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CHAPTER 1

Introduction






Medical imaging is disciplinewhere the fields of mathematics, physics, biology, and
medicine are combined in the acquisition, computation and interpretation of titeeensional
images of (human) tissueA variety ofimaging modaties that provide information about
morphologcal structure and function of biological tissues has beealeveloped These
modalities are based on electromagnetic waves (magnetic resonance imagiag c&mputed
tomography, confocal microscopy), sound Ka#tonography), or nuclear tracers (positron
emission tomography, single photon emission computed tomography). In the last decades,
these medical imaging modalities have becomdey tool in disease diagnosis, treatment
monitoring, and disease prevention.

Compared to other imaging techniques, optical imaging isdost, can be used in nen
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 strongrsogtof light in
biological tissues.

Optical coherence tomography (OCTaigelatively newoptical imagingechnique. OCT
is the optical analogue of ultrasound imagin@ which light (instead of acoustic wavgs
backscattered from tissue structures detected Due to the high speed of lightthe path
length that the light has travelled into the tissue is determined uslog-coherence
interferometry (instead of time of fight as for acoustic puls¢s). With OCT high resolution
(2-10 pm) crosssedional images of biological tissueg to 1-2 mm deep can be acquired
Figure 11 shows an overview of many medical imaging modalities based on their imaging



depth and spatial resolution. As can be seen, OCT fills up the gap that is present between
confocal microscopy and high frequency ultrasound
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Figurel-1. Axial (depth) resolution and obtainable imaging depth for biomedical imagaualities:single photon emission

computed tomographySPECT), positron emission tomgdma(PEY, X-rayscomputed tomographyCT), magnetic resonance

imaging(MRY), ultrasound(U9 (various frequenciesphotoacoustic imaging (PAfptical coherence tomographC7 and
(confocal)microscopy ((C)M).

OCT has found many applicatoom medidne, e.g.in ophthalmology, where cross
sectional retinal imaging provides previously inaccessible information atheutondition of
the retina. OCT is also used for visualization of the anterior segment of the eye, which is
particularly important in thediagnosis of glaucomé&lsing a fiber optic probe, OCT can also be
applied endoscopically. Imaging of (vulnerable) plaquesaging of stent placement,and
characterization of the structural integrity of the vasculature in the coronary artery provide
valuabe information for diagnosiand treatmentof vascular disease€urrently, OCT is being
evaluated in manyfields of medicing including dentistry, dermatology, urology, and
developmental biology2-14].

The field ofOCT is continuouslydevelopingcycle, in which clinical applications lead to
more research, which leads to improved technology, which opens up new applications.
Furthermore, lesides imaginglifferent features of the backscattered light can be analyzed, for
exampleits spectal content, polarization stateand Doppler shift, which can be used to
determine functional parameters of the tissue as blood oxygen saturation, tissue birefringence
and blood flow, respectivelj15-21]. Consequentlynext to the improvement of OCT system
performance alsothe extraction of morefunctional, i.e.morphological andor physiological
information, from the OCT signa currently being investigated



OCT PRINCIPLE

In its most basic formOCTis based onow coherence interferometry with 8Michelson
interferometer. Figurel-2 showsa schematic representationf a time-domain OCT (TDCT)
setup. A ollimated beam froma light source is split int@ reference and sample arm. Light,
backreflected by the scanning mirror in the reference aand backscatterefrom the tissue

Scanning mirror

|
- L1
L2 J'I B
l I .'(— .4:7 Light Source
Sample 1
- L3

Detector

Figurel-2. Schematic drawing of Michelson interferometer based OCT setufpeBmsplitter; L1, L2 and L3 are reference,
sample and detector arm lenses correspondingly.
under studyin the sample arm, is combined and directed the photo detector. The electric
field at the detector is the sum of the samplg and reference arnkg fields. The detector
measures the intensity of théetectedlight Ip, which in case of a single reflector in the sample
arm and a monochromatic light sourdse,proportional to the squaref the total fieldgiven by

lp ~|Ed]” |Es|* 2E:Escosk'L (1-1)

where 'L is theoptical path length difference between the reference anahgplearms of the
interferometer, andk is the wave numbe[22]. For a broadband light source as used in OCT,
equation }1 is integrated over the source spectrurf. the reference arm is scanned,
interference fringes are generated as a function of tiae long as the optical path length
difference ‘L is within the coherence length of the light source. The frequency of the
interferencesignal is determined by the reference mirror veloatyd the wavelength of the
light, the amplitudeof the interference signat determined by the backsttaring properties of
the sample.Note that the frst two termsin Equation 11 describethe DCoffset of the signal
which in generalis rejected bybandpass filtering and/ofock-in detectionat the modulation
frequency The thirdterm is the interferonetric signal, containing information abotlte depth-
dependent reflectivity of the samplén a timedomain OCT system without focus trackitige
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OCT detector currenty( 'L) is equal to thefield-backscatter profile of the samplgz) as
function of depth z (z= 'L/2n) convoluted with the complex coherence functiog ‘L/c) [23].
The OCT ettector current signahs a function otis given by

- s
i, z N?ec_@ig%‘ ieﬁ.h(z)r(z),/eps (1-2)
¢

where is the detector conversion factor from the incident light power to the electric current,
Re{}is the real part of the complex coherence functions the refractive index of the medium,

c is the speed of lightn vacuum h(z) is the confocal point sprehfunction describing the
change of the OCT signal as a function of distance between the probed lozatitime sample
and the focus positiorr [24]. The powers, and Ps are the powersfrom the reference and
sample arm, respectivelince theeferencemirror position at each moent is known, i.e.’L

is controlled, the irdepth image of a sample can be reconstructasl a function ofz by
longitudinal scanning of the reference ariinally, a threedlimensional image of the sample
can be obtained by lateral scanning of the sampladquire a 2D array of depth scans.

The axial resolution in medium with refractive indexs determined by the central
wavelength ¢ of the light sourceAssuming a Gaussian shaped spectrum with a full width at
half maximumspectral bandwidth’ , the axidresolution / Jcan be calculated as:

& 2in2 @

nS O
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/e® width), focused by the lens with focal lengthdiameter of the focal spot is calculated
as:

(1-3)

& % (1-4)

FOURIEROMAIN OCT

A superior approachto the depth ranging using a moving reference mirisrthe
acquisition of the interferomiic signal as a function dhe optical wavenumbemwith a fixed
group delay[25]. This method, called Fourielomain OC, has twdorms. Spectraldomain OCT
(SDOCT) uses a broadband light source and a spectrometer in the aetectn to detect the
interference spectrum26]. The second approaclswept-source OCT (SSCT), employs the
single detector in the detector arm (similar to -TICT), but instead @broadband light source,
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a wavelength sweepindpser is used27-29]. The swept laser haa narrow instantaneous
linewidth, which is raplly tuned through a broad optical bandwidth.

In Fourierdomain OCTa single reflectom the samplearm results in a periodic fringe in
the k-spacedomain whose frequency and amplitude are diregttpportional tothe depth and
reflectance of the sampletespectively.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 imagindepth znaxin Fourierdomain OCT is determined as:

Zax —Q (1'5)
an G (

where / is the sampling wavelength interval.

FourierDomain OCT haseveraladvantages over TFDCT. First of althe absence ofa
mechanically scanned mirror in the refe@narm makes higher data acquisition rapessible.
Second Fourierdomain OCT measures all depths simultaneously. Thitiysensitivity of FD
OCT is higher than TOCT .Typically FBDCT ha20-30 dB better sensitivitghan TDOCT (for
the same data aguisition rate)[30-32]. In practice, the sensitivity advantage of-BIZT is used
to increase the imaging speed, which is especially useful for measurements on humans

For SSOCT the development afapid swept lasers withlarge bandwidths and high
output powersis required. Although the stationary mirror in the reference arm and single
photo detector in the detector arm simplify theptical desigrof the OCT system, all mplexity
is moved to the design of the swept light source. To achieve high axial resolution in OCT
applications, the swept laser should haadroad spectral output. Folarge imaging deptls a
narrow instantaneous linewidth is requiredhich preferably isnuch smaller than the sampling
wavelength interval (equation-%), otherwise the fringe visibility becomes very small at the
maximum imaging depthFinally, for ivivo imaging, high sweepates are needed.Still,
comparing SEDCT and SSCT, swepsourceOCT 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 achievggoodsweeing performance, different lasers and different tuning techniques
are demonstrated. In general, OCT applications require lasersantoad emission spectrum
(e.g.dye, semiconductors, Ti:Sapphgein material) Tuning can be performed mechanically or
electronically for which the latteris preferred due ta more stable performance-dowever, the
time necessary to buildp lasing from the spontaneous emissioraigndamental limitation in
the maximum achievable sweeping rd&3]. Recently, significant advantage in the field of the
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swept laseris achieved byhe demonstration of Fouer-domain modelocking (FDMLlasers
with sweeping rates up t&.2 MHz[34-36]. In this technique, laserare based upora 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 demon&rativanced sweeping performance,
the development of new types of swept lasers contini@g, 38] and issues related to the
optimization of such lassiin terms of prize, form factor, and performant@ OCT applications
still need to be addressed.

