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Résumeé de la these en francais

1. Introduction

La connaissance des propriétés optiques de la peau constitue un enjeu majeur dans la prise en
charge des patients pour un grand nombre de pathologies. Des instruments capables de
mesurer ces propriétés in vivo et de maniére non invasive font 1’objet d’une forte demande a
la fois de la part du corps medical et de I’industrie cosmétique.

Dans ce contexte, les méthodes d’imagerie optiques ont connu un essor grandissant ces
derniéres années du fait de leur capacité a assister le praticien dans de nombreux processus
cliniques en sondant les propriétés du tissu de maniere fiable et objective. Ces techniques
sont fondées sur I’interaction de la lumiére visible et proche infra-rouge avec les constituants
de la peau afin de déterminer ses propriétés biochimiques et morphologiques. Ces propriétés
pouvant a leur tour étre reliées a des parametres fonctionnels utiles au praticien.

La Spectroscopie de Réflectance Diffuse (DRS) consiste a illuminer la surface du tissu et
a analyser le spectre de la lumiere rétrodiffusée, dénommée réflectance diffuse, dans lequel la
signature de diverses especes biochimiques peut étre identifiée. La DRS informe sur les
propriétés d’absorption et de diffusion du tissu en profondeur (jusqu’a 2-3 cm dans certains
cas) et de maniere quantitative. En outre, cette technique peut étre mise en ceuvre au travers
d’instruments compacts et relativement peu coliteux, ce qui constitue un net avantage dans de
nombreuses applications. Toutefois, la translation clinique de cette technologie reste freinée
par certaines difficultés. Celles-ci concernent notamment la miniaturisation des instruments
DRS et leur intégration dans les procédures de routine hospitaliére, ainsi que leur capacité a
s’adapter a la complexité et a la variété des tissus rencontrés in vivo. En particulier, la
détermination des propriétés des couches individuelles de la peau (épiderme, derme) peut
s’avérer nécessaire pour de nombreuses applications telles que le diagnostic de cancers, le
monitorage de I’oxygénation des tissus ou encore le suivi de la pénétration d’actifs en
profondeur.

La Spectroscopie de Réflectance Diffuse résolue spatialement (srDRS) est une modalité
particuliére de la DRS consistant a analyser le profil spatial de la réflectance diffuse produite
par une illumination a géométrie contr6lée. La lumiere rétrodiffusée a différentes distances

du point d’excitation étant sensible aux propriétés du tissu a différentes profondeurs, la
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srDRS possede un potentiel pour la caractérisation de la peau couche par couche. Cependant,
les instruments existants reposant sur l’utilisation de sondes fibrées ou de photodiodes
placées en contact avec la peau ne permettent généralement pas cette séparation des
propriétés optiques en couches du fait de leur faible résolution spatiale de détection.

L’objectif de ces travaux est d’établir les bases du développement d’une nouvelle

génération d’instruments DRS a la fois bas cotts, potentiellement portés sur la personne et
capables de fournir une mesure quantitative des propriétés de la peau en couches. Notre
approche repose sur I’utilisation d’un capteur d’images matriciel a haute résolution spatiale
placé en contact avec le tissu. La haute résolution de détection de ce type de capteur comparé
a celle fournie par les instruments fibrés et & photodiodes existants accroit significativement
le potentiel de la srDRS pour la caractérisation de la peau en couches. Nous proposons de
mettre en ceuvre cette approche a partir de technologies portables et bas codts, incluant un
capteur CMOS (Complementary Metal Oxide Semiconductor) associé a une illumination par
LEDs (Light-Emitting Diode) afin de limiter au maximum I’impact de I’instrument en termes
de coftt et d’encombrement.

Les travaux réalisés au cours de ce projet comprennent :

- La spécification d’une architecture systéme adéquate permettant la mise en ceuvre de
la stDRS selon 1’approche proposée et la validation de cette architecture pour la
caractérisation de fantdmes de peau liquides.

- Le développement d’un systéme optimisé, basé sur 1’architecture proposée et porté sur
la personne, et la validation de ce systeme pour la caractérisation de fantdmes de peau
solides.

- L’évaluation du systéme développé pour le suivi en continu de 1’oxygénation de la

peau in vivo.

2. Etat de ’art et proposition

La majorité des instruments srDRS existants reposent sur 1’utilisation d’une sonde fibrée
placée en contact avec le tissu. La sonde est typiquement composée d’une fibre
d’illumination centrale et d’un nuage de fibres de collections disposées de maniére
concentrique autour de I’excitation, comme décrit Fig. 1(a). Les fibres de collections sont
placées a différentes distances de I’illumination afin de détecter le profil spatial de la

réflectance diffuse. Une source a large spectre en entrée de la sonde associée a un



spectrophotomeétre en sortie permet de mesurer les propriétés du tissu sur une large gamme de
longueurs d’ondes et avec une haute résolution spectrale. Cependant, ce type de systéme
posséde plusieurs inconvénients en termes de géométrie et d’efficacité de détection.
L’ouverture numérique des fibres (typiquement égale a 0.22) est limitée, ce qui impose
généralement d’utiliser des fibres de 100 ou 200 microns de diamétre et de ce fait limite la
résolution spatiale de détection. La résolution est de plus limitée par le cladding des fibres,
qui réduit également le facteur de remplissage et donc ’efficacité de collection de la lumiére.
En conséquence, les systemes fibrés comportent généralement moins d’une dizaine de
distances source-détecteur typiquement comprises entre 0.1 et 2-3 millimétres avec une

résolution de ’ordre de la centaine de microns.

Sonde fibrée Capteur matriciel

source

= Ts.corneum LRG0
épiderme

(b)

Fig. 1 Géométries de détection de sonde fibrée (a) et de capteur matriciel (b) pour la srDRS. (Haut)
vue axiale. (Bas) vue transversale. La réflectance diffuse est moyennée sur des couronnes a
distance pi de la source (ligne rouge pointillée).

Outre les systemes fibrés, des systéemes basés sur la détection de la réflectance diffuse par
des photodiodes ont été développés. Ce type d’architecture permet de fabriquer des systémes
compacts, potentiellement portés sur la personne et dont I’efficacité de collection est
supérieure a celle des instruments fibrés (en termes d’ouverture numérique de détection et de

facteur de remplissage). La contrepartie est que 1’information spectrale fournie est moins
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riche. Dans les systemes existants, la détection reste le plus souvent limitée a une seule
distance source-détecteur. Des travaux récents portant sur le développement de capteurs
composés de photodiodes annulaires concentriques ont permis d’accroitre le potentiel de cette
architecture pour la caractérisation de milieux en couches. Toutefois, cette approche nécessite
le développement de circuits optoélectroniques dédiés.

