morphology can lead to 
changes in the scattering coefficient, and changes in the tissue composition can lead to changes 
in the tissue refractive index and the absorption coefficient. Consequently, using carefully 
calibrated OCT systems, we can measure changes in the optical properties and relate these 
changes to functional processes in biological tissues, which can be used for tissue diagnostic 
purposes. As an example, development of cancer involves morphological transformation of the 
cell architecture, i.e. increase of the nuclei size and increase of the amount of cells, which leads  
to changes in optical properties [5, 13, 40-42]. 

OCT IMAGING DEPTH IMPROVEMENT 

Besides spatial resolution and imaging speed, the OCT imaging depth is an important 
characteristic of OCT performance. OCT is a superficial imaging technique with a depth range of 
1-2 mm in scattering tissue. For many applications, improvements in the imaging depth can 
open new possibilities and application areas. As an example, in ophthalmology, imaging of the 
anterior segment of the eye is important for early diagnosis of eye diseases, in particular 
glaucoma. Glaucoma is the disease that is associated with elevated intraocular pressure. 
Elevation of the intraocular pressure results from an imbalance between the production and 
drainage of aqueous fluid [43-45] and is caused by  the closure of the angle between iris and 
cornea. As a result, Schlemm�[�•�����Œ���]�v���P�������Z���v�v���o���������}�u���•�����o�}���l������and results in an increase of 
the intraocular pressure. Visualization of this area of the anterior segment is difficult due to the 
highly scattering sclera. OCT systems with improved imaging depth can be successful in imaging 
of this part of the eye. 

One of the possibilities to increase the OCT imaging depth is to use longer imaging 
wavelengths, for which scattering is lower. The advantage of using longer wavelengths was 
recognized, and, after the first OCT systems operating at wavelengths around 800 nm, OCT at 
wavelengths around 1300 nm and 1050 nm were introduced [46-49]. Clear improvement in the 
OCT imaging depth was demonstrated, and currently 1300 nm OCT systems are routinely used 
in the clinic. Further improvement of the imaging depth can be achieved with longer 
wavelengths. However, with increasing wavelength the light absorption by water increases, see  
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Figure 1-3 [50]. Until approximately 1360 nm the absorption is relatively low and has negligible 
influence on the light attenuation. However, the water absorption peak at 1460 nm results into 
an increase in absorption to 2.9 mm-1. Consequently, for wavelengths larger than 1360 nm the 
light penetration is governed by both absorption and scattering, and the optimal wavelength 
depends on the relative contribution of the two effects.  

The 1600-1800 nm spectral range presents an opportunity for increased OCT imaging 
depth as the absorption is relatively low (only 0.67 mm-1 at 1600 nm compared to 0.11 mm-1 at 
1300 nm) and scattering is much lower compared to the 1300 nm window. Consequently, for 
some biological tissues, the decrease in scattering can be larger than the increase in the 
absorption by water, which can results in an enhanced OCT imaging depth. The reported optical 
properties of some biological tissues in the NIR spectral range suggest that such enhancement 
is possible [51-54], which was supported by comparative studies of the OCT light imaging depth 
at different wavelengths [55, 56]. However, quantification of the imaging depth is difficult 
because the OCT system performance has to be well calibrated for the imaging wavelengths 
that are used in the comparison.     

SCOPE OF THIS THESIS 

 In this thesis�U�����v�š�]�š�o������ �^�����À���o�}�‰�u���v�š�� �}�(�� �(�µ�v���š�]�}�v���o�� �v�����Œ-�]�v�(�Œ���Œ������ �K���d�_�U��the potential of 
OCT for improved imaging depth and for additional tissue analysis is investigated. In Chapter 2, 
we investigated potential wavelength bands for OCT imaging depth improvement by 
performing an analysis of the wavelength-dependent NIR light penetration depth. The 
proposed imaging depth quantification formalism is tested using Intralipid optical transmission 
measurements, and is applied to three kinds of biological tissues. In Chapter 3, the OCT imaging 
depth is quantified and measured around 1300 nm and 1600 nm using a TD-OCT setup of which 
the technical characteristics at the two wavelength regions are matched. The next two chapters 
focus on methods to extract functional information from the OCT signal. In particular, we 
focused on measurements of light backscattering characteristics of tissue phantoms (Chapter 4) 
and cells (Chapter 5). In Chapter 4 we determined the relation between the OCT signal 
amplitude and the scattering anisotropy g. Chapter 5 shows OCT measurements of the optical 
properties of the thin samples: absolute measurements of the scattering coefficient in thin 
phantoms, and measurements of relative changes in the backscattering in a single layer of 
retinal pigment epithelium (RPE) cells during the development of apoptosis. Chapter 6 
describes the construction of a swept laser and its fundamental performance characteristics. A 
swept Ti:Sapphire laser with intracavity acousto-optic tunable filter that we developed is 
investigated, mainly focusing on the possibilities for optimization of the sweeping performance 
for application to SS-OCT. Finally, Chapter 7 provides a general discussion and conclusions. 
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The light penetration depth in biological tissues depends on the wavelength. We propose a 
method for the estimation of the light penetration depth in different biological tissues in the 
spectral range 1000-2000 nm. The scattering power parameter and the water content are used 
to characterize the optical properties of tissues. In particular, a comparison of the light 
penetration depth at 1300 nm and 1600 nm is performed. Light transmission measurements 
with different concentrations of Intralipid demonstrate good agreement with theoretical 
predictions. Calculations based on the published values of the optical properties of sclera, 
enamel, and dentin show that significant improvement in the light penetration depth can be 
achieved in enamel, moderate �t in sclera, and no improvement is expected in dentin.      
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INTRODUCTION 

Optical coherence tomography (OCT) has proven to be an important imaging modality in 
biomedical optics [1, 2]. OCT imaging performance is determined by the technical 
characteristics of the system (axial and lateral resolutions, sensitivity, imaging rate) and by the 
optical properties of the biological tissue under investigation (scattering and absorption 
coefficients, scattering anisotropy parameter).  

One of the limitations of current OCT systems is the shallow imaging depth, which is in 
the range of 1-2 mm in scattering tissues. An increase of the imaging depth can improve the 
diagnostic potential of OCT. Since the optical properties of the tissue vary with wavelength [3], 
the imaging performance of OCT systems depends on the center wavelength of the light source 
that is used. Considering an OCT system with equivalent performance for different wavelengths 
(such as in Chapter 3), an optimal wavelength can be chosen to achieve the highest imaging 
depth for a particular tissue.  

According to Mie theory, the general trend for the scattering coefficient is to decrease 
with increasing wavelength. As a result, the light penetration depth potentially can be increased 
by using longer wavelengths. Historically, after the introduction of OCT with 800 nm central 
wavelength, OCT at longer wavelengths was demonstrated and improvements in the imaging 
depth was shown [4, 5]. Current commercially available OCT systems operate in the spectral 
range of 800-1300 nm. Interest in using wavelengths longer than 1300 nm is growing, but the 
higher light absorption by water at these wavelengths raises questions about the feasibility of 
imaging depth improvements. 

Knowledge of optical properties of different biological tissues does not cover all 
wavelengths, and especially for the NIR range not all optical properties are known. To compare 
the light penetration depth at different wavelengths, it is necessary to predict the optical 
properties for an extended spectral range. In this work, we propose a method that allows for a 
comparison of the light penetration depth in different biological tissues without direct 
measurements at these wavelengths. In particular, we compare the light penetration depth at 
1300 nm and 1600 nm. The first wavelength is widely used in current OCT systems [6, 7], 
whereas the second wavelength is recognized as a potential wavelength for OCT imaging depth 
improvement [8].  