LIGHITISSUE INTERACTION

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

P R R (1-6)

where s is the scattering coefficient, ang, is the absorption coefficienin the near infrared
part of the optical spectrum,hie majority of biological tissues are highly scattering naeslith
the scattering coefficients larger than trebsorption coefficients However,for longer near
infrared wavelengths théncreased lighabsorptionby wateralso becomes significant factor
of light attenuation(Figure 13).
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Figurel-3. Thelight absorption coefficient of water as a function of wavelength.

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).
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Consequently, fosuperficial tissue lays with low scattering coefficientghe single scattering
model is appropriate to describe the light attenuation. In this ceeballistic light intensitys
described byhe law ofLambertBeerandattenuates exponentially with depth:

12 loexp( £2) (1-7)
wherelgis the intensity of the light at the tissue surface, d(® is the intensityat depthz. For
OCT, the single scattering model results aetected OCT signtlat is described ag39]:

i4(2) vyexp( 2 £z (1-8)

The factor 2in the exponentis caused by the double path lengthe detected light travels
through the scatteringmedium, andthe squareroot is because the detector current is
proportional to the sample field rather thasampleintensity (Equation 12).

Scattering bya single particle is characterized biye scattering crossection 1, which
descrikes the light scatteing capability in units of cross sectional ar8de larger the cross
section, the more likely the scattering occurs. The scattering coefficiemsample containing
many scatterers is the product of the scatteringsssection 1 and the number of scatterens
per unit volume:

R NV (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 int€h@p

Classical light scattering theoiyr small particlesvas derived by Rayleighorspherical
particles witha diametermuchsmallerthan the wavelength of the incident lighthe scattering
crosssection is

2

28d° &m* 1

3 bgr 2i

where d is the particle diameterand m is the relativerefractive index i.e. the ratio of the

(complex) refractive index of the particle to the refractive index of a mediismcan be seen,

Rayleigh scattering is strongly dependent on the wavelergjthight the scattering cross
section is inversely proportional to fourth power of wavelength

(1-10)

For scatterers comparabl® or larger than the wavelengtbf light, the Rayleighight
scattering theory breaks down. In this case, light scattering can be describedobyng
Maxwell[ .equations for whichthe exact solution fotight scattering by a single sphere was
given by Mie. Mie theory is applicable for the scattering from spherical, homogeneous,
isotropic and normagnetic particles in a neabsorbing medium. Thevavelengthdependence
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of Mie scattering is more complex than Rayleigh scattering. In gerteeagcatteringdecreases
with increasingvavelengthof the incident lightat a lower rate than for Rayleigh scattering

The scattering process induces a chamgeeé direction of light propagatiothat 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 digiatticle
hasits own scattering profile, which is calletie scattering phase functionS . Thephase
function is anormalizedprobability distributionas a function of the scattering anglotted in
polar coordinatesas a function of , it represents thescattering diagram of the particle
(Figure 1-4).

diameter=100 nm

diameter=1000 nm

0 0
330 30 330 30
300 60 300 60
270 90 270 90
240 120 240 120
210 150 210 150
180 180

Figurel-4. Examples of scattering diagram for polystyrene particles with diameters of 10(
(left) and 1000nm (rightior unpolarized lighait 1300nm.

To chaacterize the anglelependent scattering properties of scatterers amore
simple way, the scattering anisotropy parametgris used. By definition, the scattering
anisotropy parametern is the average of the cosine of the scattering angVer the phase
function:

g (Jcos()2in()d T (cos & (1-11)
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The scattering anisotropy provides information aboutthe dominant direction of
scattering.The \alue ofg can be in the range frorl to 1. If forward scattering dominates, then
g approaches 1;g approaching O epresentsequal scattering in forward and backward
direction, e. g. foRayleigh scattering.

The scattering coefficients gives information about th@umber of scatterersthe size
of the scatterer, anddifferences in the refractive index betweethe scdterer and its
environment. The scattering anisotropy parametggives information about the size ole
scatterer. Thus, the scattering properties contadiagnostically valuable informatioan the
tissue structure and compositiofzor example, changen 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 system@ie canmeasure changes in the optical properties and relate these
changes to functional processes in biological tissues, which can be used for tissue diagnostic
purposesAs an example, development of cancer involves morphological tranat@mmofthe
cell arclitecture, i.e. increase of the nuclei size and increase of the amount of cellsh lehds
to changesn optical propertieq5, 13, 4042].

OCT IMAGING DEPTH IMPROVEMENT

Besides spatial resolution and inag speedthe OCTimaging depthis an mportant
characteristic of OCT performance. OC3 gagperficial imaging technique with depthrange of
1-2 mmin scattering tissueFor many applicationgmprovements inthe imaging depth can
open new possibilitie and applicatiorareas 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 thatassociated with elevated intraocular pressure.
Ekvation ofthe intraocular pressure results from an imbalance between the production and
drainage of aqueous fluift3-45] and is caused bythe closure of the angle between iris and
cornea As a resultschlemm{e & Jv P Z vv o } uand resyltsin anincrease of
the intraocular pressure. Visualization of this area of the anterior segment is difficult die to
highly scattering sclera. OCT systems with improved imaging depth can be successful in imaging
of this part of the eye.

One of the possilities to increase the OCT imaging depth is to use lomgaging
wavelengths for which scattering is lowefThe alvantage of using longer wavelengths was
recognized, and, aftethe first OCT systems operating at wavelengths around 800 nm, OCT at
wavelengths around 300nm and D50 nm were introduced46-49]. Clear improvement in the
OCT imaging depth was demonstratenid currently 1300 nm OCT systems are routinely used
in the clinic. Further improvenent of the imaging depth can be achieved with longer
wavelengths. Howevewyith increasing wavelength the light absorption by water increases, see

15



Figure 1-3 [50]. Until approximately 1360 nnthe absorption is relatively low and has negligible
influence on the light attenuatiorHowever,the water absorption pealat 1460nm results into

an increase irabsorption to 2.9 mnl. Consequently, for wavelengths larger than 1360 nm the
light penetration is governed by both absorption and scattering, and the optimal wavelength
depends on the relativeontribution of the two effects.

The 16001800 nm spectral rangpresents an opportunity for increased OCT imaging
depth as theabsorption isrelatively low(only 0.67 mm™ at 1600 nmcompared t00.11 mm™ at
1300 nn) andscatteringis muchlower comparedto the 1300 nm windowConsequentlyfor
some biological tissueshe decrease in scattering can be larger than the increase in the
absorptionby water,which canresults inan enhancedCT imaging depth. The reported optical
properties of some biologicaissues in the NIR spectral range suggest that sittancement
is possiblg51-54], which was supported byomparative studies of the Odigihtimagingdepth
at different wavelengths[55, 56] However, quantification of the imaging depth is difficult
because the OCT system performance has to bk eadibrated for the imaging wavelengths
that are used in the comparison.

SCOPE OF THIS THESIS

In this thesidJ v3]30 ~ A 0}%u v3 }(-\wuWES[EV thevebtdEtial of
OCT for improved imaging depth and for additional tissue anatysivestigated. In Chapter, 2
we investigated potential wavelength bandsfor OCT imaging depth improvemerity
performing an analysis ofthe wavelengthdependent NIR light penetration depthThe
proposedimaging depth quantification formalisis testedusing Intralipid opticatransmission
measurements, and applied to three kinds of biological tissues. In Chapter 3, the OCT imaging
depthis quantified and measurearound 1300 nm and 1600 nmsing a TBDCT setupf which
the technical characteristics ahe twowavelengthregiors are matchedThe rext two chapters
focus on methods to extract functional information from the OCT signéh particular, we
focused ormeasurements ofight backscattering characteristio$ tissue phantoms (Chapter 4)
and cells(Chapter 5) In Chapter 4 wealetermined the relation between the OCT signal
amplitude andthe scattering anisotropg. Chapter 5 show®CT measurements tfe optical
properties of the thin samples: absolute measurements of the scattering coefficientinn th
phantoms, and measurements oélative changes in the backscattering arsingle layer of
retinal pigment epithelium (RPE) cells duritige development of apoptosisChapter 6
describes the construction of swept laserand its fundamental performancenaracteristicsA
swept Ti:Sapphire laser with intracavity acousfatic tunable filter that we developed is
investigated mainly focusing on thpossibilities for optimization of the sweeping performance
for application to S®CT. Finally, Chapter 7 prd@sa general discussion and conclusions.