Afin de dépasser les limitations des systemes srDRS existants, nous proposons de
développer un instrument comprenant un capteur matriciel placé en contact avec le tissu (Fig.
1(b)). Ce type de capteur fournit une géométrie de detection optimisée a la fois en termes de
résolution spatiale et d’efficacité de collection (facteur de remplissage et ouverture
numérique). Notre approche repose sur ’utilisation d’un capteur CMOS du commerce et de

LEDs afin de développer un instrument portable et bas co(t.

3. Spécification de I’architecture systéeme et preuve de concept

La premiére phase du projet a été dédiée a la spécification de I’architecture systéme adéquate
permettant de mettre en ceuvre notre approche. En effet, I’implémentation d’un systéme
stDRS performant a partir d’un capteur CMOS standard fait face a plusieurs limitations
principalement liées au packaging du capteur. En particulier, la vitre de protection en verre
induit un espacement non désiré entre le tissu et la surface photosensible du capteur, ce qui
entraine une chute du contraste sur les images de réflectances. Ceci a pour effet de réduire la
capacité du systeme a détecter les variations de profils de réflectance sur de faibles gammes
de distances, en particulier proches de la source, et donc a caractériser le tissu couche par
couche. D’autre part, la présence des bondings autour de la zone photosensible rend
impossible le placement d’une source de lumiére suffisamment proche du premier point de
détection. En effet, une séparation efficace de I’influence des propriétés d’absorption et de
diffusion sur les signaux mesurés nécessite de détecter la réflectance diffuse a des distances a
la fois proches (typiquement moins d’un millimétre) et plus éloignées de la source. Or, les
bondings s’étendent généralement sur plusieurs millimétres. De plus, leur fragilité impose de
les encapsuler dans un matériau plastique. Un éventuel retrait de ce matériau pour placer une
source sur les bondings ne peut se faire sans risquer d’endommager le capteur.

L’architecture que nous avons développée (Fig. 2(a)) vise & contourner ce probléme en
déportant 1’aire d’imagerie du systéme au-dela de I’encapsulation du CMOS afin de placer les

sources de lumiere au plus proche de la zone de détection. Concrétement, une plaque de



fibres optiques (FOP) est utilisée pour transposer 1’image de la zone photosensible du CMOS
vers la surface du tissu analysé avec une conjugaison 1 :1. Il devient alors possible de placer
une source directement contre les bords du FOP, eux-mémes alignés avec les bords de la zone
photosensible (ou a D’intérieur de celle-ci). L’architecture du systéme reste compacte
moyennant I’utilisation de sources de faibles dimensions. De plus, les possibilités des FOPs
du commerce en termes de transmission (~60% en éclairement Lambertien) et de résolution
spatiale (jusqu’a 160 Ip/mm)) permettent de conserver les avantages offerts par notre

approche.
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Fig. 2 (a) Structure schématique du systeme proposée pour 1’imagerie de réflectance diffuse en
contact. L’aire d’imagerie (ligne rouge) est déportée depuis 1’aire photosensible du CMOS vers la
surface du milieu analysé. (b) Photographie du prototype implémenté pour preuve de concept (c)
Vue axiale du prototype. Les dimensions sont données en millimétres. L’aire d’imagerie délimitée

par la ligne pointillée est vue a travers la plaque de fibres optiques (FOP).

Afin de valider I’architecture proposée, un premier prototype a été fabriqué (Fig. 2(b) et
(c)). Les performances de ce prototype ont été évaluées pour la caractérisation de fantdémes de
peau liquides. Dans un premier temps, les méthodes de traitement de 1’information
nécessaires a 1’estimation des propriétés optiques ont été mises en place. Chaque image de
réflectance diffuse acquise par la caméra est traitée afin de calculer le profil radial de
décroissance du signal en fonction de la distance a la source de lumiére. La courbe obtenue

est ensuite comparée a une table de profils théoriques calculés a partir de simulations Monte
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Carlo pour une gamme de propriétés optiques étendue. Le processus d’estimation des
propriétés optiques passe par une correction de la réponse instrumentale. Celle-ci est fournie
par une mesure de référence réalisée sur un fantdme aux propriétés optiques connues,
dénommé ici fantbme de calibration. Suivant cette méthode, les coefficients d’absorption
(Ha) et de diffusion réduit (us’) des fantdbmes ont été mesurés avec le prototype srDRS
développé et comparés aux valeurs attendues (valeurs fournies par la théorie de Mie pour s’
et par mesures préalables au spectrophotomeétre a transmission pour Ha). Les coefficients
d’absorption (ua) et de diffusion réduit (us’) des fantdomes ont été quantifiés avec une

précision moyenne de 4.2+3.5% et 7.0+4.6%, respectivement (Fig. 3).
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Fig. 3 Resultats sur fantbmes liquides. Propriétés optiques mesurées pour différents niveaux de
diffusion et d’absorption des fantomes. (Haut) valeurs absolues. (Bas) erreur relative entre les
propriétés mesurées et attendues. Les barres d’erreur correspondent a I’écart-type entre différentes
mesures d’un méme fantéme.

Cette premiere étude de preuve de concept a permis de valider 1’architecture proposée
pour la quantification précise des coefficients d’absorption et de diffusion réduit de milieux
homogeénes. Toutefois, plusieurs limitations restent associées a cette étude. Ces limitations
sont notamment liées a ’utilisation de fantdmes liquides, rendant difficile la modélisation des
conditions d’illumination du milieu dans les simulations Monte Carlo et ne permettant pas
d’appréhender 1I’impact potentiel du couplage entre le capteur et la peau. D’autre part, la vitre

protectrice du capteur CMOS n’a pas été retirée pour cette premiere implémentation de notre
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approche, ce qui induit un brouillage de la réflectance diffuse et de ce fait limite le potentiel

du systéme pour I’analyse de milieux en couches.

4. Implémentation d’un instrument srDRS bas colt et porté sur la

personne

L’architecture spécifiée précédemment a conduit a I’implémentation d’un systéme srDRS
compact pouvant étre porté sur la personne (Fig. 4(b)) et concu pour le suivi en continu de
I’oxygénation des tissus et I’analyse de milieux en couches. Le systéme comprend le capteur
CMOS utilisé lors de 1’étude précédente associé a un ensemble de sources a plusieurs
longueurs d’ondes (515, 611 et 660 nm) afin d’apporter I’information spectrale nécessaire a

la mesure d’oxygénation des tissus.
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Fig. 4 (a) Structure schématique et (b) photographie du systéme srDRS porté sur la personne.