THEORY 

Light propagation inside turbid media is described by scattering and absorption. The 
probability of light to interact with the tissue per unit path length equals the attenuation 
coefficient ��t, which is the sum of scattering and absorption coefficients:  �ä�ç 
L �ä�æ
E�ä�Ô. The 
reciprocal of ���ä�ç is the mean free path length (e.g. the expectation value of the path length light 
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travels without interaction). The light penetration depth can (arbitrarily) be defined as equal to 
the mean free path: �&
L �s���ä�ç.   

If multiple scattering effects are avoided, i.e. all light that is scattered is removed from 
the light beam and does not contribute to the measured transmitted intensity, then the light 
inside a turbid media is attenuated exponentially with depth. The intensity I of light at a certain 
depth d can be described by Lambert-�������Œ�[�•���o���Á�W���� 

                                                                                                                                                                   (2-1) 

where I0  is the intensity of the incident light.   

The main biological tissue chromophores responsible for the light absorption are 
melanin, hemoglobin, oxyhemoglobin, bilirubin and water. In the NIR spectral range (for 
wavelengths longer than 1000 nm) light absorption is dominated by the presence of water. The 
water content varies in biological tissues, but for most of them it is in the range of 70- 80%. 
Therefore, the volume fraction of water in tissue C is the parameter determining the 
absorption of NIR light and the absorption coefficient of biological tissues can be described as        
�ä�Ô
L �%�—�Ô�á�ê�Ô�ç�Ø�å.   

The scattering coefficient is wavelength dependent and in general tends to decrease for 
longer wavelengths. The wavelength dependency of the scattering coefficient µs can be 
approximated empirically in the form of a power law: 

SP
s A ���O�P ~  (2-2) 

where A and SP are the model parameters for scattering amplitude and  scattering power, 
respectively [9-11]. Parameter A is associated with the scattering strength: tissues with high 
scattering coefficient �—�æ��have high A parameter and vice versa. The value of SP is related to the 

average size of the scatterers: for particles with diameter d much smaller than the wavelength 
of light (d<<��) the SP parameter is 4 (Rayleigh scattering regime, see Equation 1-10). With 
increasing particles size, the SP decreases (Mie scattering). The SP parameter determines how 
strong the scattering changes with wavelength, and thus if the SP parameter is high, then the 
variation in scattering with wavelength is stronger, and the possible gain in penetration depth is 
larger. Thus, the wavelength dependent light penetration depth D�� in biological tissues is 
���&�� 
L �s���:���%�—�Ô���ê�Ô�ç�Ø�å
E�—�æ�;. To quantify the enhancement or decrease of light penetration 

depth with wavelength, we calculate the ratio R of the light penetration depths at wavelengths 
��1 and ��2 (��1<��2). Based on the empirical scattering power law with SP parameter, the scattering 
coefficient at ��2 is described in terms of the scattering coefficient at ��1, i.e.                       

)exp(0 dII t�P��� 
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k�—�æ
o�� �.

L �:�ã�5���ã�6�;�Ì�É
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o�� �-

. Then, the ratio R of the light penetration depths D at ��2 and ��1 can 

be calculated:    
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 �- �>�¼�:�� �Ì �;

 �.
                                        (2-3) 

For R>1 the use of ��2 light results in a larger penetration depth. A quantitative analysis of both 
the absorption and scattering characteristics in terms of SP and �ä�Ô��shows how much we can 
gain or lose in light penetration depth using different wavelengths. 

EXPERIMENTAL SETUP 

To measure the optical properties of optical phantoms we perform light transmission 
measurements using the experimental setup depicted in Figure 2-1. Fiber coupled light from a 
supercontinuum light source (Fianium SC 450-4) is collimated (Fiber collimating package 
F230SMA-C, focal length 4.64 mm, Thorlabs) and directed to a 1 mm diameter diaphragm. A 
glass cuvette (1 mm optical pathlength) with scattering medium is placed directly behind 
diaphragm. The transmitted light is coupled to a monochromator (Oriel, Cornerstone 130 1/8 
m, 0.12 mm slit size, 2 nm spectral resolution) for spectral measurements in the wavelength 
range of 1250 �t 1650 nm. The distance between cuvette and input slit of the monochromator is 
250 mm long to reduce the detection of multiple scattered light. A long-pass filter (Thorlabs, 
FEL0950) with a cut-on wavelength of 950 nm is implemented in front of the monochromator 
input slit to block the visible light. Light at the exit of the monochromator is detected by a 
photodetector (New Focus, model 2011) and the obtained signal is captured by a data 
acquisition card (National Instrument, USB-6009) and stored in a personal computer.  

 

Figure 2-3. Layout of the experimental setup for light transmission measurements: L- collimator; D- diaphragm; S �t cuvette with 
scattering sample; MF �t multimode fiber; F �t long-pass filter. 
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MEASUREMENTS WITH INTRALIPID  

Measurements are conducted with Intralipid (Fresenius-Kabi) as a scattering medium. 
Intralipid is widely available fat emulsion, of which the scattering coefficient can be easily 
adjusted by water dilution. Intralipid is often used as a tissue simulating phantom in optical 
measurements [11]. 

By dilution of 22.7 vol.% stock solution with deionized water the following 
concentrations are prepared: 0.7, 1.4, 2.8, 5.7, 11.4 and 17 vol.%. The value of I0 is measured 
on a cuvette filled with heavy water (which has negligible absorption in the spectral range of 
interest [12]), and I  on the cuvette filled with Intralipid solution. Then, using Equation 2-1, the 
attenuation coefficient for each concentration is calculated using the thickness of the cuvette. 
Figure 2-2(a) shows the obtained attenuation coefficients. As can be seen, the attenuation 
coefficient decreases up to approximately 1360 nm, then starts to increase to a maximum at 
approximately 1460 nm, and, after the water peak, again decreases for longer wavelengths. To 
obtain the scattering coefficient ��s , the absorption coefficient of water ��a  is subtracted from 
the total attenuation coefficient (Figure 2-2(b)) using the water volume fraction C obtained 
from the dilution and the known absorption coefficient of water [13]. The thus obtained 
scattering coefficient decreases monotonically with increasing wavelength. This clearly 
demonstrates that the peak in the attenuation in 1400-1500 nm spectral range is solely due to 
light absorption by water.  

 

Figure 2-4. Experimentally determined attenuation (a) and scattering (b) coefficients as a function of wavelength for solutions 
with varying volume percentage of Intralipid (indicated). 
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Figure 2-5. Measured (concentration dependent) scattering coefficient of Intralipid at wavelengths from 1200 to 1600 nm (solid 
symbols). Lines are a guide to the eye. 

Figure 2-3 depicts, as a function of Intralipid concentration, the scattering coefficient of 
Intralipid at different wavelengths. As can be seen, up to 5.7 % IL the increase of ��s is linear, 
which is expected for the independent and single scattering regime. However, for higher 
concentrations, the measured value of the scattering coefficient is lower than expected, with 
the same trend at different wavelengths. This saturation effect can be explained by the 
increased influence of multiple and dependent scattering effects on the measurements. To 
estimate the contribution of multiple scattering to our signal, we modeled our measurement 
geometry by calculating the total transmission of a slab of thickness d (corresponding to our 
cuvette thickness of 1 mm) using diffusion theory according to Star [14]. The calculation yields 
ballistic (Tbal) and diffuse (Tdiff) contributions, the latter of which is integrated over the 
acceptance angle of the setup. We then estimate the measurement error as: 
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(2-4) 

where ��d  is the setup acceptance angle of detection. Tdiff is a function of the optical properties 
and cuvette thickness d. For values of µs = 15 mm-1, µa = 0.1 mm-1, g = 0.34, d = 1 mm, ��d = 
0.5/250, the error in the µt estimation is �§ 1% due to detection of multiply scattered light. This 
suggests that the observed deviation from the expected linear increase of the scattering 
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coefficient with Intralipid concentration is mainly due to dependent scattering, which will be 
discussed in   Chapter 7.  