16



REFERENCES

1. D. Huang, E. A. Swanson, C. P. Lin, J. S. Schuman, W. G. Stinson, W. Chang, M. R. Hee, T. Flotte,
K. Gregory, C. A. Puliafito, and J. G. Fujimoto, "Optical Coherence Tomoggapny;&54, 11781181

(1991).

2. B. Cense, N. A. Nassif, T. Chen, M. Pierce, S. H. Yun, B. H. Park, B. E. Bouma, G. J. Tearney, and J.
F. de Boer, "Ultrahighesolution highspeed retinal imaging using spectddmain optical coherence
tomography," OpticExpresd 2, 24352447 (2004).

3. M. E. J. van Velthoven, D. J. Faber, F. D. Verbraak, T. G. van Leeuwen, and M. D. de Smet,
"Recent developments in optical coherence tomography for imaging the retina," Progress in Retinal and
Eye Researchb, 57-77 (2007)

4, A. M. Zysk, F. T. Nguyen, A. L. Oldenburg, D. L. Marks, and S. A. Boppart, "Optical coherence
tomography: a review of clinical development from bench to bedside," Journal of Biomedical I2ptics
(2007).

5. F. J. van der Meer, D. J. Faber, D. M. BoBasM. C. Aalders, G. Pasterkamp, and T. G. van
Leeuwen, "Localized measurement of optical attenuation coefficients of atherosclerotic plaque
constituents by quantitative optical coherence tomographEHT ransactions on Medical Imagig,

13691376 @005).

6. T. Gambichler, G. Moussa, M. Sand, D. Sand, P. Altmeyer, and K. Hoffmann, "Applications of
optical coherence tomography in dermatology,” Journal of Dermatological Sclén8&94 (2005).

7. M. C. Pierce, J. Strasswimmer, B. H. Park, B. Cenké, B. de Boer, "Advances in optical

coherence tomography imaging for dermatology,” Journal of Investigative Dermatb?3g%58463

(2004).

8. L. L. Otis, M. J. Everett, U. S. Sathyam, and B. W. Colston, "Optical coherence tomography: A new
imaging tetinology for dentistry," Journal of the American Dental Associdtii 511+ (2000).

9. R. S. Jones, C. L. Darling, J. D. B. Featherstone, and D. Fried, "Remineralization of in vitro dental
caries assessed with polarizatisansitive optical coherence targraphy,” Journal of Biomedical Optics

11 (2006).

10. K. Messeih, W. Waite, W. G. Jung, U. Schoop, Z. Chen, and P-Sfitter'Nonrinvasive, high
resolution optical coherence tomography for the early detection of dental caries," Lasers in Surgery and
Medicine, 6969 (2004).

11. X.J. Wang, T. E. Milner, J. F. de Boer, Y. Zhang, D. H. Pashley, and J. S. Nelson, "Characterization
of dentin and enamel by use of optical coherence tomography,” Applied GB&i&1922096 (1999).

12. K Barwari,D.M.de BruinEC.C. Cauberg, D. Faber, .1G. van Leeuwen,.MVijkstra, Jde la

Rosette, and M. Pilar Laguna, "Advanced Diagnostics in Renal Mass Using Optical Coherence
Tomography: A Preliminary Report,"” Journal of Endourahg$11-315 (2011).

13. E. C. C. Caalg, D. M. de Bruin, D. J. Faber, T. M. de Reijke, M. Visser, J. J. M. C. H. de la Rosette,
and T. G. van Leeuwen, "Quantitative measurement of attenuation coefficients of bladder biopsies using
optical coherence tomography for grading urothelial carcinahthe bladder," Journal of Biomedical

Opticsl15, 066013066016.

14. Z. Hu, and A. Rollins, "Qu#siecentric optical design of a microscepempatible OCT scanner,"

Opt. Expresd3, 64076415 (2005).

15. A. Baumgartner, S. Dichtl, C. K. Hitzenbergesattmann, B. Robl, A. Moritz, Z. F. Fercher, and

W. Sperr, "Polarizatiosensitive optical coherence tomography of dental structures," Caries Research

34, 5969 (2000).

16. M. J. Everett, K. Schoenenberger, B. W. Colston, and L. B. Da Silva, "Birefringenc
characterization of biological tissue by use of optical coherence tomography," Optics P&it828230

(1998).

17



17. D. J. Faber, E. G. Mik, M. C. G. Aalders, and T. G. van Leeuwen, "Toward assessment of blood
oxygen saturation by spectroscopic opticaherence tomography,” Optics Lette8§, 10151017

(2005).

18. D. J. Faber, M. C. G. Aalders, E. G. Mik, B. A. Hooper, M. J. C. van Gemert, and T. G. van Leeuwen,
"Oxygen saturatiorependent absorption and scattering of blood," Physical Review L&8g2004).

19. D. J. Faber, E. G. Mik, M. C. G. Aalders, and T. G. van Leeuwen, "Light absorptien of (oxy
)hemoglobin assessed by spectroscopic optical coherence tomography,” Optics 28ttb4861438

(2003).

20. Y. H. Zhao, Z. P. Chen, C. Saxer, Sarid, ¥i F. de Boer, and J. S. Nelson, "Pieaséved optical
coherence tomography and optical Doppler tomography for imaging blood flow in human skin with fast
scanning speed and high velocity sensitivity," Optics LeX®&ré14116 (2000).

21. J. M. Scimitt, S. H. Xiang, and K. M. Yung, "Differential absorption imaging with optical
coherence tomography," Journal of the Optical Society of AmériDatics Image Science and Visidh
22882296 (1998).

22. R. P. Earhart, and T. E. Parker, "Leasansquaes algorithm to determine submicrometer

particle diameter, volume fraction, and size distribution width by elastic light scattering,” Applied Optics
41, 44214431 (2002).

23. J. W. Goodmarstatistical opticgWiley, New York, 1985).

24, T. G. van LeeuweD, J. Faber, and M. C. Aalders, "Measurement of the axial point spread
function in scattering media using singtede fiberbased optical coherence tomographyEHEournal

of Selected Topics in Quantum Electrorfic227233 (2003).

25. A. F. Fercher,.&. Hitzenberger, G. Kamp, and S. Y. Elzaiat, "Measurement of Intraocular
Distances by Backscattering Spectral Interferometry,” Optics Communicati@n4348 (1995).

26. M. Wojtkowski, A. Kowalczyk, R. Leitgeb, and A. F. Fercher, "Full range corapte sptical
coherence tomography technique in eye imaging,” Optics Le®&rd4151417 (2002).

27. S. R. Chinn, E. A. Swanson, and J. G. Fujimoto, "Optical coherence tomography using a
frequencytunable optical source," Optics Lette28, 340342 (199).

28. S. H. Yun, G. J. Tearney, J. F. de Boer, N. Iftimia, and B. E. Bourrspeétighptical frequeney
domain imaging," Optics Exprekg 29532963 (2003).

29. F. Lexer, C. K. Hitzenberger, A. F. Fercher, and M. Kulhavy, "Wavélemgghinterferonetry of
intraocular distances," Applied Opti8§, 65486553 (1997).

30. M. A. Choma, M. V. Sarunic, C. H. Yang, and J. A. Izatt, "Sensitivity advantage of swept source
and Fourier domain optical coherence tomography," Optics Exfres&1832189 (2003).

31. R. Leitgeb, C. K. Hitzenberger, and A. F. Fercher, "Performance of fourier domain vs. time
domain optical coherence tomography," Optics Explels889894 (2003).

32. J. F. de Boer, B. Cense, B. H. Park, M. C. Pierce, G. J. Tearney, and B. Hirpoowed, Signal
to-noise ratio in spectratiomain compared with time&lomain optical coherence tomography," Optics
Letters28, 2067%2069 (2003).

33. R. Huber, M. Wojtkowski, K. Taira, J. G. Fujimoto, and K. Hsu, "Amplified, frequency swept lasers
for frequency domain reflectometry and OCT imaging: design and scaling principles," Optics EXpress
35133528 (2005).

34. R. Huber, M. Wojtkowski, and J. G. Fujimoto, "Fourier Domain Mode Locking (FDML): A new
laser operating regime and applications for opticatherence tomography," Optics Expredss 3225

3237 (2006).

35. R. Huber, D. C. Adler, and J. G. Fujimoto, "Buffered Fourier domain mode locking: unidirectional
swept laser sources for optical coherence tomography imaging at 370,000 lines/s," Optics3ktters
29752977 (20086).