Afin de dépasser limitations évoquées précédemment, l’architecture du systéme a été
modifiée en plusieurs points (Fig. 4(a)). Selon un protocole disponible dans la littérature et
adapte a notre étude, la vitre protectrice du capteur CMOS a été retirée afin de placer le FOP
directement contre la surface photosensible du capteur. La résolution spatiale offerte par ce
nouveau prototype a été estimée a 9.8 um (Fig. 5), correspondant a un gain d’un facteur 50
par rapport a la version précédente du systéme. De plus, 1’une des deux sources émettant a
515 nm a été intégrée de maniere a produire une illumination du tissu inclinée de 35° par
rapport a la normale. Plusieurs études ont en effet démontré que cette approche permet
d’augmenter la sensibilit¢ de la réflectance diffuse aux propriétés du tissus a faibles

profondeurs et ainsi d’accroitre le potentiel de la sSrDRS pour la séparation des propriétés en



couches (épiderme et derme). Enfin, les sources et le FOP sont packagées au sein d’un
module spécialement congu et associé a un anneau de fixation permettant d’attacher le

capteur a la peau du sujet lors d’expérimentations in vivo.
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Fig. 5 Image de mire USAF-1951 positive enregistrée avec le systéme srDRS porté sur la personne
apreés retrait de la vitre de protection en verre.

La capacité du systeme développé a fournir une mesure quantitative des propriétés de la
peau a eté évaluée sur fantdmes optiques solides. Pour cela, une gamme de fantdmes en
poly(dimethylsiloxane) (PDMS) a été développée. Le protocole de fabrication de ces
fantdmes a été établi conjointement entre le laboratoire d’accueil au CEA (Commissariat a
I’Energie Atomique et aux Energies Alternatives, Grenoble) et le laboratoire 1Cube
(Laboratoire des sciences de ’Ingénieur, de I’Informatique et de 1’'Imagerie, UMR 7357,
Strasbourg). Cette approche présente plusieurs avantages par rapport a 1’étude précédente.
Tout d’abord, I'utilisation de fantdomes solides permet d’évaluer I’impact du coupage entre le
capteur et la peau. De plus, alors que les fantdmes liquides ont une durée de vie d’une
semaine au mieux, les fantbmes PDMS peuvent étre conservés plusieurs années, ce qui
permet de les caractériser suivant plusieurs méthodes et dans des laboratoires différents afin
de réaliser des études comparatives. Enfin, 1’état de surface et la structure de ces fantdmes
peuvent étre controlés. En particulier, le protocole développé pourra servir a la fabrication de
fantomes multicouches permettant d’évaluer plus finement les performances de notre
systeme. Ce protocole ne permet toutefois pas de contrbler de fagon slre les propriétés
d’absorption et de diffusion des fantdmes. La caractérisation de ces fantomes s’est donc basée
sur une mesure de référence par la méthode SFDI (Spatial Frequency Domain Imaging)

développé au sein de 1’équipe Instrumentation Photonique pour la Santé & ICube. Les
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propriétés des fantdmes développés au CEA et au laboratoire 1Cube et utilisés pour cette
étude sont données Fig. 6. Une large gamme de propriétés représentatives de la peau est
couverte. Les propriétés sont échantillonnées de maniére fine sur la gamme [0 ;1] cm™ en
absorption et [7 ;20] cm™ en diffusion, qui correspond aux valeurs les plus représentatives de
peaux claires et du derme. Le reste des fantbmes vient compléter la gamme de propriétés
considérée vers des niveaux plus elevées d’absorption et de diffusion qui se rapprochent

notamment des propriétés observées pour les peaux foncées ou I’épiderme.
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Fig. 6 Propriétés des fantémes PDMS mesurées en SFDI a 665 nm.

Les propriétes des fantdmes fabriques ont été mesurées avec le systeme srDRS développé

et comparées aux valeurs données par la SFDI. Les résultats sont fournis Fig. 7.
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Fig. 7 Comparaison entre les propriétés optiques des fantdbmes PDMS mesurées en SFDI et avec le
systéme srDRS développé. (a) Coefficients d’absorption. (b) Coefficients de diffusion réduits.
(Haut) Valeurs absolues. (Bas) Ecarts relatifs entre srDRS et SFDI. Chaque couleur est associée a
un groupe de fantdmes.

La capacité du systeme a mesurer précisement le coefficient de diffusion réduit des
fantdmes semble confirmée par 1’accord obtenu entre les mesures SFDI et stDRS pour ce
paramétre. L’écart relatif moyen entre les deux systémes est de 3.3+£3.0%, avec un coefficient
de corrélation R? = 0.983. A I’inverse, de trés grandes disparités sont observées dans les
coefficients d’absorption mesurés par les deux systéemes, avec des écarts de quantification
atteignent 300% pour certains fantémes. Toutefois, une structure se dégage nettement de ces
écarts. Notamment, pour une gamme de fantbmes a niveau de diffusion constant, la variation
relative d’absorption entre les fantomes est respectée. De plus, 1’écart relatif en pa mesures
par les deux systémes semble étre dépendant de 1’intervalle entre les niveaux de diffusion du
fantdme considéré et du fantdme utilisé pour la calibration du systeme srDRS. En effet, les
coefficients d’absorption mesurés en srDRS sont soit sous-estimés soit surestimés selon que
le coefficient de diffusion réduit du fantdme considéré est plus faible, respectivement plus
important que celui du fantdme de calibration. Cette observation nous a amené a proposer
une approche empirique permettant de corriger I’erreur de quantification de 1’absorption par

stDRS. Pour cela, nous supposons une dépendance linéaire de 1’écart relatif entre les
11



coefficients d’absorption mesurés en srDRS et en SFDI en fonction du coefficient de
diffusion réduit des fantdmes (Fig. 8(a)). Etant donné I’accord observé entre les coefficients
Ms’ mesurés par les deux systémes, cette approche se base uniquement sur les mesures srDRS
sans a priori sur les propriétés des fantdmes. La relation suivante de correction de

I’absorption mesurée par srDRS peut alors étre établie a partir des paramétres du fit linéaire :

cor _ Ha

Ha™ =117 (11.45 x i, — 97.03)/100

ou u, et ug sont les coefficients d’absorption et de diffusion réduit estimés initialement par le
systeme et usl" est le coefficient d’absorption corrigé. Les résultats de comparaison entre
srDRS et SFDI une fois 1’absorption mesurée en srDRS corrigée sont donnés Fig. 8(b). Apreés
correction, un écart relatif moyen de 12.9+14.3% entre les coefficients d’absorption mesurés
en srDRS et SFDI est obtenu, avec un coefficient de corrélation R? = 0.965.
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Fig. 8 (a) Ecart relatif de quantification du coefficient d’absorption entre srDRS et SFDI en fonction
du coefficient de diffusion réduit des fantdbmes mesuré en srDRS. Le fit linéaire est représenté par
la droite rouge. (b) Coefficients d’absorption mesurés en stDRS aprés correction en fonction des
valeurs données par la SFDI. (Haut) Valeurs absolues. (Bas) écart relatif entre srDRS et SFDI.
Bien que cette approche permette de réduire significativement 1’écart de quantification de
1’absorption par notre systeme srDRS et la SFDI, il semble que les valeurs corrigees restent
fortement sensibles a un éventuel écart d’estimation du coefficient ps’ entre les deux

instruments. Cela pourrait notamment expliquer les différences importantes observées pour la
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gamme B (de l'ordre de 25%) apres correction, étant donné que pour cette gamme le
coefficient de diffusion réduit est systématiquement surestimé par rapport a la valeur donnée
en SFDI. D’autre part, la faible corrélation entre 1’écart relatif de quantification de
I’absorption par les deux systémes et le niveau de diffusion des fantdomes (R? = 0.814)
suggere la présence d’autres biais de mesure ne pouvant pas étre corrigés selon cette
approche. Une étude plus approfondie serait & mener pour confirmer nos observations et
valider la méthode de correction proposee.