The scattering power parameter SP can be obtained by fitting the wavelength 
dependent changes of the scattering coefficient (Equation 2-2). Fitting of the data presented in 
Figure 2-2(b) resulted in SP values as shown in Figure 2-4. As can be seen, the SP is almost 
constant. The average value is SP = 3.0 ± 0.3 (which is higher than SP = 2.4 as reported by van 
Staveren [9]). 

 

Figure 2-6. Experimental results of the SP parameter for varying Intralipid concentration (obtained from Fig. 2-3). The 
horizontal line indicates the average SP value. 

Measurements of the attenuation coefficient (Figure 2-2(a)) shows that for wavelengths 
longer than 1500 nm the light attenuation decreases,  which suggests that improvement in light 
penetration depth can be achieved for this wavelength range. To quantify this we calculate the 
ratio R of light penetration depths at wavelengths 1300 nm and 1600 nm for each Intralipid 
concentration based on our experimental results. Then, to compare experimental results with 
theoretical calculations, the ratio of the light penetration depths R at 1600 nm to 1300 nm is 
calculated using Equation 2-3 with a scattering power parameter SP of 3.0 and the known 
optical absorption of water (light absorption coefficient by water is 0.11 mm-1 at 1300 nm and 
0.67 mm-1 at 1600 nm). Figure 2-5 shows the obtained results and, as can be seen, the 
experimental results closely correspond to the theoretical calculations. 
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Figure 2-7. Light penetration depth ratio R at 1600 nm to 1300 nm for different concentrations of Intralipid; Experimental 
results (symbols) and theoretical calculations (solid line). The theoretical points are calculated using the known water content 

for each IL concentration and SP = 3.0. 

 

APPLICATION TO BIOLOGICAL TISSUES 

Our measurements with Intralipid demonstrate that the calculations based on the 
scattering power parameter SP and known water content C give a good approximation for the 
comparison of the light penetration depths at different NIR wavelengths. This method can be 
extended to biological tissues using the published values of their optical properties. An 
advantage of our method is that comparisons can be performed for biological tissues at 
wavelengths where the optical properties are not reported, i.e. without direct measurements at 
these wavelengths.   

We performed light penetration calculations for rabbit eye sclera, human enamel and 
dentin (Table 2-1) as these tissues represent key application areas for OCT and are tissues with 
very different optical properties in terms of absorption and scattering. Sclera is a tissue with a 
high scattering coefficient, high SP and water content of 70%; enamel has a low scattering 
coefficient, high SP and almost no water; dentin is a tissue with a high scattering coefficient, 
low SP and low water content.   
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Table 2-1.  Optical properties of biological tissues analyzed in this article. Grey cells are calculated values. 

 

Tissue 
Volume 

fraction of 
water 

�„�U��
nm 

���Æ�™  ���š���„���U���u�u-1 SP R Ref. 

Rabbit eye 
sclera 

0.70 

500 86.0 ± 29.0 

2.3±0.2 1.5±0.1 [15] 

550 75.5 ± 25.2 

700 50.4 ± 15.4 

850 29.8 ± 7.5 

1050 16.3 ± 3.2 

Enamel 0.01 

543 10.5 ± 3 

2.9±0.2 1.8±0.1 [16] 632 6.0 ± 1.8 

1053 1.5 ± 0.5 

Dentin 0.15 

543 28.0 ± 8.4 

0.12±0.03 1.02±0.01 [16] 632 28.0 ± 8.4 

1053 26.0 ± 7.8 

 

First, the SP parameter is calculated based on the reported values of the scattering 
coefficient. The value of ��s is fitted using Equation 2-2 with SP and A as a fitting parameter. 
Then, using Equation 2-3, we calculated the wavelength dependent changes in the light 
penetration depth ratio R for enamel, dentin and sclera in the spectral range 1050 �t 2000 nm, 
with the ratios calculated relative to the light penetration depth at 1050 nm (i.e. at 1050 nm 
R=1 for all tissues). Figure 2-6 shows that there is no significant change in the light penetration 
depth for dentin, which can be explained by the low SP parameter and low water content. 
Scattering changes slowly with increasing wavelength and the influence of the absorption by 
water is insignificant. In the case of the sclera, the light penetration depth is increasing up to 
1850 nm, and then starts to decrease due to increasing optical absorption by water. It is 
interesting to note, that the increase is almost monotonic, and, despite of the high water 
content, the influence of the absorption by water at 1400-1500 nm is low. This monotonic 
behavior can be explained by the fact that sclera has a high scattering coefficient and high 
scattering power parameter SP, which means that the scattering is the dominating process 
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determining the light attenuation in the sclera. Finally, for enamel the light penetration depth is 
monotonically increasing for longer wavelengths, which is the result of a high SP parameter and 
very low water content.  

 

Figure 2-8. Theoretical calculations of changes in the light penetration depth for enamel, dentin and sclera, based on the water 
contents and scattering powers given in table 2-1. 

To compare differences in light penetration depths at 1300 nm and at 1600 nm, the 

ratio  13001600/ DDR �  is calculated (Equation 2-3). For dentin R is 1, for rabbit eye sclera R is 

1.5, and for enamel it is highest: R is 1.8. These results demonstrate that the light penetration 
depth D with 1600 nm light can be higher in sclera and enamel, but not for dentin. If we 
compare R values, we can note that the increase in R mainly corresponds to the increase in SP, 
i.e. for higher SP the value of R is also higher. As an example, for enamel with low scattering 
coefficient and no water content, but high SP = 2.9, the R is highest. In contrast, for dentin with 
low SP = 0.12 and low water content, the R is 1.  

It is important to note that for real OCT systems with broadband light sources the 
weighted attenuation coefficient for spectrum of the light source should be used. Furthermore, 
the wavelength dependent backscattering properties of the scatterers should be taken into 
account, which is the topic of Chapter 3. 
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CONCLUSIONS 

In conclusion, we demonstrated a method for predicting of the wavelength dependent 
changes in the light penetration depth in biological tissues. Using this method, we compared 
the light penetration depth at 1300 nm and at 1600 nm in Intralipid (based on the light 
transmission measurements) and in some biological tissue (based on the published optical 
properties). Our results show that improved light penetration depth at 1600 nm can be 
achieved for the biological tissues with high SP parameter, high scattering coefficient, and low 
water content. This information is important for predicting the imaging depth for OCT systems 
operating at different wavelengths and imaging different tissue types. 
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One of the present challenges in optical coherence tomography (OCT) is the visualization of 
deeper structural morphology in biological tissues. Owing to a reduced scattering coefficient, a 
larger imaging depth can possibly be achieved by using longer wavelengths. In this work, we 
analyze the OCT imaging depth at wavelengths around 1300 nm and 1600 nm by comparing the 
scattering coefficient and OCT imaging depth for a range of Intralipid concentrations at 
constant water content. We observe an enhanced OCT imaging depth for 1600 nm compared to 
1300 nm for Intralipid concentrations larger than 4 vol.%. For higher Intralipid concentrations, 
the imaging depth enhancement reaches 30 %. The ratio of scattering coefficients at the two 
wavelengths is constant over a large range of scattering coefficients and corresponds to a 
scattering power of 2.8 ± 0.1. Based on our results we expect for biological tissues an increase 
of the OCT imaging depth at 1600 nm compared to 1300 nm for samples with high scattering 
power and low water content.  
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1. INTRODUCTION  

Optical coherence tomography (OCT) is a high resolution, non-invasive, coherence-gated 
imaging technique with a wide range of applications in medicine [1-5]. One of the present 
challenges in OCT is the visualization of deeper structural morphology in biological tissues, 
which can improve existing and create new applications. For current OCT systems the imaging 
depth is approximately 1�t2 mm.  The large scattering coefficient of biological tissues limits the 
amount of light that can be collected from structures located deep in the tissue. Since the 
optical properties of biological tissues vary significantly with wavelength, the imaging depth can 
be improved by using a light source with an optimal imaging wavelength.  