18



36. W. Wieser, B. R. Biedermann, T. Klein, C. M. Eigenwillig, and R. HuberMégaltiertz OCT:

High quality 3D imaging at 20 milliorsBans and 4.5 GVoxels per second,"i€3xpresd 8, 14685

14704.

37. A. Silva, K. J. Bollemd I. D. Lindsay, "Wavelengitvept Ybfiber masteroscillatorpower-

amplifier with 70nm rapid tuning range," QpsExpresd9, 1051110517.

38. Y. J. B.W. Tilma, J.Kotani, E.Smalbrugge, H.P.M.M.Ambrosius, P.J.Thijs, X.J.M.Leijtens, R.Notzel,
M.K.Smit, ad E.A.J.M.Bente, "Integrated tunable quantaiat laser for optical coherence tomography

in the 1.7 um wavelength region," IEEErhal ofQuantum Electroits47 (2011).

39. D. J. Faber, F. J. van der Meer, and M. C. G. Aalders, "Quantitative measureatemuation
coefficients of weakly scattering media using optical coherence tomography," Optics Ex)ré353

4365 (2004).

40. M. Mogensen, and G. B. E. Jemec, "Diagnosis efmadanoma skin cancer with Optical
Coherence Tomography," Journal of Inigegtive Dermatologyl 26, S47S47 (2006).

41. W. G. Jung, J. Zhang, J. R. Chung, P. V8itdign, M. Brenner, J. S. Nelson, and Z. P. Chen,
"Advances in oral cancer detection using optical coherence tomogratyEdurnal of Selected Topics

in Quantum Eectronicsll, 811-817 (2005).

42. P. F. Escobar, J. L. Belinson, A. White, N. M. Shakhova, F. |. Feldchtein, M. V. Kareta, and N. D.
Gladkova, "Diagnostic efficacy of optical coherence tomography in the management of preinvasive and
invasive cancer of utae cervix and vulva," International Journal of Gynecological Cddcdi70474

(2004).

43. R. Ursea, and R. H. Silverm&mterior-segment imaging for assessment of glauconixpert
review of ophthalmology, 201G, pp. 5974.pp. 5974.

44, A. Konstatopoulos, P. Hossain, and D. F. AnderSBecent advances in ophthalmic anterior
segment imaging: a new era for ophthalmic diagnosiB#tish Journal of Ophthalmolod2007),91, pp.
551-557.

45, S. Radhakrishnan, A. M. Rollins, J. E. Roth, S. Yaz§améestphal, D. S. Bardenstein, and J. A.
Izatt, "ReaiTime Optical Coherence Tomography of the Anterior Segment at 13104nahives of
Ophthalmology119, (2001), pp. 1174.185.

46. K. Bizheva, B. Povazay, B. Hermann, H. Sattmann, W. Drexler, RR. Meizwarth, T.

Hoelzenbein, V. Wacheck, and H. Pehamberger, "Compact,-baratvidth fiber laser for suB-mu m

axial resolution optical coherence tomography in the 1-B0® wavelength region," Optics Lette28,

707-709 (2003).

47. M. A. Choma, K. Hsand J. A. Izatt, "Swept source optical coherence tomography using an all
fiber 1300nm ring laser source," Journal of Biomedical Oti@&005).

48. A. Unterhuber, B. Povazay, B. Hermann, H. Sattmann, A. CRiasea, and W. Drexler, "In vivo
retinal optical coherence tomography at 1040 renhanced penetration into the choroid," Optics
Expresd.3, 32523258 (2005).

49, B. Povazay, B. Hermann, A. Unterhuber, B. Hofer, H. Sattmann, F. Zeiler, J. E. Morgan,-C. Falkner
Radler, C. Glittenberg, S. Blinderdah. Drexler, "Thregimensional optical coherence tomography at
1050 nm versus 800 nm in retinal pathologies: enhanced performance and choroidal penetration in
cataract patients,"” Journal of Biomedical Opti€q2007).

50. G. M. Hale, and M. R. Querr@gtical Constants of Water in the 2@@n to 200um Wavelength
Region," Appéd Optics 12, 555563 (1973).

51. T. L. Troy, and S. Thennadil, "Optical properties of human skin in the near infrared wavelength
range of 1000 to 2200 nm.,burnal of Biomedial Optics6, 167176 (2001).

52. A. Bashkatov, E. Genina, V. Kochubey, and V. Tuchin, "Optical properties of the subcutaneous
adipose tissue in the spectral range 42600 nm," Optics and Spectrosca@§; 836842 (2005).

19



53. W. F. Cheong, S. A. Prahldak J. Welch, "A review of the optical properties of biological

tissues," IEEE Journal@tiantum Electronic26, 21662185 (1990).

54. D. J. Maitland, J. J. T. Walsh, and J. B. Prystowsky, "Optical properties of human gallbladder
tissue and bile," AppEd Optics32, 586591 (1993).

55. A. W. Sainter, T. A. King, and M. R. Dickinson, "Effect of target biological tissue and choice of
light source on penetration depth and resolution in optical coherence tomography," Journal of

Biomedical Optic8, 193199 (204).

56. L. Carrion, M. Lestrade, Z. Q. Xu, G. Touma, R. Maciejko, and M. Bertrand, "Comparative study of
optical sources in the near infrared for optical coherence tomography applicatidmgthal of

Biomedical Opticsl,2 (2007)014017

20



CHAPTER

Wavelerigpendent NIR i
penetration depth in Intr
and biological tissues



The light penetration depth in biological tissues depends on the wavelength. We propose a
method for the estimation of the light penetration depth in differtebiological tissues in the
spectral range 100Q@000 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 nmperformed. 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 sigicant improvement in the light penetration depth can be
achieved in enamel, moderatein sclera, and no improvement is expected in dentin.
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INTRODUCTION

Optical coherence tomography (OCT) has proven tartienportant imaging modity in
biomedical optics[1, 2] OCT imaging performances idetermined 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 anisotrogarameter).

One of the limitations of current OCT systems is the shallow imaging depth, which is in
the range of 22 mm in scattering tissuesAn increase of the imaging depth can improve the
diagnostic potential of OCT. Since the optical propertiehetissuevary with wavelength3],
the imaging performance of OCT systems depends on theecestvelength of the light source
that isused. Considering an OCT system with equivalent performance for different wavelengths
(such as in Chapter 3n optimal wavelengtitan be chosen to achieve the highest imaging
depthfor a particular tissue

Accordirg to Mie theory, the general trend for the scattering coefficient is to decrease
with increasing wavelengttAs a resultthe light penetration depttpotentiallycan be increased
by using longer wavelengthslistorically after the introduction of OCT witBOO nm central
wavelength, OCT at longer wavelengthaswlemonstrated and improvemestin the imaging
depth was showri4, 5. Current commercially available OCT systems operate in the spectral
rangeof 800-1300 nm Interest in using wavelengths longer than 1300 nngriswing, butthe
higher light absorptionby waterat these wavelengths raises questions abthe feasibilityof
imaging depth improvemest

Knowledge of optical properties of different biological tissues does not cover all
wavelengths andespeciallyfor the NIR rangenot all optical properties are knowo compare
the light penetration depth at different wavelayths, it is necessary to predithe optical
properties foran extendedspectral range. In this work, we propoaenethod that allowsfor a
comparison of the light penetration depth in different biological tissues without direct
measurements at these walengths. In particular, we compare the light penetration depth at
1300 nm and 1600 nmThe frst wavelength is widely used in current OCT systédns/],
whereas thesecond wavelength is recognizedaapotential wavelengtlior OCT imaging depth
improvement[8].

THEORY

Light propagation inside turbid media is describeyl scattering and absorptionfhe
probability of light to interact with the tissue per unit path lengtbqualsthe attenuation
coefficient , which is the sum of scattering and absorption coefficien&; L a.E a5 The
reciprocal of &is the mean free path length (e.g. the expectation value of the path lelngjth
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travels without interaction). The light penetration depttan (arbitrarily) be defined as equal to
the mean free path:& L s &

If multiple scattering effects are avoided, ial light that isscatteredis removed from
the light beam and des not contribute to the measured transmitted intensity, thehet light
inside a turbid media is attenuated exponentially with depth. The intensiffight at a certain
depthd can be described byambert @& [+ o AW

I loexp( Ad) (2-1)
wherely is the intensity of the incident light.