5. Evaluation du capteur pour le suivi d’oxygénation des tissus in vivo

L’approche proposée au cours de ce projet peut s’avérer pertinente dans le cadre du suivi de
la viabilité de lambeaux superficiels en phase post-opératoire de chirurgie reconstructrice. En
effet, le greffon de peau transféré sur la zone a reconstruire nécessite une inspection réguliere
par I’équipe médicale afin d’optimiser ses chances de survie. Notre approche posseéde un
potentiel pour informer sur 1’état d’oxygénation du tissu de maniére continue et autonome a
partir d’un instrument a faible coft, optimisant ainsi les chances de survie du lambeau tout en
mobilisant un minimum de ressources humaines et matérielles.

Le potentiel de notre systéme pour le suivi en continu de 1’oxygénation de la peau a donc
été évalué au travers d’expérimentations in vivo. Afin de mener ces expérimentations, le
systeme srDRS développé comprend une bague de fixation attachée a la peau du sujet a I’aide
de rubans adhésifs médicaux (Fig. 9(a)). Le systéme vient s’insérer dans la bague avant d’étre
fixé par une vis de sorte a appliquer une pression stable sur le tissu pendant toute la durée de
la mesure (Fig. 9(b)). L’effet de la pression appliquée par le systeme de mesure sur les
propriétés optiques estimées a été mis en évidence par plusieurs auteurs. Nous avons donc
étudié la répétabilité des signaux obtenus entre différents positionnements du capteur srDRS.
Une série de mesures a été réalisées en un méme point du tissu (sans déplacer la bague de
fixation) avec retrait et repositionnement du capteur dans la bague entre chaque mesure.

L’écart-type calculé entre les mesures est de 16.6% pour pa et 2.8% pour ps’.
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Fig. 9 Expérimentations pour le suivi d’oxygénation in vivo. L’avant-bras d’un volontaire sain est
placé dans le champ de vue du systéme SSOP, repéré par le rectangle pointillé. Le systeme srDRS
est attaché au bras du volontaire en dehors de champ d’illumination de la SSOP. Le systéme est
fixé au moyen d’une bague attaché au tissue a 1’aide de rubans adhésifs médicaux.

Afin de simuler les conditions d’une complication vasculaire au sein du greffon de peau,
une occlusion veineuse a eté réalisée au bras d’un sujet sain a 1’aide d’un brassard
tensiométre médical. Les propriétés optiques ont ét¢ mesurées a 1’avant-bras en continu
avant, pendant et apres 1’occlusion simultanément avec le systétme srDRS et une modalité

temps-réel de la SFDI, dénommée SSOP (Single Snapshot of Optical Properties). Les

coefficients d’absorption et de diffusion réduits mesurés sont donneés Fig. 10.

1 . . . .
10 . i 25 i [ —515nm
1 1 1 1 611nm
" Iy | Lapimnnte] |—1—660nm
I:"""’Ts.___ 20 Lepliutetifite o o |£"."ﬂw ——665nm
~ 100} | 1 | s [—se0nm
< I I v 15} I I 1
g | g I [
L p—— 1% ~ WW
2 A | =’ 101 ! 1
107§ I E ! !
I 1
| : o 5¢
I I | 1
10.2 P | Ml | " 0 P | | M
0 5 10 15 0 5 10 15
temps (min) temps (min)
(a) (b)

Fig. 10 Coefficients d’absorption (a) et de diffusion réduits (b) mesurés pendant 1’expérience

d’occlusion avec les systémes srDRS (515, 611 et 660 nm) et SSOP (665 et 860 nm). Les barres

d’erreur correspondent a 1’écart-type entre les valeurs obtenues a partir de différentes mesures du
fantdme de calibration.
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Une augmentation progressive de 1’absorption pendant I’occlusion a été détectée a toutes
les longueurs d’onde, avec un retour rapide aux valeurs normales aprés que la pression soit
relachée. Les coefficients de diffusion mesurés sont dans 1’ensemble peu sensibles a
I’occlusion et restent stables pendant toute la durée de 1’expérience, avec des changements
observés pendant 1’occlusion inférieurs a 10%. Les coefficients mesurés respectent donc
qualitativement le comportement attendu pour ce type de protocole. Cependant, des disparités
importantes sont observées entre les résultats fournis par le systeme srDRS et la méthode
SSOP. Le coefficient d’absorption mesuré a 660 nm par SrDRS est surestime par rapport a la
valeur donnée en SSOP a 665 nm, en accord avec ce que nous avons observé sur fantbmes
PDMS. En revanche, les coefficients de diffusion mesurés montrent une différence
significative entre les deux systémes pour ces mémes longueurs d’onde. Ces différences sont
potentiellement liees aux différences intrinséques entre les systemes srDRS et SFDI.
Notamment, les propriétés optiques mesurées peuvent étre altérées du fait de la pression
appliquée par notre capteur sur le tissu. De plus, les propriétés mesurées en SFDI sont
potentiellement sensibles aux réflexions speculaires a la surface de la peau, ce qui n’est pas le
cas de I’instrument srDRS.