The general trend for the scattering coefficient is to decrease with increasing wavelength. 
Therefore, a longer wavelength is potentially more advantageous for deeper imaging. The first 
OCT system operated in the 800 nm spectral range. The longer wavelength OCT systems, 
operating in the 1300 and 1050 nm spectral bands, were introduced soon after and an 
improved imaging depth was demonstrated [6-10]. However, the use of longer wavelengths for 
imaging depth improvement is restricted by the increased optical absorption of water [11]. 
Nevertheless, the spectral window from 1600 to 1800 nm, between two primary water 
absorption bands (1400 to 1500 nm and 1900 to 2200 nm), is recognized as a promising choice 
to further increase the OCT imaging depth. OCT in this part of the spectrum was demonstrated 
[12-14], and a direct comparison of OCT systems operating at 810, 1330, and 1570 nm was 
presented [15]. Also, a comparison of light penetration depth for different OCT light sources in 
skin dermis, liver, and gallbladder was reported [16]. Although these studies have shown that 
the use of longer wavelengths enables an enhanced imaging depth for certain types of 
biological tissues, the advantage of using the 1600 �t 1800 nm spectral band remains to be 
quantified. Since the different OCT wavelengths were compared based on images that were 
obtained with different OCT setups, the measured imaging depth depended not only on tissue 
properties, but also on the technical characteristics of the used OCT systems. 

  In this study, we perform a quantitative comparison of the OCT imaging depth at 1300 
nm and 1600 nm wavelengths using a single time-domain OCT set-up of which the technical 
performance at the two wavelengths is matched. Using Intralipid with a constant absorption 
coefficient as tissue phantom material, we determine the influence of the scattering on the OCT 
imaging depth. 
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 2.  MATERIALS AND METHODS 

2.1 Time-domain optical coherence tomography 

The OCT experiments are conducted with a home-built time-domain OCT system. A 
schematic of the set-up is depicted in Figure 3-1(a). Light from a supercontinuum light source                  
(Fianium SC   450-4) is coupled into a single-mode fiber (1550 BHP, Thorlabs) and collimated 
(FiberPort system, PAF-X-18-PC-C, focal length 18.4 mm, Thorlabs) at the input of a 50/50 
Michelson interferometer. In the sample and reference arms, identical achromatic lenses with 
focal length 45 mm are used to focus the light on the sample and reference mirrors, 
respectively. Depth scanning is performed by moving the reference arm mirror (at a velocity                 
V=20 mm/sec), which is mounted together with the lens on a translator (Physik Instrumente    
M 664.164). In the sample arm, the beam is focused at the front glass-Intralipid interface of the 
�í�� �u�u�� �š�Z�]���l�� ���µ�À���š�š���X�� �t���� �Z���À���� �(�]�Æ������ �(�}���µ�•�� ���}�v�(�]�P�µ�Œ���š�]�}�v�U�� �]�X���� �š�Z���� �(�}���µ�•�� �‰�}�•�]�š�]�}�v�� ���}���•�v�[�š�� ���Z���v�P����
during an A-scan. The angle between the probe beam and the cuvette is ~ 70° to avoid 
specularly reflected light in the signal. Light returning from reference and sample arms is 
combined and coupled into a single-mode fiber. The interferometric signal is detected with a 
photodiode (New focus, model 2011), band-pass filtered and demodulated by a lock-in  

 

 

 

 

 

 

Figure 3-9. a) Overview of the time domain OCT set-up used in the experiments: BS �t beamsplitter; C1,C2 - fiber 
collimating ports; L1, L2 - reference and sample arm lenses; M - reference mirror; SMF - single mode fibers; F - 

long pass filter; PD - photodetector;  Lock-in �t Lock-in amplifier; PC - personal computer; Fianium �t 
supercontinuum light source;  b)  OCT input spectra for the two wavelength bands;     c)  coherence function at 

the two OCT wavelengths (measured with an OD3 filter in sample arm). 
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amplifier set to the Doppler frequency f = ���9����0. To reduce noise, the signal is averaged over 
100 A-scans.  The sample is not scanned in the lateral direction. The central wavelength ��0 and 
the bandwidth of the light coupled into the interferometer is changed between 1300 and 1600 
nm bands using long pass filters (Thorlabs, FEL1250 and FEL1500, respectively) and by adjusting 
the bandwidth of the light coupled to the fiber using the effect of chromatic aberrations (Figure 
3-1(a)). 

2.2 Performance matched OCT at 1300 nm and 1600 nm 

The OCT detector current signal id(z) as a function of depth z is proportional to the 
square root of the power backscattered from depth z. In the single backscattering 
approximation and with a coherence length lc less than the photon mean free path 1/µt [17], 
with µt the attenuation coefficient, id(z) ~ P(z)1/2 = [P 0 K µb h(z) exp(�±2µtz)]1/2 where P0 is the 
incident power on the sample; the parameter K is proportional to the coherence length lc; µb is 
the backscattering coefficient and h(z) is the confocal point spread function (PSF). In the 
following, we assume either dynamic focusing, or that the data is corrected for the point spread 
function [18]. The factor of 2 in the exponent accounts for the round-trip attenuation to and 
from the depth z; the square root accounts for the fact that the OCT signal magnitude is 
proportional to the amplitude of the field returning from the sample, rather than power.  

 The OCT signal-to-noise ratio is defined as SNR = 10log10(Ps/Pnoise), where Ps is the 
power returning from the sample arm with mirror, and Pnoise is the noise power. We define the 
imaging depth Zimage as the depth at which P(z) = Pnoise, or: 
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Equation 3-1 shows that the OCT imaging depth is determined by the optical properties of the 
sample as well as by the characteristics of the OCT setup itself. For a quantitative comparison of 
the imaging depth at different center wavelengths only in terms of the optical properties of the 
sample, it is important to take into account the system characteristics at the two wavelengths.  

 Firstly, the spectral bandwidth of the light coupled into the interferometer               
(Figure 3-1(b)) is adjusted to reach equal coherence lengths of lc = 10 µm at both OCT 
wavelengths (Figure 3-1(c)).  

 Secondly, the effect of the confocal point spread function on the OCT signal at the two 
imaging wavelengths is taken into account following the procedure outlined in our previous 
work [18]. In brief, the change of the OCT signal as a function of distance between the probed 
location z in the tissue and the focus position z0 is corrected using the axial PSF, which, in the 
case of diffuse reflection, has the form: h(z)=1/ {[(z-z0)/(2nZR)] 2+1}, where ZR is the Rayleigh 
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length in air and n is the refractive index of the medium. The measured Rayleigh lengths (half 
the depth of focus) are 0.29 and 0.25 mm at 1300 and 1600 nm, respectively. Due to the 
achromaticity of the lens, the focus position is different for the two wavelength bands. The 
positions of the sample arm and reference arm lens are shifted 500 µm when changing from 
1300 nm to 1600 nm to compensate for this.  