The main biological tissue chromophores responsible for the light absorption are
melanin, hemoglobin, oxyhemoglobin, bilirubin andater. In the NIR spectral range (for
wavelengths longer than 1000 niight absorptionis dominated by the presence of wat@ihe
water content varies in biological tissues, but for most of them it is in the range -a80/G.
Therefore, the volume fractiorof water in tissueC is the parameter determining the
absorption of NIR light and the absorption coefficient of biological tissues can be described as
o L O/G—FOéOgﬂé

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

P~AC" (2-2)

where A and SP are the model parameters for scattering amplitude and scattering power,
respectively[9-11]. ParameterA is associatedvith the scatering strength tissues with high
scattering coefficient—have highA parameter and vice versa. The valueSéfis related to the
average size of the scatterers: for particles with diametenuch smaller tharthe wavelength
of light d<< ) the SP parameter is 4 (Rayleigh scattering reginsee Equation -10). With
increasing particles size, tf&P decreases (Mie scattering). TB#® parameter determines how
strong the scattering changes with wavelength, and thus ifSFg@arameter is high, then the
variation in scattering with wavelength is stronger, and gossible gain in penetration depth is
larger. Thus,the wavelength dependent light penetration depth in biological tissuess

& Ls :%—o—éoggg — To quantify the enhancement or decrease of light penetration
depth with wavelength, we calculate the ratidof the light penetration depths at wavelengths

1and 2( 1< »). Based on thempirical scattering power lawith SPparameter, the scattering
coefficient at , is described in terms of the scattering coefficient at;, i.e.
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k—0 L & 56;‘I Ek—(,aeo_. Then, the ratidR of the light penetration depthd at , and ;can

be calculated

% D S R
L L

7 DL GAA L Y g

4L

(2-3)

ForR>1 the use of; light results in a larger penetration depth. A quantitative analysis of both
the absorption and scattering characteristics in termsSéfand &sshows how much we can
gain or lose in light penetration deptising different wavelengths.

EXPERIMENTAL SETUP

To measure the optical properties of optical phantoms we perform light transmission
measurements using the experimental setup depicted iufeid-1. Fiber coupled light from a
supercontinuum light source @ium SC 45@) is collimated (Fiber collimating package
F230SMAC, 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 transrted light is coupled to a monochromator (Oriel, Cornerstone 130 1/8
m, 0.12 mm slit size2 nm spectral resolution) for spectral measurements in the wavelength
range of 1250t 1650 nm. The distance between cuvette and input slit of the monochromator is
250 mm long to reduce the detection of multiple scatterkght. A longpass filter (Thorlabs,
FEL0950) with a cutn wavelength of 950 nm is implemented in fronttbE monochromator
input slit to block the visible light. Light at the exit of the monochrtonas detected by a
photodetector (New Focus, model 2011) and the obtained signal is captured by a data
acquisition card (National Instrument, U8809) and stored in a personal computer.

MONOCHROMATOR

FIANIUM

Figure2-3. Layout of the experimentaletupfor light transmission measurements collimator; D- diaphragm;S t cuvette with
scattering sampleMF t multimode fiber;F t long-pass filter.
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MEASUREMENTS WITH INTRALIPID

Measurements are conducted with Intralipid (Freserfahi) as a scatterg medium.
Intralipid is widely available fat emulsion, of whitle scattering coefficient can be easily
adjusted by water dilutionintralipid is often used as a tissue simulating phantom in optical
measurementg11].

By dilution of 2.7 vol.% stock solution with deionized water the following
concentrations are prepared: .14, 28, 5.7, 11.4 and 17 vol.%. The value df is measured
on a cuvettefilled with heavy water (which has negligible absorption in the spectral range of
interest[12]), andl on the cuvette filledwith Intralipid solution. Then, using kation 21, the
attenuation coefficient for each concentration is calculated using the thickness of the cuvette.
Figure 2-2(a) shows the obtained attenuation coefficientAs can be seen, the attenuation
coefficient decreasesp to approximately 1360 nm, then starts to increase to a maximum at
approximately 1460 nm, anafter the water peakagain decreases for longer wavetghs. To
obtain the scattering coefficients, the absorptioncoefficientof water , is subtracted from
the total attenuation coefficient (Fige 22(b)) using the water volume fractio@ obtained
from the dilution and the known absorption coefficienf water [13]. The thus obtained
scattering coefficient decreases monotonicallyithw increasng wavelength. This clearly
demonstrates that the peak in the attenuation in 140800 nm spectral range is solely due to
light absorptionby water.

S

b, Imm’’]
u, [mm’]

0.7%

1300 1400 1500 1600 1300 1400 1500 1600
Wavelength [nm] Wavelength [nm]

Figure2-4. Experimentally determined attenuation (a) and scattgr{b) coefficientas a function of wavelength faolutions
with varying volume percentage of Intralipid (indicated)
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Figure2-5. Measured (oncentration dependertscattering coefficient of Intralipid at wavelengths from 12601600 nm(solid
symbols)Lines are a guide to the eye.

Figure 23 depicts, as a function dntralipid concentration, the scattering coefficient of
Intralipid at different wavelengths. As can be seen, up to 5.7 % IL the increagésdinear,
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 saturationeeffcan be explained by the
increased influence of multiple and dependent scattering effects on the measuremeats.
estimate the contribution of multiple scattering to our signal, we modeled our measurement
geometry by calculating the total transmissioh a slab of thicknesd (corresponding to our
cuvette thickness of 1 mm) using diffusion theory according to [@#r The calculation yields
ballistic Tha) and diffuse Tgir) contributions, the latter of which is integrated over the
acceptance angle of the setuy/e then estimate the measurement error as:

l Ln %-bal Tdiff j . 'tD
d o 4

R 1 (2-4)

H t,measured t

R R
where 4 is the setup acceptance angle of detectidgi is a function of the optical properties
and cuvette thickness. For values ps = 15 mnt, o = 0.1 mnt, g = 0.34,d =1 mm, 4=
0.5/250, the error in theu; estimation is 81% due to detection of mitiply scattered lightThis

suggests that the observed deviation from the expected linear increase of the scattering

27



coefficient with Intralipid concentration imainly due to dependent scattering, which will be
discussed in Chapter 7.

The scatteringpower parameter SP can be obtained by fitting the wavelength
dependent changes of the scattering coefficient (Equatie?).Zitting of the data presented in
Figure 22(b) resulted in SP values as shown in Figude &s can be seen, thePis almost
constant. The average value 8= 3.0 £ 0.3 (which is higher th&#¥P=2.4 as reported by van
Staveren9]).

4.0
3.8-
3.6 4
34]
8.
3.0-: .
28] & ;

2.6-
2.4
50
2.0 A —
0 5 10 15 20

Intralipid concentration [vol.%)]

SP

Figure2-6. Experimenral results of theSPparameterfor varyingintralipid concentration (obtained from Fig-3). The
horizontal line indicates the average SP value.

Measurements of the attenuation coefficient (Figur)) shows thatdr wavelengths
longer than 1500 nm théght attenuation decreaseswhich suggests that improvement in light
penetration depth can be achieved for this wavelength ranbe quantify thisve calculate the
ratio R of light penetration depthsat wavelengths1300 nm and 1600 nrfor each Intralipd
concentration based on our experimental results. Then, to compare experimental results with
theoretical calculations the ratio of the light penetration depthR at 1600 nm to 1300 nm is
calculated using Ertion 23 with a scattering power parameteé®P of 3.0 and the known
optical absorptionof water (light absorption coefficient by water is 0.11 fiat 1300 nm and
0.67 mm® at 1600 nm) Figire 25 shows the obtained resultsand, @& can be seen, the
experimental resultglosely correspond to ththeoreticd calculations
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Figure2-7. Light penetration depth ratidRat 1600 nm to 1300 nm for different concentrations of Intralifikperimental
results (symbols) and theoretical calculations (solid line). The theoretigelis arecalculated usinghe known water content
for each IL concentration ar@P= 3.0.

APPLICATION TO BIOLOGICAL TISSUES

Our measurements with Intralipid demonstrate that the calculations based on the
scattering power parametegPand known water conten€ give a good approximation for the
comparison of the light penetration depths at different NIR wavelengths. meitbod can be
extended to biological tissues using the published valueghefr optical properties. An
advantage of our method is that comparisonan be performed for biological tissues at
wavelengths whereéhe optical properties are not reported, i.e. without direct measurements at
these wavelengths.

We performed light penetration calculations foabbit eye sclera, human enamel and
dentin (Tabd 2-1) as thee tissuesepresent key application areas for OCT and are tissues with
very different optical properties in terms of absorption and scattering. Sclera is a tissua with
high scattering coefficient, higePand water content of 70%; enamel $ia low scattering
coefficient, highSPand almost no water; dentin ia tissue witha high scattering coefficient,
low SPand low water content.
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Table2-1. Optical properties of biological tissues analyzed in this artieycells are calculated values.