Le parameétre de saturation tissulaire en oxygéne S du tissu a été calculé selon une relation

basée sur la différence des coefficients d’absorption mesurés a deux longueurs d’onde Ap,:

A.ua - A.ua,deoxy

S =
A#a,oxy - A.ua,deoxy

OU Alg oxy €t Al geoxy sont déterminés a partir de spectres tabulés de I’absorption du sang
oxygéné et désoxygéné. Les mesures a 611 nm et 660 nm sont considérées pour le systeme
srDRS, tandis que les mesures a 660 nm et 860 nm sont utilisées en SSOP. Les résultats
obtenus (Fig. 11) démontrent la capacité du systéme srDRS a détecter la baisse de saturation
produite par I’occlusion. D’un point de vue quantitatif, de grandes disparités sont toutefois
observées entre les mesures srDRS et les signaux générés en SSOP. Les valeurs de saturation
mesurées en SSOP sont globalement conformes aux résultats attendus. Des études réalisées
par le passé ont en effet établi que la saturation se situe dans la gamme [70-80]% en
conditions normales et ne chute pas au-dela de 50% dans le cas d’une occlusion de quelques
minutes telle que celle réalisée ici. L utilisation de la SSOP comme méthode de référence a

ainsi pu étre validée. La saturation mesurée par le systeme srDRS est cependant fortement
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surestimée et atteint des valeurs peu réalistes aussi bien avant (~90%) que pendant
I’occlusion (~22%). Diverses pistes ont ét€¢ proposées afin d’expliquer les écarts observés et
de les corriger. Celles-ci concernent en particulier le choix des sources implémentées dans le
systeme srDRS. La relation utilisée pour le calcul de la saturation repose notamment sur
I’approximation que seul le sang oxygéné et désoxygéné contribue a la différence
d’absorption mesurée entre les deux longueurs d’ondes considérées. Il est probable que cette
approximation ne soit pas verifiée dans le cas de la mesure sSrDRS a 611 nm et 660 nm du fait
de la contribution de la mélanine a 1’absorption du tissu. Plusieurs auteurs ont établi que le
choix d’un couple de longueurs d’onde optimal pour le suivi hémodynamique se situait
typiquement dans la gamme [650-750] nm d’une part et [850-950] nm d’autre part. Suivant
I’architecture proposée pour notre capteur, la nécessaire proximité des sources avec les bords
de I’aire d’imagerie impose le choix de LEDs de faibles dimensions latérales (ici 0.8 mm).
Dans la gamme d’émission a [850-950] nm, les LEDs disponibles sur le marché ne
permettent pas de répondre a I’ensemble des contraintes liées a la fois a cette limitation, a la
puissance d’émission nécessaire et a la faible sensibilité du capteur CMOS dans le domaine
proche infra-rouge. De futurs travaux pourraient notamment s’attacher a la modification du
packaging du systéme pour I’intégration d’un couple de sources aux longueurs d’ondes
optimisées pour le suivi quantitatif de 1’oxygénation des tissus. En parall¢le, le modéle de
peau et ’algorithme d’inversion associé pourraient étre optimisés, notamment afin de prendre
en contre la présence d’autres espéces moléculaires présentes dans le tissu telles que la

mélanine.
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Fig. 11 Saturation tissulaire en oxygéne (StO,) mesurée pendant I’expérience d’occlusion avec les
systémes srDRS et SSOP. Les barres d’erreur correspondent a 1’écart-type entre les valeurs
obtenues a partir de différentes mesures du fantéme de calibration.

6. Perspectives pour la poursuite des travaux

Les perspectives ouvertes par ces travaux concernent principalement 1’analyse de milieux en
couche tels que la peau.

Dans un premier temps une validation plus complete du systéeme développé devra étre
menée. Une telle validation nécessite le développement de fantdmes de peau aux propriétés
connues. Pour cette étude, nous nous somme reposeés sur une caractérisation de ces fantdmes
par une méthode indépendante en SFDI. Toutefois cette approche présente des limitations
liées aux différences intrinséques entre la méthode SFDI et le systeme srDRS développé.
Afin de renforcer notre étude, d’autres méthodes de référencement des propriétés optiques
des fantdbmes pourraient étre envisagées. C’est pourquoi une campagne de caractérisation de
ces propriétés par un systeme DRS résolu en temps est notamment en cours au sein d’une
équipe partenaire (Politecnico di Milano, Milan).

Afin d’évaluer les performances du systéme pour I’analyse de milieux en couches, le
protocole de fabrication de fantdmes établi pourra étre exploité pour le développement de

fantomes bicouche mimant par exemple I’épiderme et le derme.
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Afin de séparer I’influence des couches superficielles (épiderme) d’une part et profondes
d’autre part (derme) sur les propriétés optiques mesurées, la sensibilité du systéme aux
propriétés du milieu a faibles profondeurs doit étre maximisée. Dans ce but, une approche
proposée par différents auteurs consistant a incliner I’illumination a ét¢ implémentée dans
notre systeme. En paralléle, un algorithme de simulations Monte Carlo dans un milieu en
couches précédemment développé au CEA a été étendu a la modélisation de sources
inclinées. Ces outils pourront &tre mobilisés dans de futurs travaux.

Enfin, les travaux realises ici ont débouché sur le dépot d’un protocole d’essai clinique en
lien avec le CHU de Grenoble et une équipe partenaire de I’Inserm. Les essais, prévus pour le
printemps 2019, incluent un panel de volontaires sains aux types de peau variés et soumis a
une inhalation d’air hypoxique afin de générer une désaturation. Les données recueillies
pourront notamment &tre exploitées pour spécifier le modéle de peau et 1’algorithme
d’inversion adéquats afin d’obtenir une mesure quantitative de la saturation tissulaire en

OXygene.

7. Conclusion

Les travaux realiseés au cours de ce projet ont permis d’établir les bases du développement
d’un capteur srDRS bas coft et potentiellement porté sur la personne pour 1’analyse de la
peau en couches. Notre approche repose sur I’utilisation d’un capteur matriciel placé en
contact avec le tissu et permettant la détection de la réflectance diffuse a haute résolution
spatiale afin d’optimiser le potentiel de la srDRS a fournir une mesure résolue en profondeur.
La premiere phase du projet a permis d’identifier les limitations associées a notre
approche et de proposer une solution instrumentale innovante permettant de les contourner.
La solution proposée a ¢été implémentée au travers d’un premier prototype, dont les
performances ont été validees sur fantdmes de peau liquides. Les mesures réalisées avec ce
prototype ont permis de quantifier les coefficients d’absorption (ua) et de diffusion réduit
(Us”) des fantdmes avec une précision moyenne de 4.2+3.5% et 7.0+4.6%, respectivement.
Cette premiere étape de preuve de concept a mené a I’implémentation d’un capteur compact,
port¢ sur la personne et optimisé pour I’analyse de milieux en couches et le suivi
d’oxygénation de la peau in vivo. En particulier, la résolution d’images offerte par ce nouvel

instrument a été multiplié par 25 par rapport au prototype précédent. Le systéeme développé
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permet ainsi de détecter des détails de 1’ordre de 22 pum sur une large gamme de distances
source-détecteur (approximativement entre 0.7 et 6.5 mm).