 Thirdly, the SNR for a shot-noise limited time-domain OCT system is calculated from the 

mean square detector current ��id2�! and the noise variance �1n
2 as: 
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where �K is the quantum efficiency of the detector, Ps is the power returning from the sample 

arm; Ev is the photon energy and �' f is the electronic detection bandwidth. The ratio Ps/Ev in 
Equation 3-2 equals the number of photons returning from the sample arm per second. 
Therefore, the input power is adjusted to obtain an equal amount of photons detected from 
the sample arm with a mirror positioned at the focus The resulting input powers are 4.5 mW 
and 6.4 mW for 1300 nm and 1600 nm, respectively, and the power of the light coupled to the 
detector from the sample arm are 0.33 mW and 0.27 mW, respectively (the optical components 
have different efficiencies at 1300 and 1600 nm). Since the photon energy at 1300 nm is higher 
than at 1600 nm, the number of detected photons returning from the sample arm is equal for 
both OCT wavelengths. Because the quantum efficiency of the photodetector is equal at the 
two OCT wavelengths, the same signal is measured for the two OCT wavelengths. Although our 
OCT system is not entirely shot-noise limited, the use of the same light source and 
photodetector ensures that the noise at both wavelengths is matched and an equal SNR is 
achieved. 

 Finally, the reference arm power is adjusted using a neutral density filter to optimize the 
SNR. The lock-in amplifier demodulation frequencies f are 30.5 and 25 kHz for 1300 and 1600 

nm, respectively, but the detection bandwidth �' f is equal. As a result of the procedure outlined 
here, the SNR for an OCT measurement with a mirror in the sample arm is equal at the two OCT 
wavelengths, which we measured to be 90 dB at 1300 and 1600 nm (see Figure 3-1(c)).  

2.3 Phantom preparation 

As a scattering medium we use dilutions of a single batch of 22.7 vol.% (20 weight %) 
Intralipid (Fresenius-Kabi). Our choice is determined by the fact that Intralipid is a common 
tissue phantom for optical measurements and it allows us to achieve a high concentration of 
scatterers. For our measurements Intralipid is diluted to lower concentrations by a mixture of 
deionized water and heavy water (D2O). Heavy water has an absorption spectrum similar to 
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water, but the absorption bands are shifted to longer wavelengths [19]. Consequently, heavy 
water has negligible absorption for wavelengths lower than 1700 nm, which we experimentally 
verified. The refractive index of D2O is only slightly different from that of normal water [20], 
therefore we assume that dilution by heavy water has no significant influence on the scattering 
properties of Intralipid. The ratio of heavy water and water is such that for all samples the total 
water concentration (77 vol.%) and, consequently, the absorption is constant, and only the 
scattering properties vary. We prepared the following samples: 0.7, 1.4, 2.8, 5.7, 8.5, 11.4, 14.2, 
17.0, 19.9 and 22.7 volume % Intralipid. 

2.4 Determination of optical parameters and imaging depth 

OCT measurements at each Intralipid concentration are performed 3 times. For each 
measurement, 100 A-scans are averaged. Noise background and noise standard deviation are 
determined from the part of the OCT signal within the first glass wall. After background 
subtraction, the OCT signal is corrected for the confocal point spread function (dividing the OCT 
signal by the PSF) [18]. The OCT attenuation coefficient is determined from a single exponential 
fit of the corrected OCT signal in depth: id(z) = a exp(-µtz) with a and µt the two free running 
parameters. The influence of multiple scattering effects is minimized by using only the first 190 
µm of the OCT signal for fitting. The OCT imaging depth is calculated from the fit by extending 
the fitted curve to the point where it intercepts the noise floor (defined as the noise mean plus 
one standard deviation).  

 The scattering coefficient of our samples is determined from the measured attenuation 
coefficient by subtracting the water absorption coefficient from the fitted attenuation 
coefficient. The variation of the absorption coefficient over the wavelengths of the input 
spectra is taken into account by calculating the water absorption integrated over the input 
spectra. We obtain µa = 0.2 mm-1 and µa = 1.1 mm-1 for 1300 nm and 1600 nm spectra, 
respectively. Finally, the standard deviation is calculated from the three subsequent 
measurements.  

3. RESULTS 

3.1 OCT signal attenuation 

Figure 3-2 shows averaged OCT A-scans at three different Intralipid concentrations. The 
OCT signal magnitude at the first glass/Intralipid interface increases with concentration as is 
expected from the increasing backscattering with increasing particle concentration. The signal 
magnitudes for 1300 and 1600 nm are approximately equal, which shows that the 
backscattering coefficient is similar for both cases (the same amount of photons is detected). 
For the 0.7 vol.% Intralipid concentration, the OCT signal attenuation with depth is lower at 
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1300 nm compared to 1600 nm; for the 8.5 vol.% and 22.7 vol.% concentrations the 
attenuation coefficient is higher at 1300 nm compared to 1600 nm. 

 

Figure 3-10. OCT signals vs. depth for 0.7%, 8.5% and 22.7 vol.% Intralipid samples for the two wavelengths (data before 
background subtraction and PSF correction). 

 Figure 3-3 shows the measured attenuation and resulting scattering coefficient for all 
Intralipid concentrations. For low Intralipid concentrations the attenuation coefficient is higher 
at 1600 nm compared to 1300 nm. At Intralipid concentrations larger than ~ 4 vol.% the 
attenuation coefficient at 1300 nm exceeds that of 1600 nm. As expected, the scattering 
coefficient is higher at 1300 nm for all measured Intralipid concentrations. Note that variation 
of the scattering coefficient with Intralipid concentration shows a clear deviation from the 
linear dependence expected for low-density media: for high Intralipid concentrations we see a 
non-linear dependence of the scattering coefficient, which is attributed to multiple scattering 
and/or concentration dependent scattering [21-23]. 

 

 

Figure 3-11. Measured OCT attenuation (a) and scattering (b) coefficients versus Intralipid concentration. The solid 
lines are visual guides. Error bars depict standard deviations of the measurements. 
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3.2 OCT imaging depth comparison 

Figure 3-4 shows the OCT imaging depth for the two OCT wavelengths. At 1300 nm, the 
imaging depth is larger for low Intralipid concentrations. For example, for the lowest Intralipid 
concentration (0.7 vol.%) the imaging depth is approximately 3 mm larger for 1300 nm 
compared to 1600 nm. For 4 vol.% Intralipid the imaging depth at 1600 nm is equal to that at 
1300 nm. For higher Intralipid concentrations the imaging depth at 1600 nm is larger. At the 
maximum Intralipid concentration (22.7 vol.%) the OCT imaging depth is 30% larger for 1600 
nm compared to 1300 nm (0.8 mm vs 0.6 mm, respectively). In the limit of high Intralipid 
concentrations the effect of the water absorption on the total attenuation is small at both 
wavelengths. Consequently, the imaging depth is dominated by the difference in scattering at 
the two OCT wavelengths. 

 

 

 The inset of Figure 3-4 shows the ratio of the OCT imaging depth at 1600 nm to that at 
1300 nm. For high Intralipid concentrations the imaging depth is dominated by scattering, the 
ratio of imaging depths is larger than unity. In this limit the 1600 nm OCT wavelength has an 
approximately 30 % larger imaging depth. For low Intralipid concentration, the OCT imaging 
depth is dominated by absorption, the ratio of imaging depths is smaller than unity and 
1300 nm has a larger imaging depth.  

 It is also interesting to note the dissimilarity of the dependence of the imaging depth at 
1300 and 1600 nm on the Intralipid concentration. At 1300 nm it monotonically increases with 
decreasing Intralipid concentration. The imaging depth at 1600 nm has the same trend, except 
for low concentrations, where it starts to decrease. This difference can be explained by the 

Figure 3-12. OCT imaging depth for varying Intralipid concentration measured at 1300 and 1600 nm. The 
solid lines are visual guides. Error bars depict standard deviations of the measurements. Inset: ratio of 
measured OCT imaging depths. The dashed line indicates equal imaging depth at 1300 and 1600 nm. 
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stronger contribution of water absorption to the total attenuation coefficient at 1600 nm 
compared to 1300 nm: for very low Intralipid concentrations the scattering coefficient 
decreases, resulting in a decreasing backscattering, which lowers the OCT signal amplitude and 
the remaining high absorption lead to decrease of imaging depth. A similar effect is expected at 
1300 nm, but only for very low Intralipid concentrations, not within our measurement range. 