Volume U
Tissue fraction of n1r,n A S, Ul SP R Ref.
water
500 86.0 £ 29.0
550 755+ 25.2
Rabbit eye
i 0.70 700 | 504+154 | 23%0.2 15+0.1 | [15]

sclera
850 29.8+7.5
1050 16.3+ 3.2
543 105+ 3

Enamel 0.01 632 60+18 2.9+0.2 1.840.1 [16]
1053 1.5+0.5
543 28.0+8.4

Dentin 0.15 632 280+ 8.4 0.12+0.03 1.02+0.01 [16]
1053 26.0+7.8

First, the SP parameter is calculated based on the reported values of the scattering
coefficient. Tle value of sis fitted using Egation 22 with SPand A as a fitting parameter.
Then, using Heption 23, we calculatd the wavelength dependent changes the light
penetration depth ratioR for enamel, dentin and sclera in the spectral range 1@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). Rige 2-6 shows thathere is no significant change the light penetration
depth for dentin whichcan be explained by the o8P parameter aml low water content.
Scattering changes slowly with increagwavelength and the influence of the absorptiday
water is insignificant. In the case of the scleti@e light penetration depth is increasing to
1850 nm, and then starts to decrease due it@reasingoptical absorption by water. It is
interesting to note, that the increase is almost monotgrémd, despite of the high water
content, the influence of the absorptioby water at 14001500 nm is low. Thisonotonic
behaviorcan be explained byhe fact that sclera haa high scattering coefficient and high
scattering power paramete6P, 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
monatonically increasing for longer wavelengtigjichis the result ofa highSPparameter and
very low water content.

7
(@) 1 enamel
] 6 -
©
s
£ 5
% i
S 8 4
cC - ]
S Q& 3 sclera
® 0O ]
S
O Y 21
GC_) T dentin
o 14
E J
9) 0 T ' T " T T T ¥
— 1200 1400 1600 1800 2000

Wavelength [nm]

Figure2-8. Theoretical calculations of changes in the light penetration depth for enamel, dentin and bekd on the water
contents and scattering powers given in tabl¢.2

To compare differencein light penetration depths at 1300 nm and at 1600 nm, the
ratio R D,g0f Disoc is calculated (Egation 23). For dentinRis 1, for rabbit eye sclerR is

1.5, and for enamel it is highedRis 1.8. Thse resultslemonstratethat the light penetration
depth D with 1600 nm light can béigherin sclera and enamehut not for dentin. If we
compareR values, we can note that the increaseRmainly correspods tothe increase irnSP,

i.e. for higherSPthe value ofRis also higher. As an example, for enamel with low scattering
coefficient and no water content, but highP=2.9, theRis highest. Irtontrast for dentin with

low SP=0.12 and low water contenthe Ris 1.

It is important to note thatfor real OCT systems with broadband light sources the
weighted attenuation coefficient for spectruwf the light sourceshould be usedrurthermore,
the wavelength dependent backscattering properties of the wrats should be taken into
account, which is the topic of Chapter 3.
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CONCLUSIONS

In conclusion, walemonstrateda method for predictiry of the wavelength dependent
changesin the light penetration depth in biological tissues. Using this method, we coadpar
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 resultshow that improved light penetration depth at 1608m can be
achieved for the biological tissues with hi§RFparameter, high scattering coefficigrand low
water content. This information is important f@redicting the imaging depth for OCT systems
operating at different wavelengths and imaging differéssue types.
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One of the present challenges in opticaherence tomography (OCT) is the visualization of
deeper structural morphology in biological tissues. Owing to a reduced scattwefficient a

larger imaging depth capossiblybe achieved by using longer wavelengths. In this work, we
analyze the OCimaging 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
1300nm for Intralipid concentrations larger than 4 vol.%. For higher Intralipid concentrations,
the imaging depth enhancement reaches @0 The ratio of scattering coefficients at the two
wavelengths is constant over a large range of scattering coefficiamiscarresponds to a
scattering power of 2.& 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;im@sive, coherencgated
imaging technique with a wide range of applications in medi¢ir&]. 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 2 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 dapth c
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 imagingjrsthe
OCT system operated in the 800 nm spectral range. The longer wavelength OCT systems,
operating in thel1300 and1050 nm spectral bands, were introduced soon after and an
improved imaging depth was demonstratf®@t10]. However, the use of longer wavelengths for
imaging depth improvement is restricted by the increased optical absorption of wWafgr
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 comp#son 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 repor{éé]. 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 1800800 nm spectral band remains to be
guantified. 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 tohoenain OCT saip of which the technical
performance at the two wavelengths is matched. Using Intralipid with a constant absorpti
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 Timedomain optical coherence tomography

The OCT experiments are conducted with a hdmdt time-domain OCTsystem. A
schematic of the setip is depicted in Fige 3-1(a). Light from a supercontinuum light source
(Fianium SC 4504) is coupled into a singimode fiber (1550 BHP, Thorlabs) and collimated
(FiberPort system, PAR18-PGC, focallength 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 scannirig performed by moving the reference arm mirror (avelocity
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-gtdisgipid interface of the
i uu 8Z] 1 pASES Xt Z A (J&£ (} pue IV(IPUE 3]}vU 11X 38Z (} u-
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 froeference and sample arms is
combined and coupled into a singheode fiber. The interferometric signal is detected with a
photodiode (New focus, model 2011), bapdss filtered and demodulated by a leick
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Figure 3-9. a) Overview of the time domain OCT-gptused in the experiments: B®eamsplitter;C1,C2 fiber
collimating ports; L1, L2reference and sample arm lenses;-keference mirror; SMFsingle moe fibers;
long pass filter; PBphotodetector; Lockn t Lockin amplifier; PG personal computer; Fianiuna
supercontinuum lighsource; b) OCT input spectra for the two wavelength band3; coherence function &

the two OCT wavelengths (m&ared with an OD3 filter in sample arm).
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amplifier setto the Doppler frequency = 9 (. To reduce noise, the signal is averaged over
100 Ascans. The sample is not scanned in the lateral direction. The central wavelgagth

the bandwidth of the light coupled into the interferometer is changed between 1300 and 1600
nm bands usingpng pass filters (Thorlabs, FEL1250 and FEL1500, respectively) and by adjusting
the bandwidth of the light coupled to the fiber using the effect of chromatic aberrationsar@-ig
3-1(a)).

2.2 Performance matched OCT at 1300 nm and 1600 nm

The OCTdetector current signalig(z) as a function of deptlz is proportional to the
square root of the power backscattered from depth In the single backscattering
approximation and with a coherence lengthless than the photon mean free pathip; [17],
with 1 the attenuation coefficientig(z) ~ P(z'2 = [Po K Wy h(z) exp@uz)]¥? where Py is the
incident power on the sample; the parametris proportional to the cberence lengtHc; Wy is
the backscattering coefficient ant(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 roung attenuation to and
from the depth z the square root accounts for the fact that the OGdnal magnitude is
proportional to the amplitude of the field returning from the sample, rather than power.

The OCT sign#b-noise ratio is defined aSNR = 10logy(Ps/Pnois9, Where Ps is the
power returning from the sample arm with mirror, afisciS the noise power. We define the
imaging deptiZimageas the depth at whicl?(z) = Phoise OF:

1 SNR
image 2_P[ Ln K E 1—0 Ln(lO)] (3-1)

t

4

Equation3-1 shows that the OCT imaging depth is determined by thecalpproperties 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 intaccount 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 lengthslcof 10 um at both OCT
wavelengths (Figre 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
locationz in the tissue and the focus positiag is corrected using the axial PSF, whin the
case of diffuse reflection, has the form(z)=1/ {[(z-20)/(2nZr)] >+1}, where Zg is the Rayleigh
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length in airand n is the refractive index of the mediumhe measured Rayleigh lengths (half
the depth of focus) are 0.29 and 0.25 mm at 1300 aB@0Lnm, 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 B00Gvhen changing from
1300 nm to 1600 nm to compensate for this

Thirdly, the SNR for a shabise limited timedomain OCT system is calculated from the
mean square detector currentiy’ /and the noise variancé,’ as:

.2
| .

SNR 10Loglo<d—2> 10Logw-§£ . (3-2)
4 Fo'f

where Kis the quantum efficiency of the detectoPs is the power returning from the sample

arm; E, is the photon energy andf is the electronic detection bandwidth. The ratRyE, in
Equation 3-2 equals the number of photons returning from the samplen 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, andotheer 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 detisd 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 noentirely shotnoise 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
ANR. The lockn amplifier demodulation frequencidgsare 30.5 and 25 kHz for 1300 and 1600
nm, respectively, but the detection bandwidtff is equal. As a result of the procedure outlined
here, the SNR for an OCT measurement with a mirror in the samplesaqual at the two OCT
wavelengths, which we measured to be 90 dB at 1300 and 1600 nm (see &ityc)).