Afin d’évaluer les performances de ce systeme dans des conditions au plus proche de la
mesure in vivo, une gamme de fantdmes solides en PDMS a été développée. Les propriétés
optiques des fantdmes ont été caractérisées selon une approche par mesure de référence basée
sur un systeme SFDI développé au sein d’un laboratoire partenaire (ICube, UMR 7357,
Strasbourg). Ces propriétés ont ensuite été comparées a celles mesurées par le systeme srDRS
que nous avons développé. L’accord entre les instruments srDRS et SFDI concernant
I’estimation de ps’ a pu étre établi. Les écarts relatifs d’un instrument a ’autre étant en
moyenne de 3.3£3.0%. De grandes disparités ont en revanche été observées concernant le
coefficient d’absorption. Bien que les résultats obtenus concordent sur le plan qualitatif, une
correspondance quantitative entre les deux instruments n’a pu étre obtenue. En observant une
nette corrélation entre 1’écart relatif en absorption et le niveau de diffusion du fantdme
considéré, nous avons proposé une approche empirique de correction des coefficients
d’absorptions estimés par notre systeme. Le potentiel de cette approche a été évalué sur la
gamme de fantbmes PDMS fabriquée. L’écart de quantification de 1’absorption entre les
systemes srDRS et SFDI a ainsi été significativement diminué sur I’ensemble des fantomes,
passant en moyenne a 12.9+14.3%. Les résultats obtenus suggérent toutefois que cette
méthode ne permet pas de prendre en compte tous les biais de mesure existants entre notre
capteur et le systtme SFDI. Des études plus approfondies seraient nécessaires afin
d’identifier la source de ces écarts et de les corriger.

Enfin, les performances du systeme srDRS développé ont été évaluées pour le suivi
d’oxygénation des tissus in Vvivo. Pour cela, une expérience d’occlusion au brassard
tensiometre a été menée sur un sujet sain afin de générer une chute de la saturation tissulaire
en oxygeéne (StOz). Les propriétés optiques ont été mesurées en continu avec notre systeme et
une modalité temps-réel de la SFDI utilisées comme mesure de référence. La capacité du
capteur srDRS a détecter la désaturation produite par ’occlusion a pu étre démontrée.
Cependant, une estimation précise et quantitative des valeurs de StO2 en conditions normales
et pendant I’occlusion n’a pu étre obtenu. Afin d’atteindre ce but, plusieurs pistes
d’améliorations ont été proposées et pourront tre explorées dans de futures études. Ces
améliorations concernent notamment la méthode de calibration de [D’instrument, la
modélisation du tissu, le choix des longueurs d’onde d’émission ainsi que la maitrise du

couplage entre le capteur et le tissu. L’architecture du systéme pourrait notamment étre
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adaptée afin de permettre 1’intégration d’une combinaison optimale de sources. Par ailleurs,
I’'usage d’un gel de contact au propriétés adéquates pourrait étre exploré.

Dans I’ensemble, les résultats confirment le potentiel de notre approche pour Ia
quantification des propriétés optiques des tissus in vivo. Ces travaux ont permis de franchir
une premiére étape vers le développement d’un instrument bas codt et compact pour I’analyse
de la peau. Un tel instrument pourrait en particulier fournir un monitorage passif et en continu
de la viabilit¢ de lambeaux superficiels afin d’améliorer la prise en charge des patients en
phase post-opératoire de chirurgie reconstructrice. Le systeme développé présente de plus un
potentiel pour 1’analyse du tissu résolue en couches, ce qui apporterait une forte plus-value
dans de nombreuses applications aussi bien médicales que cosmétiques ou industrielles. Afin
d’évaluer ce potentiel, plusieurs outils instrumentaux et algorithmiques ont été mis en place et

pourront étre mobilisés dans de futurs travaux.
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Knowledge of the physiological properties of skin tissue is of critical importance for patient
care management in a great number of pathologies. Instruments capable of characterizing
these properties in vivo are of great interest both for the medical community and cosmetic
industry.

In the past decades, optical imaging has emerged as an efficient tool to provide reliable
information about the tissue status and assist clinicians in various diagnostic and therapeutic
procedures. These techniques rely on the interaction of light with tissue to infer both
biochemical and morphological properties of tissue that may be related to important
functional parameters.

Diffuse reflectance spectroscopy (DRS) is a particular optical imaging modality that
consists in illuminating the tissue and studying the properties of the backscattered light,
referred to as diffuse reflectance, to identify the spectral signatures of various biochemical
species. DRS provides non-invasive, quantitative characterization of tissue physiology in
depth while relying on inexpensive and compact technology, making it a suitable candidate
for various biomedical and cosmetic applications at the point of care.

Translation of DRS into clinical instruments raises difficulties notably concerning the
miniaturization of devices, integration of these into the medical workflow of the hospital as
well as their ability to provide reliable information over a wide range of tissue types. Notably,
dealing with the stratified structure of skin (epidermis, dermis, fat) constitutes a significant
challenge that must be met in order to address a variety of applications including early cancer
detection, oxygenation monitoring and drug permeation follow-up.

Spatially resolved diffuse reflectance spectroscopy (srDRS) is a particular modality of
DRS that analyzes the spatial dependence of diffuse reflectance spectra produced by an
illumination with a controlled geometry. By collecting the diffuse reflectance at multiple
distances from the source, srDRS has the potential to probe various depths in order to achieve
the characterization of tissue with layer specificity. However, current instruments involving
fiber components or photodiodes to collect the backscattered photons have difficulties
achieving this goal due to limitations in terms of spatial resolution and light collection
efficiency.

The objective of this doctoral thesis is to develop a new generation of instruments capable
of addressing the characterization of skin with layer specificity while having minimal impact
on the patient and medical staff in terms of cost, time and footprint. For this purpose, we

propose to implement the srDRS technique using a high resolution multi-pixel sensor placed
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in contact with the tissue. Compared to existing fiber optic and photodiode-based devices,
such sensor provides enhanced spatial resolution and light collection efficiency, thereby
having a significant potential for the layer-specific analysis of tissue. We propose to
investigate the use of low-cost, compact technology including a Complementary Metal Oxide
Semiconductor (CMOS) imager and surface mounted light emitting diodes (LED). Thereby,
our approach is fully relevant for the development of wearable devices for point of care
applications.

The project was divided into three stages:

- The specification of the adequate system architecture to perform srDRS
measurements using a CMOS sensor in a contact imaging modality and the validation
of this architecture for the characterization of tissue-simulating liquid phantoms

- The development of an optimized system based on the proposed architecture and
validation of this system for the characterization of solid phantoms.

- The evaluation of the developed device for the continuous monitoring of tissue

oxygenation in vivo.

Chapter 1 provides the contextual elements necessary to apprehend the project. In the first
section, light-matter interactions in biological media are introduced and a description of skin
structure and optical properties is given. Then, the clinical motivation for skin optical
characterization and the potential of diffuse optical methods to address this issue are
discussed. Following this discussion, diffuse reflectance spectroscopy is presented in further
detail. Finally, the mathematical modeling of light propagation in turbid media is presented.
During the first months of the PhD program, different models of light propagation have been
studied in the literature. Several models were implemented, including a stochastic approach
involving numerical calculations of photon paths through Monte Carlo simulations, as well as
an analytical approach referred to as diffusion theory and an improvement of this approach
denoted as the 6P1 approximation. In the end, a comparison between these models and their
limits of validity is made.