4. DISCUSSION 

Since the technical characteristics of the OCT setups at 1300 and 1600 nm imaging 
wavelengths are matched, only the optical properties of the sample determine the difference in 
the measured OCT imaging depth. In the determination of the OCT imaging depth, two sample 
parameters are of importance: the backscatter coefficient µb, which determines the initial 
magnitude of the OCT signal, and the attenuation coefficient µt, which determines how fast the 
OCT signal decays with depth to the noise floor.  

       The backscatter coefficient µb is formally defined as the (total) scattering coefficient of 
an isotropically scattering particle with a phase function pISO������� �S���������� where p(180) is the 
phase function of the original scatterer in the backward direction. This leads to µb � �� ���Œ�—s 
p(180). In the OCT geometry the following interpretation of µb is more appropriate:                                      

µb = µs �³NAp���������Œ�V�L�Q���G��, e.g. the phase function integrated over the numerical aperture (NA) of 
the OCT sample arm lens in the backscatter direction. From Equation 3-1, the magnitude of the 
OCT signal immediately after the front glass-Intralipid boundary (z = 0) is therefore proportional 
to the square root of the scattering coefficient µs.  Figure 3-2 shows that the OCT magnitude 
increases with Intralipid concentration, consistent with the observed increase in the scattering 
coefficient. In addition, the magnitudes of the OCT signal at 1300 and 1600 nm for the same 
Intralipid concentration are similar. This suggests that the difference in backscattering 
coefficient at these wavelengths is small. Since µs is larger at 1300 nm compared to 1600 nm 
(Figure 3-3(b)), we conclude that the Intralipid scattering phase function in the backscattering 
direction (180°) within the detection NA is higher at 1600 nm compared to 1300 nm. This 
observation is consistent with a reduced size parameter at 1600 nm compared to 1300 nm 
making the phase function more isotropic at 1600 nm compared to 1300 nm.  

 Our measurements are performed on samples with constant H2O content. The reported 
scattering coefficients are calculated by subtracting a constant absorption from the measured 
attenuation coefficients (Figure 3-3(a)). Using this method we obtain a µs that approaches zero 
when no scattering is present (zero Intralipid concentration; see Figure 3-3(b)). In addition, the 
value of the scattering coefficient µs at 1300 nm is in good agreement to those found in Ref. 
[23]. For all Intralipid concentrations the scattering at 1600 nm is lower compared to 1300 nm. 
However, since the absorption is higher at 1600 nm, the OCT imaging depth is enhanced 
compared to 1300 nm only for Intralipid concentrations above 4 vol.%. For Intralipid 



 

45 
 

concentrations lower than 4 vol.% the lower scattering coefficient at 1600 nm is compensated 
by the higher absorption, resulting in an increased imaging depth for 1300 nm. In the limit of 
very high Intralipid concentrations the H2O absorption coefficient can be neglected and the 

difference between the scattering coefficients at the two wavelengths saturates at �' ��s ~ 2.1 
mm-1. Consequently, the OCT imaging depth enhancement also reaches a plateau at a 
difference of 200 µm, i.e. 30 % higher for 1600 nm compared to 1300 nm. 

 Recent work on the comparison of the performance of OCT systems with light sources 
centered at 1300 and 1650 nm [14] showed that the ratio of the attenuation coefficients for   
10 wt.% Intralipid at 1300 nm to 1650 nm is 1.24. This value is close to our result for this 
Intralipid concentration, which is 1.29 (with a minor difference in water absorption and central 
wavelength). However, because of the differences in setup characteristics and the fact that in 
the published work the attenuation coefficient was calculated without correction for the 
refractive index of Intralipid, it is difficult to compare our imaging depth measurements with 
these published results. 

 It is interesting to compare the scattering coefficient of Intralipid at 1300 and 1600 nm. 
For a polydisperse solution of particles, like Intralipid, and the absence of strong absorption, the 
wavelength dependency of the scattering coefficient is described empirically in the form of a 
power law: ��s ~ A(��)-SP, where A and SP are the parameters for scattering amplitude and  
scattering power, respectively [24]. The parameter A is associated with the magnitude of the 
scattering, but does not depend on wavelength: tissues with high scattering coefficient µs have 
high A parameter and vice versa. The SP parameter determines how strong the scattering 
changes with wavelength. The value of SP is related to the average size of the scatterers: for 
particles with diameter d much smaller than wavelength of light (�G������) the parameter SP 
approaches 4 (Rayleigh scattering regime). With increasing particles size, the SP decreases (Mie 
scattering). From this simple model, changes in the scattering coefficient with wavelength 
(��1���� 2) can be described as follows:  
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Figure 3-5 shows the measured scattering coefficient at 1600 nm versus that at 1300 nm for all 
Intralipid concentrations. From a linear fit to the data points using Equation 3-3 we find               
SP = 2.8 ± 0.1, which is close to a previously reported value of SP for Intralipid SP = 2.4  [24, 
25]. In addition, Figure 3-5 shows that the relative difference in the scattering coefficient at 
1300 to 1600 nm remains approximately constant for all Intralipid concentrations. We can 
conclude that concentration dependent scattering effects are similar for the two wavelengths. 
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 Since the SP parameter describes the wavelength dependence of the scattering 
coefficient, this parameter can be used to predict changes in the OCT imaging depth with 
wavelength for biological tissues. From Equation 3-3 follows that for samples with a low SP the 
variation in scattering with wavelength is small. In this case, the increase of the OCT imaging 
depth with increasing wavelength is expected to be small. For samples with a high SP the 
scattering coefficient shows a strong variation with wavelength and a relatively large increase 
of the OCT imaging depth can be expected. Additionally, for samples with significant water 
content, the higher water absorption in the 1600 �t 1800 nm spectral band is a counteracting 
factor. Therefore, we expect an increase of the OCT imaging depth for samples with high SP 
and low water content (e.g. enamel) and we do not expect an increase of the OCT imaging 
depth for samples with a low SP and high water content (e.g. skin). However, since the 
wavelength dependence of the backscattering coefficient is not known a priori, the procedures, 
as outlined in this paper, should be followed to determine the optimum OCT imaging 
wavelength.  

 

5. CONCLUSIONS 

We present a quantitative comparison of the OCT imaging depth in Intralipid (with 
constant water content of 77 vol.%) at 1300 and 1600 nm. For Intralipid concentrations larger 
than 4 vol.% the imaging depth at 1600 nm becomes larger than for 1300 nm. We show that for 
high Intralipid concentrations the use of 1600 nm light gives a 30 % larger OCT imaging depth 
compared to 1300 nm. Despite concentration dependent scattering effects, the ratio of 
scattering coefficients at the two wavelengths is constant. Additionally, we observe that 

Figure 3-13. Measured µs at 1600 nm versus 1300 nm. Sample points are marked according to the Intralipid 
concentration. From a linear fit to the data (solid line) we determine the SP value for Intralipid (indicated). 