2.3 Phantom preparation

As a scattering medium we use dilutions of a single batch of 22.7 vol.% (20 weight %)
Intralipid (Freseniu&kabi). Our chice 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 vater and heavy water (ID). Heavy water has an absorption spectrum similar to
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water, but the absorption bands are shifted to longer wavelendi®. Consequently, heavy
water has negligible absorption for wavelengths lower than 1700 nm, which we experimentally
verified. The refractive index of,D is only slighyl different from that of normal watef20],
therefore we assume that dilution by heavy water has no significant influence on the scattering
properties of Intralipid. The ratiof 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 @pared the following sample§.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 Acans are averaged. Noise background and noise starttasidtion 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)8]. The OCT attenuation coefficient is determined from a single exponential
fit of the corrected OCT signal in depth(z) = a exp{u:z) with a and p; the two free running
parameters. The influence of multiple scattering effects is minimized by using only the first 190
pm 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 integpts 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 obtainu, = 0.2 mm* and py = 1.1 mmi* for 1300 nm and 1600 nrspectra,
respectively. Finally, the standard deviation is calculated from the three subsequent
measurements.

3. RESULTS
3.1 OCT signal attenuation

Figure3-2 shows averaged OCs@ans at three different Intralipid concentrations. The
OCT signal magnitudat 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
backscéering 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.%

attenuation coefficient is higher at 1300 nm compared to 1600 nm.
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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 catien).

Figure 33 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 concentratidaiger 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 Intralipi¢oncentration shows a clear deviation from the
linear dependence expected for leslensity media: for high Intralipid concentrations we see a
non-linear dependence of the scattering coefficient, which is attributedntaltiple scattering
and/or concentraton dependent scatterin§21-23].
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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 ohdasurements.
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3.2 OCT imaging depth comparison

Figure3-4 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 ida3g&6 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 domindtedhe difference in scattering at
the two OCT wavelengths.
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Figure 312. 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
measuredOCT imaging depths. The dashed line indicates equal imaging depth at 1300 and 1600 nm.

The inset of Figur8-4 shows the ratio of the OCT imaging depth at 1600 nm to that at
1300 nm. For high Intralipid concentrations the imaging depth is dominateztétgering, 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 imagidgpths is smaller than unity and
1300nm 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
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stronger contribution of water absorption to the total attenuation dbeient 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 imgglepth. 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 matcheanly 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 coefficignt which determines the initial
magntude of the OCT signal, and the attenuation coefficigntvhich determines how fast the
OCT signal decays with depth to the noise floor.

The backscatter coefficient, is formally defined as the (total) scattering coefficient of
an isotropicallyscattering particle with a phase functignso S where p(180)is the
phase function of the original scatterer in the backward direction. This leads,to & —
p(180) In the OCT geometry the following interpretation @f is more appropriate:

Mp = Us §aP E V L @.g&he phase function integrated over the numerical aperture (NA) of
the OCT sample arm lens in the backscatter direction. From Equifipthe magnitude of the
OCT signal immediately after the front gldstalipid boundary £= 0) is tkerefore proportional

to the square root of the scattering coefficiept. Figure3-2 shows that the OCT magnitude
increases with Intralipid concentration, consistent with the observed increase in the scattering
coefficient. In addition, the magnitudes ttie 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. Sipgas larger at 1300 nm compared to 1600 nm
(Figure 3-3(b)), we conalde 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 consta@ Ebntent. The reported
scattering coefficients are calculated by subtracting a constant absorption from the measured
attenuation ceefficients (Figre 3-3(a)). Using this method we obtainugthat approaches zero
when no scattering is present (zero Intralipid concentration; seer€ig3(b)). In addition, the
value of the scattering coefficients at 1300 nm is in good agreement tbase 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 concentratiormbove 4 vol.%. For Intralipid
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concentrations lower than 4 vol.% the lower scattering coefficient at 1800s compensated

by the higher absorption, resulting in an increased imaging depth for 1300 nm. In the limit of
very high Intralipid concentrations ¢hHO absorption coefficient can be neglected and the
difference between the scattering coefficients at the two wavelengths saturate$ at 2.1

mm™. Consequently, the OCT imaging depth enhancement also reaches a plateau at a
difference of 200 um, i.e. 3@ higher for 1600 nm compared to 1300 nm.

Recent work on the comparison of the performance of OCT systems with light sources
centeredat 1300 and 1650 nriil4] 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
wavedength). 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 deptBasurements 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 dependery of the scattering coefficient is described empirically in the form of a
power law: s~ A( )" where A and SP are the parameters for scattering amplitude and
scattering power, respectiveljz4]. The parameteA is associated with the agnitude of the
scattering, but does not depend on wavelength: tissues with high scattering coefficibave
high A parameter and vice versa. TP parameter determines how strong the scattering
changes with wavelength. The value SRis related to tle average size of the scatterers: for
particles with diameterd much smaller than wavelength of lighty ) the parameterSP
approaches 4 (Rayleigh scattering regime). With increasing particles si&R tleereases (Mie
scattering). From this simple mel] changes in the scattering coefficient with wavelength

(1 2) can be described as follows:

§ SP
E Q (C_)g; e Q (3'3)

Figure3-5 shows the measured scattering coefficient at 1600 nm \&etkat at 1300 nm for all

Intralipid concentrations. From a linear fit to the data points using EquaBéhwe find

SP= 2.8+ 0.1, which is close to a previously reported valueseffor Intralipid SP= 2.4 [24,

25]. In additon, Figure3-5 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 tweelgagths.
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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 Equatssd follows that for samples ith a lowSPthe
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 aSRigfie
scattering coefficient shows a strong variation withwelength 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 16001800 nm spectral band is a counteracting
factor. Therefore, we expect ancrease of the OCT imaging depth for samples with BBh
and low water content (e.g. enamel) and we do not expect an increase of the OCT imaging
depth for samples with a lovwsP and high water content (e.g. skin). However, since the
wavelength dependencef 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.

)

1600 nm p (mm'1)

— x
0 1 2 3 4 5 6
-1
1300 nm p_ (mm’)
Figure 3-13. Measured gat 1600 nm versus 1300 nm. Sample points are marked according to the Intralipid

concentration. From a linear fit tthe data (solid line) we determine the SP value for Intralipid (indicated).
The dashed lines indicate the 95% confidence interval of the fit.

5. CONCLUSIONS

We present a quantitative comparison dieg 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 concentratios the use of 1600 nm light gives a @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
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difference in he 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 hig
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
Measurements of the OCT attenuation coefficient and the backsgati amplitude are
performed on calibrated polystyrene microspheres with a tidemain OCT system. From these
measurements the phase function in the backward direction is determined. The measurements
are described by the single scattering model and matdie calculations very well.
Measurements on Intralipid demonstrate the ability to determine thef polydisperse samples
and, for Intralipid,g = 0.35 £ 0.03 is measured, which is well in agreement wifinom
literature. These measurements are validatading the Intralipid particle size distribution
determined from TEM measurements. Measurementg ahd the scattering phase function in

the backward direction can be used to monitor changes in backscattering, which can indicate
morphological changes of ¢hsample or act as contrast enhancement mechanism.
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2. INTRODUCTION

Optical coherence tomography (OCT) is a-mwasive imaging modality that is used to
image the morphology of turbid media. An important application of OCT is to quantitativel
determine the optical properties of tissue. The attenuation coefficient of the OCT signal can be
used to characterize tissud-3] and to determine the OCT imaging degd#]. In contrast to
frequently reported measurements of the OCT attenuation coefficient, quantitative
measuremens of the OCT backscattering are reported less often. The OCT backscattering
coefficient can be quantified5] and used for tissue characterization, visualization, and/or
contrast enhancemen{6]. In addition, the variation of the OCT magnitude in time can provide
guantitative nformation about flow{7] and diffusion[8]. Quantitative measurement of the OCT
(or low coherence interferometry) magnitude as a function of angle and/or waveld8gthO]
can provide information on the scattering phase function and the size of the scatterer.

Thescattering phase function, which describes the angular probability distribution of the
scattered light, is parameterized by the scattering anisotropy paranggteshich is the average
of the cosine of the scattering angle. The scattering anisotropy @aysmportant role in
diffusive light transport, for example in diffuse reflectance spectroscopy. Also ing&Eys an
important role as it determines the amount of backscattering and in the quantification of
multiple scattering effects in (Doppler) OQT1]. The possibility to extracg from OCT
measurements is very attractive, because, in comparison with commonly used goniometric or
integrating sphere methods, the nenvasive nature of OCT allows fonilvo application.