Chapter 2 introduces the system architecture that was specified to carry out spatially
resolved diffuse reflectance imaging in contact using a standard high resolution image sensor.
In the first section, a detailed presentation of spatially resolved diffuse reflectance

spectroscopy and state of the art of the method is provided. Then, the main limitations
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associated to our approach are discussed and the system design that was developed to
overcome these limitations is described. Finally, validation of the system’s performance on
tissue-simulating liquid phantoms is presented.

In Chapter 3, we report on the implementation of the proposed architecture into a
compact, wearable prototype designed toward layer-specific and in vivo tissue analysis. First,
the development of solid tissue-simulating phantoms is presented. Then, the performance of
the developed prototype for the characterization of these phantoms is analyzed in comparison
with Spatial Frequency Domain Imaging (SFDI), an imaging method developed at a partner
institution (Laboratoire des sciences de I’Ingénieur, de I’Informatique et de I’Imagerie, ICube
UMR 7357, Strasbourg, France).

In Chapter 4, the ability of our prototype to characterize oxygenation changes in tissue is
evaluated. As an introduction to this chapter, the problematic of free flaps viability
monitoring is presented and the potential of our approach for this application is discussed.
Then, we report on in vivo experiments performed with the developed srDRS prototype and a
real-time SFDI acquisition system. Notably, continuous oxygenation readings provided by
the two systems on the forearm of a healthy volunteer during cuff occlusion are compared
and discussed.

Chapter 5 provides a summary of obtained results as well as short-term and long-term
perspectives opened by this work concerning the in vivo evaluation of the device and the
analysis of layered media.

Finally, the last part of the manuscript discusses the main conclusions drawn from this

project.
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Chapter 1

Context
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In this chapter, we introduce the scientific context of the doctoral work. Sec. 1.1
introduces the light-matter interactions most significant for our study. Sec. 1.2 describes the
main properties of skin tissue and their physical modeling. In Sec. 1.3, a review of current
imaging techniques and their application for tissue analysis is provided. Finally, Sec. 1.4
provides an outlook of current approaches to model the propagation of light in biological

media and the diffuse reflectance from tissue.

1.1 Light-matter interactions in biological media

During its propagation in a biological medium, light interacts with the constituents of the
medium through various processes. In this work, we are only interested in the following
processes:

e Reflection and refraction

e Absorption

e Scattering

In this section, we describe the physical origin of these phenomena and their

mathematical modeling.

1.1.1 Reflection and refraction

The first light-matter interactions to be considered are reflection and refraction, which occur
at the point where an incident light beam enters the biological tissue, and more generally at
the interface between two media with distinct refractive indices.

Refraction is governed by the Snell-Descartes law for refraction, as depicted in Fig. 1-1.
An incident light beam propagating along an angle 6,,, relatively to the normal of the
interface is deviated towards an angle 6;, inside the medium. The incident and refraction

angles are related to the refractive index mismatch between media, according to Eq. (1.1):
Nin SIN Oy = Noye SINOgyye (1.1)

A part of the incident beam’s energy is not transmitted through the interface and emanates
in a second beam which is reflected in the opposite direction relatively to the normal of the
interface. This process is referred to as specular reflection. The energy distribution between

the specular reflected and refractive beams can be derived using Fresnel's law for reflection.
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Fig. 1-1 The Snell-Descartes law. The incident beam makes an angle 0o, With the normal of the
medium-exterior interface. After interaction at the interface, the incident beam energy is divided into
a specular reflected beam and a refracted beam, which make an angle -0, and 0, with the normal.

The previous relations hold in the case where the interface between media is perfectly
planar. In general, and particularly for biological tissue, this is not true. In this case, the angle
of propagation of the reflected and refracted beams are randomly distributed, according to a
probability function which depends on the size and shape of the surface heterogeneities.

However, this finer behavior is disregarded in our study.

1.1.2 Absorption

Absorption is the process in which the incident light propagating in the tissue transfers a part
of its energy to a molecular species. This results in a transition of the molecule to a higher
energy level. Absorption is particularly interesting for diagnostic applications since
transitions between two energy levels are only possible at specific wavelengths, which
depend on the nature of the molecule. Therefore, the quantification of absorption in a
biological tissue directly informs about the tissue biochemical content.

The absorption mechanism is also at the basis of laser treatment procedures, in which the
extraction of light energy by the tissue is used to produce therapeutic effects.

The absorption property of a medium is characterized by its absorption coefficient u,,
defined as the probability of a photon to be absorbed per unit path length. As it propagates in
an absorbing-only medium, light attenuates according to the following relation:
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dl
- = —p,dl (1.2)
where [ is the light intensity and [ is the path length. Eq. (1.2) leads to the well-known

Beer-Lambert law:

I(1) = Ip exp(—#qD) (1.3)

where [ is the light intensity at [ = 0. From the absorption coefficients, one defines the
absorption mean free path [, = 1/u, as the average distance covered by a photon before
experiencing absorption.

Provided that the photon pathlength is known, the measurement of the light attenuation in
the medium directly yields the absorption coefficient. This parameter can in turn be linked to

the tissue composition, as will be discussed in Sec. 1.3.

1.1.3 Elastic scattering

Scattering occurs when a photon incident on a tissue component along a certain direction is
deviated towards another direction. Elastic scattering refers to the particular case in which the
wavelengths of the incident and scattered photons are the same. In this manuscript, the terms
‘scattering’ and ‘elastic scattering’ are equivalently used for the sake of simplicity. Scattering
results from the refractive index mismatch between the tissue component and its
environment, inducing multiple reflection and refraction processes at the microscopic level.
At the macroscopic level, a light signal incident on a scattering medium along a given
direction is distributed over a range of angles, which depends on the size, shape and
distribution of scatterers in the medium.

As for absorption, one defines the scattering coefficient u as the probability for a photon
to be scattered per unit length. The average distance covered by a photon before it undergoes
a scattering event is referred to as the scattering mean free path Iy = 1 /.

The analogy between p, and ug leads to the definition of the total attenuation coefficient
(or total interaction coefficient) u, = u, + us and the associated mean free path [, = 1/u; as
the average distance covered by photons between interactions. For a medium with higher
absorption than scattering, the modified Beer-Lambert law can be written as:

I(1) = I exp(—peD) (1.4)
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Eq. (1.4) only holds when considering the light transmitted by the medium in the same
direction as the incident direction. This configuration is associated to the collimated
transmission method, in which the modified Beer-Lambert law is used to extract the total
attenuation coefficient of a turbid medium.! However, many applications including the one
discussed in this manuscript involve the collection of the light reflected back from the tissue
after interaction with its internal constituents. In such configurations, the angular distribution
of scattering angles plays a crucial role on the shape of the collected signal. This angular
distribution is parameterized by the scattering phase function p(s,s"), which describes the
probability for a photon undergoing a scattering event with initial direction § to be scattered

along a direction ' (see Fig. 1-2).