The dashed lines indicate the 95% confidence interval of the fit. 
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difference in the backscattering at these wavelengths is small, which suggests that the 
backscattering phase function at 1600 nm is higher than at 1300 nm. Regarding application to 
biological tissues, an increase of the OCT imaging depth at 1600 nm for samples with a high 
scattering power parameter and low water content is expected. 
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In this work we demonstrate measurements with optical coherence tomography (OCT) of the 
scattering phase function in the backward direction and the scattering anisotropy parameter g. 
Measurements of the OCT attenuation coefficient and the backscattering amplitude are 
performed on calibrated polystyrene microspheres with a time-domain OCT system. From these 
measurements the phase function in the backward direction is determined. The measurements 
are described by the single scattering model and match Mie calculations very well. 
Measurements on Intralipid demonstrate the ability to determine the g of polydisperse samples 
and, for Intralipid, g = 0.35 ± 0.03 is measured, which is well in agreement with g from 
literature. These measurements are validated using the Intralipid particle size distribution 
determined from TEM measurements. Measurements of g and the scattering phase function in 
the backward direction can be used to monitor changes in backscattering, which can indicate 
morphological changes of the sample or act as contrast enhancement mechanism.  
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2. INTRODUCTION  

Optical coherence tomography (OCT) is a non-invasive imaging modality that is used to 
image the morphology of turbid media. An important application of OCT is to quantitatively 
determine the optical properties of tissue. The attenuation coefficient of the OCT signal can be 
used to characterize tissue [1-3] and to determine the OCT imaging depth [4]. In contrast to 
frequently reported measurements of the OCT attenuation coefficient, quantitative 
measurements of the OCT backscattering are reported less often. The OCT backscattering 
coefficient can be quantified [5] and used for tissue characterization, visualization, and/or 
contrast enhancement [6]. In addition, the variation of the OCT magnitude in time can provide 
quantitative information about flow [7] and diffusion [8]. Quantitative measurement of the OCT 
(or low coherence interferometry) magnitude as a function of angle and/or wavelength [9, 10] 
can provide information on the scattering phase function and the size of the scatterer. 

The scattering phase function, which describes the angular probability distribution of the 
scattered light, is parameterized by the scattering anisotropy parameter g, which is the average 
of the cosine of the scattering angle. The scattering anisotropy plays an important role in 
diffusive light transport, for example in diffuse reflectance spectroscopy. Also in OCT, g plays an 
important role as it determines the amount of backscattering and in the quantification of 
multiple scattering effects in (Doppler) OCT [11]. The possibility to extract g from OCT 
measurements is very attractive, because, in comparison with commonly used goniometric or 
integrating sphere methods, the non-invasive nature of OCT allows for in-vivo application.  

Two models are available for a quantitative description of the OCT signal: the single 
scattering model and a comprehensive model based on the Extended Huygens-Fresnel principle 
[12]. The first model gives good results for weakly scattering, non-absorbing media [13] and 
describes the OCT signal by a single exponential decay function. The latter model can be used 
to estimate g from a fit of the model to the OCT signal in depth, but is valid only for samples 
with small-angle forward scattering (e.g. high g). The obtained root-mean-square scattering 
angle ��rms can be related to g if the phase function is known. In this model the scattering 
coefficient ��s and ��rms (or g) only can be separated when multiple scattering effects are 
significant. However, an increase of µs can counteract a decrease of ��rms (i.e. increase of g) in 
the fit model and the fit parameters are not (statistically) independent [14].  

Here we present a simple method based on the single scattering model to determine g 
from OCT measurements. We demonstrate experimentally, for the first time to our knowledge, 
that this model can be used for measurements of the scattering phase function in the backward 
direction and in specific cases for measuring g.    
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2.  MATERIALS AND METHODS 

2.1 Single scattering model of the OCT signal 

In a loss less time-domain OCT system without focus tracking the OCT detector current 
id(z) as a function of depth z is equal to the backscatter profile of the sample as function of z 

convoluted with the complex coherence function �J(2z/c) [15]. For a perfect mirror in air 
positioned in the sample arm located at z = 0 (a single reflector), the OCT detector current 
signal is: 
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where �� is the detector conversion factor from the incident light power to the electric current, 
Re{} is the real part of the complex coherence function,  c is the speed of light, rmirror is the field 

reflection coefficient of the mirror, h(z) is the confocal point spread function [16], �G(z) = 1 for    

z = 0 and �G(z) = 0 for all other z. The powers Pr and Ps are the powers incident on the reference 
and sample arm, respectively. Performing the convolution in Equation 4-1 and taking the 
square of the OCT signal at z = 0 , 
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where it is assumed that h(0) = 1, i.e. the mirror is in the focus. For a scattering medium the 
situation is more complicated. A one-dimensional single scattering model is assumed where 
homogenously distributed scatterers all add coherently to the OCT signal. Assuming that the 
OCT signal for a homogenous scattering medium is the sum of all scattering contributions (see 
section 4.3 for a discussion), the detector current is:  

�� �� �� ��zPPzh
c

zn
zi sNAbsr

med
d �P�P�J�K 2exp)(

2
Re , ���…

�¿
�¾
�½

�¯
�®
�­

�¸
�¹

�·
�¨
�©

�§�  (4-3) 

with nmed the group refractive index of the medium, µb,NA the effective backscattering 
coefficient (quantifying the part of the light that is backscattered into the detection NA of the 
OCT system); µs the scattering coefficient. The factor 2 in the exponent of Equation 4-3 
accounts for the round-trip attenuation to and from depth z. In a scattering medium with 
attenuation µs the amplitude of the OCT signal can be found by extrapolating the attenuated 
OCT signal to z = 0. The square of the OCT signal at the interface is:  
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where coherence length lc is defined in single pass and according to Schmitt et al. [13] and 

Goodman [15]. Note that this coherence length definition is a factor 75.02ln8 �|�S  smaller than 
the commonly used definition related to the axial resolution in OCT, which is defined as the full 
width at half maximum of the Gaussian�tshaped coherence point spread function of the OCT 
amplitude [17]. The constant Q describes the heterodyne intensity back-coupling efficiency 
from a scattering medium compared to that of a mirror and ranges from 0 to 1 (see section 
4.3). From this analysis it can be observed that µb can be determined by dividing Equation 4-2 
by Equation 4-4. The backscattering coefficient is: 
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 with the backscattering coefficient µb proportional to the scattering coefficient times the phase 
function integrated over the NA in the backscattering direction, pNA. Note that by taking the 
ratio of two OCT measurements additional loss factors in the OCT system do not influence the 
determination of µb.  

In the absence of absorption, the scattering coefficient µs can be determined from the 
slope of the OCT signal. For media with the absorption and in the single scattering 
approximation, the light travels in a ballistic way and Lambert-�������Œ�[�•�� �o���Á�� �����v�� ������ ���‰�‰�o�]������ �š�}��
calculate the total OCT attenuation coefficient µt, which equals µt=µ s+µa. Consequently, µs can 
be obtained by subtracting the absorption coefficient from the total attenuation coefficient 
obtained from the slope of the OCT signal. The scattering phase function in the backscattering 
direction can be obtained by integrating the scattering phase function �S������ over angles from �Œ - 
NA to �Œ. The phase function integrated over the NA, pNA describes the fraction of scattered 
photons which are detected by OCT system, i.e. pNA=µb,NA/µs . Consequently, pNA can be 
determined using Equation 4-5 and µs : 
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Since pNA is related to the phase function, the scattering anisotropy g can be determined from a 
determination of pNA if the shape of the phase function is known a priori. 

2.2 OCT measurements 

For our study we utilize a home-built time-domain OCT system, which is described in 
detail in Ref. [4]. In summary, light from a Fianium light source is filtered to obtain a spectrum 
centered at 1300 nm, which is coupled into a fixed focus OCT setup. The axial resolution of this 
system is 9.7 ± 0.1 µm as was determined from the full width at half maximum of the OCT 
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magnitude point spread function. The signal to noise ratio is 90 dB. The Rayleigh length, 
measured with mirror in the sample arm, is 292 ± 9 µm. The corresponding Gaussian beam 
waist is   9.6 ± 0.2 µm and the numerical aperture NA of the sample arm lens is 0.043 ± 0.001. 
Prior to the experiment, the OCT system is calibrated for quantitative measurements of the 
backscattered power. Due to the limited dynamic range of the OCT system, the power from the 
mirror is measured using different calibrated neutral density filters in the sample arm.  From 
the dependence of the OCT signal on the optical attenuation the reflected power and the OCT 
magnitude can be directly compared to the signals for the scattering sample (no optical 
attenuation in the sample arm) in Equation 4-6.   