Two models are available for a quantitative description of the OCT sidmalsingle
scattering model and a comprehensive model based on the Extended Hulygesreel principle
[12]. The first model gives good results for weakly scattering-atwsorbing medid13] and
describes the OCT signal by a single exponential decay function. The latter model can be used
to estimateg from a fit of the model to the OCT signal in depth, but is valid only for samples
with smaltangle forward scattering (e.g. hig). The obtaind root-meansquare scattering
angle ms can be related tog if the phase function is known. In this model the scattering
coefficient s and s (or g) only can be separated when multiple scattering effects are
significant. However, an increase |of can counteract a decrease ofys (i.€. increase ofg) in
the fit model and the fit parameters are not (statistically) independé#i.

Here we present a simple method based the single scattering model to determirge
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 specificases for measuring
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2. MATERIALS AND METHODS
2.1 Single scattering model of the OCT signal

In a loss less timdomain OCT system without focus tracking the OCT detector current
ig(z) as a function of deptlz is equal to the backscatter profile die¢ sample as function of
convoluted with the complex coherence functiof2z/c) [15]. For a perfect mirror in air
positioned in the sample arm located at= 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 electuirent,
Re{}is the real part of the complex coherence functianis the speed of light;miror is the field
reflection coefficient of the mirrorh(z)is the confocal point spread functidi6], @)=1 for
z=0and @)=0 for all otherz. The power$>; and Ps are the powes incident on the reference
and sample arm, respectively. Performing the convolutionEguation 41 and taking the
square of the OCT signalzt 0,
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where it is assumed thdt(0) = 1, i.e. the mirror is in the focus. Forsaattering medium the
situation is more complicated. A ortBtmensional 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 isstime of all scattering contributions (see
section 4.3 for a discussion), the detector current is
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with nneq the group refractive mdex of the mediunypna the effective backscattering
coefficient (quantifying the part of théght that is backscattered into the detection NA of the
OCT system)s the scattering coefficient. The factor 2 in the exponent Edquation 43
accounts for the roundrip attenuation to and from depthz. In a scattering medium with
attenuation s the amplitude of the OCT signal can be found by extrapolating the attenuated
OCT signal te=0. The square of the OCT signal at the interface is

i,z 07 R—PRRAQ (4-4)
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where coherence length is defined in single pass and according to Schmitalef13] and

Goodman([15]. Note that this coherence length definition is a facto?®" 2 1075 smaller than

the commonly used definition related to the axial resolution in OCT, which is defined as the full
width at half maximum othe Gaussiatshaped coherence point spread function of the OCT
amplitude [17]. The constantQ describes the heterodyne intensityackcoupling 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 fhatan be determined by dividingquation 42

by Equation 44. The backscattering coefficieis:

i,z 0° i
scat med mirror
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with the backscattering coefficiept, proportional to the scattering coefficient times the phase
function integrated over the NA in the backscattering directipgu. Note that by taking the
ratio of two OCT measuremenadditional loss factors in the OCT system do not influence the
determination ofp.

In the absence of absorption, the scattering coefficipatan be determined from the
slope of the OCT signal. For media with the absorption and in the single suatteri
approximation, the light travels in a ballistic way abhdmbert E [ o A v %0 %o O ]
calculate the total OCT attenuation coefficignt which equalgi=p s+, Consequentlypscan
be obtained by subtracting the absorption coefficient from thatat 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 funconover angles from@&
NAto EThe phase function integied over the NApna describes the fraction of scattered
photons which are detected by OCT system, pea=Mtpnalls . Consequentlypya can be
determined usindgequation 45 andps:
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Sincepna is related to the phase functiomthe scattering anisotropg can be determined from a
determination ofpyaif the shape of the phase function is known a priori.

scat (4‘6)

mirror

2.2 OCT measurements

For our study we utilize a hordauilt 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 um 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. Rayleigh length,
measured with mirror in the sample arm, is 292 £ 9 um. The corresponding Gaussian beam
waistis 9.6 £ 0.2 um and the numerical apertbirkof the sample arm lens is 0.043 £+ 0.001.
Prior to the experiment, the OCT system is calibratedduantitative 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 sigwal 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) iEquation4-6.

OCT measurements on suspensions of scatterers are pertbima 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 ewesolution are performed independently for 5 times.

For each measurement, the average of 106cAns is taken. After background subtraction the
OCT signal magnitude is corrected for the confocal point spread fun¢tiéh The OCT
attenuation coefficient is determined with a two parater 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 mfn(as calculated with Mie theory). In addition, only the first
500 data points (190 um) of the OCT signal (starting at ~ 60 um depth after sample front
surface) are used for fitting the single exponential decay. The scattering coefficient is calculated
by subtracting the water absorption coefficienpi{= 0.2 mn1) from the fitted attenuation
coefficient. Finally, the scattering cross sectidnis calculated by dividing the scattering
coefficient by the known particle concentration. The OCT signal amglitdhe front glass
sample boundary is determined from the exponential fit by extending the fitting line to zero
depth (see Figre 41). Zero depth was determined from the crossing of the OCT signal with the
vertical drop line at half height. With this nied the OCT signal magnitude is determined on
an absolute scale in [m¥¥] units. This is indicated in Figutel on the right hand side scale for

a measurement of a scattering medium for 400 nm diameter particles. The peak of the
backscattered power irhie heterodyne (OCT) signal is of the order of 90 picoWatts.
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Figure4-14. OCT measurement of backscattered power from a suspension of 400 nm diameter polystyrene microspheres in
water. The vertical scale on the left is convertedabsolute 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 surfackeisrmined 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 asextattererscertified by
NIST traceable procedes, 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, 7.8 7.7, 4
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 Kwaie=1.32) and polystyrene are usetydys=1.57[18] ) as input. From Mie
calculations, the scatteringnisotropy, i.e. theg 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 directipq is calculated by
integrating the phase function over tHe¢A 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 witberdration
[11]. To avoid these effects, maaements with low concentrations Intralipid Q.14 and 28
vol.%) are performed. The samples are prepared by dilution of a single batch. di/@.%
Intralipid (Freseniugabi) with deionized water. The refractive indexes used for Mie
calculations ofntralipid are:nyawer=1.32 for water;n;, =1.46 for lipid droplet$19].

To correlate our OCT measurements to the size of the scatterers in thdigmyse
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 ethanetlae temperature of liquid
nitrogen. The samples were replicated in a vacuum better than 3xilfar at a temperature of
-120°C. A platinum layer (2 nm) was evaporated at an angle %&b carbon (20 nm) was
deposited at an angle of 80The replicas we 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 2048x2048
format. QWinpro (Leica) sitware 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 ureF#l, the scattering
coefficient for a solution of particles idetermined. Figre 42(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 (typial 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 kige 42(a) and the measured OCT magnitude & ihterface,pya is
determined using Heption 46. Measurements gbya for all diameters are used to calculate the
average heterodyne intensity badoupling efficiencyQ = 0.26 + 0.04, which is used to
comparepnato Mie calculations in Fige 42(b). Theexperimental points match the calculated
values reasonably well and the oscillationgia due to the diameter dependent lobe structure
of the backscattering efficiency are clearly observable.

3.2 Intralipid

The phase function in the backscattering direc pya can be used to estimate the
average size of the scatterers and, consequerglyJo determine the average diameter, the
crossing point of the horizontal line through the experimental poinpgf and the calculated
curve ofpyafor each scatteresize has to be found. The obtained crossing point specifies the
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average particle diameter (Rige 42(b)). Finally, the average particle diameter corresponds to
a scattering anisotropy (Figire 4-2(c)).

Figure4-15. Results oMie calculations and experimental measurements of: a) scattering-ses#on of polystyrene
microspheres (error bars are smaller than symbols); b) scattering phase fupgtiohpolystyrene microspheres (error bars
are standard deviations); the dashbde indicates the measured value @f, for Intralipid (standard deviation is given in the

text); c) Mie calculations @f versus particle diameter at 1300 nm for polystyrene microspheres. Arrows show the average
particle diameter and theg of Intralipid Dotted lines indicate the limits of our method for particle diameter and scattering
anisotropy (grey zone region of applicability).

To demonstrate our method on necalibrated samples we apply it to Intralipid as a
polydisperse suspension of scattererBollowing the same procedure as for polystyrene
microspherespna Of Intralipid is determined. For low particle concentrati@a is independent
of the concentration of scatterers and thpga values for all measured Intralipid concentrations
(1.30-10%, 1.26-10* and 1.11-1d for 0.7, 14 and 28 vol.% Intralipid correspondingly) are
averaged. The resulting valupyt= (1.22 + 0.21)-1%) is plotted in Figuré-2(b) (although the
refractive indexes of polystyrene spheres and Intralipid droplets areerdift, this has
negligible influence on the calculatgg,s). From Figurd-2(b), the crossing point of the line of
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