 OCT measurements on suspensions of scatterers are performed in a 1 mm thick glass 
cuvette. The cuvette is placed in the sample arm at ~ 70° angle relative to the incident beam to 
avoid specular reflections in the OCT signal. The sample arm beam is focused at the first glass-
medium interface. Measurements for every solution are performed independently for 5 times. 
For each measurement, the average of 100 A-scans is taken. After background subtraction the 
OCT signal magnitude is corrected for the confocal point spread function [16]. The OCT 
attenuation coefficient is determined with a two parameter single exponential fit of the 
measured OCT signal in depth (corrected for the refractive index of water). To reduce the 
effects of multiple scattering, the scatterers concentration is kept low to create samples with 
scattering coefficients below 5 mm-1 (as calculated with Mie theory). In addition, only the first 
500 data points (190 µm) of the OCT signal (starting at ~ 60 µm depth after sample front 
surface) are used for fitting the single exponential decay. The scattering coefficient is calculated 
by subtracting the water absorption coefficient (µa = 0.2 mm-1) from the fitted attenuation 
coefficient. Finally, the scattering cross section �1s is calculated by dividing the scattering 
coefficient by the known particle concentration. The OCT signal amplitude at the front glass-
sample boundary is determined from the exponential fit by extending the fitting line to zero 
depth (see Figure 4-1). Zero depth was determined from the crossing of the OCT signal with the 
vertical drop line at half height. With this method the OCT signal magnitude is determined on 
an absolute scale in [mW1/2] units. This is indicated in Figure 4-1 on the right hand side scale for 
a measurement of a scattering medium for 400 nm diameter particles. The peak of the 
backscattered power in the heterodyne (OCT) signal is of the order of 90 picoWatts.  
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Figure 4-14. OCT measurement of backscattered power from a suspension of 400 nm diameter polystyrene microspheres in 
water. The vertical scale on the left is converted to absolute units of square root of power using the power calibration and is 

indicated on the right. The attenuation coefficient is determined from the single exponential decay fit (solid red line); the 
amplitude of the OCT signal from the sample surface is determined by extending the exponential fit to zero depth (dashed red 

line). Zero depth is indicated (dashed blue line). 

 

2.3 Scattering samples 

Polystyrene microspheres (Thermo Scientific, USA) are used as scatterers, certified by 
NIST traceable procedures, with the concentration of the sample calculated based on the used 
dilution (1 wt.% concentration). The microspheres have mean diameters of 203 ± 5, 400 ± 9, 
596 ± 6, 799 ± 9, and 994 ± 10 nm and size distribution standard deviations of 4.7, 7.3, 7.7, 4.8 
and 10 nm, respectively. Mie calculations are performed based on mean diameters to calculate 
the scattering cross section and phase function of the polystyrene particles. The refractive 
index of water (nwater=1.32) and polystyrene are used (npolyst=1.57 [18] ) as input. From Mie 
calculations, the scattering anisotropy, i.e. the g of these microspheres, is calculated to be: 
0.07, 0.29, 0.62, 0.73, and 0.81 for increasing sphere diameter. Also, from the calculated phase 
functions, the scattering efficiency in the backscattering direction pNA is calculated by 
integrating the phase function over the NA of the sample arm focusing lens.  

 Measurements performed on Intralipid samples are used as an example of our 
technique to a polydisperse medium. Intralipid is an aqueous suspension of polydisperse lipid 
droplets, which is often used as a tissue phantom for optical measurements. Recently we 
showed that for high Intralipid concentrations multiple and dependent scattering effects play 
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an important role and lead to nonlinear changes in the scattering coefficient with concentration 
[11]. To avoid these effects, measurements with low concentrations Intralipid (0.7, 1.4 and 2.8 
vol.%) are performed. The samples are prepared by dilution of a single batch of 22.7 vol.% 
Intralipid (Fresenius-Kabi) with deionized water. The refractive indexes used for Mie  
calculations of Intralipid are: nwater = 1.32 for water; nlip = 1.46 for lipid droplets [19].  

 To correlate our OCT measurements to the size of the scatterers in the polydisperse 
Intralipid suspension, transmission electron microscopy (TEM) measurements are performed to 
determine the size distribution of the scatterers in Intralipid. For TEM imaging the samples 
were cryoprotected with glycerin and frozen in liquid ethane at the temperature of liquid 
nitrogen. The samples were replicated in a vacuum better than 3×10-7 mbar at a temperature of 
-120°C. A platinum layer (2 nm) was evaporated at an angle of 450 and carbon (20 nm) was 
deposited at an angle of 900. The replicas were cleaned with house hold bleach and collected 
on 300 mesh copper grids. The replicas were then imaged with a FEI T2 electron microscope at 
a magnification of 26500. Images were collected with a SIS Velata camera in a 2048×2048 
format. QWin-pro (Leica) software was used to determine the diameters. In total, 2019 particle 
diameters were measured. 

3. RESULTS 

3.1 Polystyrene microspheres 

From an OCT measurement, like the measurement shown in Figure 4-1, the scattering 
coefficient for a solution of particles is determined. Figure 4-2(a) shows the scattering cross 
section of polystyrene microspheres for the different diameters obtained from the scattering 
coefficient. The experimental results are compared to Mie calculations and good agreement is 
observed (typical error is within 10 %). Consequently, it can be assumed that multiple scattering 
effects are negligible and that the single scattering model is valid for a description of the OCT 
signal. From the data in Figure 4-2(a) and the measured OCT magnitude at the interface, pNA is 
determined using Equation 4-6. Measurements of pNA for all diameters are used to calculate the 
average heterodyne intensity back-coupling efficiency Q = 0.26 ± 0.04, which is used to 
compare pNA to Mie calculations in Figure 4-2(b). The experimental points match the calculated 
values reasonably well and the oscillations in pNA due to the diameter dependent lobe structure 
of the backscattering efficiency are clearly observable. 

3.2 Intralipid 

The phase function in the backscattering direction pNA can be used to estimate the 
average size of the scatterers and, consequently, g. To determine the average diameter, the 
crossing point of the horizontal line through the experimental point of pNA and the calculated 
curve of pNA for each scatterer size has to be found. The obtained crossing point specifies the 
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average particle diameter (Figure 4-2(b)). Finally, the average particle diameter corresponds to 
a scattering anisotropy g (Figure 4-2(c)).   

  

Figure 4-15. Results of Mie calculations and experimental measurements of: a) scattering cross-section of polystyrene 
microspheres (error bars are smaller than symbols); b) scattering phase function pNA of polystyrene microspheres (error bars 
are standard deviations); the dashed line indicates the measured value of pNA for Intralipid (standard deviation is given in the 
text); c) Mie calculations of g versus particle diameter at 1300 nm for polystyrene microspheres. Arrows show the average 
particle diameter and the g of Intralipid. Dotted lines indicate the limits of our method for particle diameter and scattering 

anisotropy (grey zone �t region of applicability). 

To demonstrate our method on non-calibrated samples we apply it to Intralipid as a 
polydisperse suspension of scatterers. Following the same procedure as for polystyrene 
microspheres, pNA of Intralipid is determined. For low particle concentration, pNA is independent 
of the concentration of scatterers and the pNA values for all measured Intralipid concentrations 
(1.30·10-4, 1.26·10-4 and 1.11·10-4 for 0.7, 1.4 and 2.8 vol.% Intralipid correspondingly) are 
averaged. The resulting value (pNA= (1.22 ± 0.21)·10-4) is plotted in Figure 4-2(b) (although the 
refractive indexes of polystyrene spheres and Intralipid droplets are different, this has 
negligible influence on the calculated pNA). From Figure 4-2(b), the crossing point of the line of 






































