Scattered
photon .

Scattering

Incident angle 0

photon

) Y S R g, Ty S W DI - - - oo =

Scattering
center

Fig. 1-2 Scattering event. A photon incident on a scattering center with a direction § is deviated
toward a direction §' making an angle @ with the initial direction.

From now on, we make the assumption that all scatterers are spherical. In this case, the
scattering phase function only depends on the relative angle between the incident and exit
direction, 8 = §.8'. The anisotropy factor g is defined as the average cosine of the scattering

angle 6:
g =<cosf > (1.5)

The anisotropy factor is an expression of the directionality of scattering in the medium.
Its value ranges from -1 to 1 for exclusively back-scattering, respectively forward-scattering
media, g = 0 corresponding to isotropic scattering. The value of g is related to the scatterer
size a and the wavelength A of the incident light beam. Depending on these parameters, two

regimes are distinguished:
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e Mie scattering, which predominates when a is comparable to A and corresponds to
mainly anisotropic scattering with g > 0. Note that Mie theory is derived under the
assumption that scattering particles are spherical.

e Rayleigh scattering, corresponding to a limit case of Mie theory for small particles

(i.e. for a «< 1), The Rayleigh regime is associated to isotropic scattering with g = 0.

As illustrated in Fig. 1-10, skin tissue is composed of various scatterers with different
sizes, ranging from 0.01 pm for cell membranes to 10 um and more for cells.

Therefore, both Mie and Rayleigh scattering influence the angular distribution of light in
skin. The most commonly used phase function is the Henyey-Greenstein phase function:?

1 1 - g
41 (1 — 2gyg cos 6 + g&;)3/2

Puc(0) = (1.6)

This phase function is a good approximation of Mie theory provided that the medium under
consideration is sufficiently thick® (see Fig. 1-3). Fig. 1-4 depicts the angular distribution of

scattering angles when considering the Henyey-Greenstein phase function with various

values of g.
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Fig. 1-3 Comparison between the Henyey-Greenstein and Mie phase function. Figure retrieved from
Mourant et al.®
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Fig. 1-4 Influence of scattering anisotropy g on the shape of the Henyey-Greenstein phase function.
Figure retrieved from Ref. 4.

Biological tissues are characterized by a high probability of scattering with respect to
absorption. This property is referred to as turbidity. In a turbid medium, light propagation
rapidly becomes isotropic at the macroscopic scale. To this extent, the scattering coefficient
and anisotropy factor are commonly gathered in a single parameter, referred to as the reduced

scattering coefficient:

ps = ps(1—g) (1.7)

The physical interpretation of ug is further discussed in Sec. 1.4.2.

1.1.4 Raman scattering and fluorescence

Raman scattering occurs when a scattering event results in the generation of a photon of
lower energy than the incident photon (inelastic scattering).

Fluorescence is the generation of a photon after the decay of a molecule from a higher
energy state to a lower energy state. It differs from Raman scattering, in which the molecule
is transferred to a virtual higher energy state before re-emitting a photon. Fluorescence can be
generated by an external source of photons (exogenous fluorescence) or by internal processes
(endogenous fluorescence).

In the next chapters, both fluorescence and Raman scattering are disregarded as they are
involved in less than on in a million absorption events.® Several imaging techniques have
been developed to provide enhanced sensitivity to Raman and fluorescence emissions for

improved biochemical contrast. These are discussed in Sec. 1.3.1.
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1.2 Skin

Skin is the most extensive organ of the human body. It provides a bidirectional exchange
between the body and its environment, ensuring multiple functions, among which:
e Temperature regulation of the body via sweat glands, hair and blood circulation
e Protection barrier from external aggression (mechanical impact, temperature
variation, biological or chemical agent)

e Sensation through nerve cell receptors

Skin tissue exhibits a heterogeneous structure of multiple layers with individual
mechanical and optical properties. In this section, we present the function and histological
structure of skin. The components contained in skin tissue are listed and their impact on skin

optical properties are described.

1.2.1 Structure

Skin is composed of three elementary layers, from top to bottom: epidermis, dermis and

hypodermis. Graphical displays of the histological structures of skin are given in Fig. 1-5.
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Fig. 1-5 Epidermis and whole skin structures. Figures retrieved from Refs. 6 and 7, respectively.
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1.2.1.1 Epidermis

Epidermis is the superficial layer of skin, which acts as a barrier against external stresses. In
the human body, its thickness ranges from 150 to 200 microns depending on the body site
and age.® The epidermis itself can be divided into five sub-layers: the basal layer (or stratum
germinativum), the prickle layer (or stratum spinosum), the granule layer (or stratum
granulosum), the transition layer (or stratum lucidum) and the keratinized squamous layer (or
stratum corneum).

The basal layer is where the keratinocytes (or epithelial cells) and melanocytes are
synthesized. The birth of new epithelial cells forces the ascension of older ones through the
prickle, granule and transition layers. During this process, keratinocytes progressively change
shape until they reach the stratum corneum, in which they are reduced to flattened dead cells,
densely filled with keratin.® This continuous regeneration of epithelial cells sustains the
protection faculty of the epidermis.

The stratum corneum protects from damages due to mechanical abrasion or temperature
change, prevents from invasion by micro-organisms and participates in the control of
hydration. The melanocytes contained in the basal layer produce melanin granules, which
absorb harmful UV radiation. These cells will naturally respond to an increase of UV
radiation by increasing their production of melanin, giving rise to the well-known tanning
effect.

1.2.1.2 Dermis

The dermal layer is separated from the epidermis by the basal membrane. The dermis
thickness ranges from 1 to 3 millimeters in human skin. The dermis contains nerves and
sweat glands for sensation and thermoregulation, arterial and venous vessels for blood
supply, and a network of fibroblast cells. Fibroblasts synthesize the collagen and elastin
fibers, which provide skin with its mechanical integrity and elasticity. The dermis is divided
into two sub-layers: the papillary dermis, which makes the junction with the epidermis, and
the reticular dermis.

The papillary dermis is composed of numerous capillary vessels contained in a loose
fibrous network. It notably ensures blood provision to the epidermis. The reticular dermis is
filled with a dense network of larger blood vessels contained in a denser and irregular fibrous

network.
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The dermis is the most vascularized layer of skin, responsible for 10% of the total blood
flow in the body. It is the place where most of the exchanges between blood, skin and the

environment occur.
1.2.1.3 Hypodermis

The hypodermis is situated underneath the dermis and makes the junction between skin and
muscles. It principally contains adipose tissue, sweat glands and blood vessels. The adipose
tissue synthesizes the lipids, which are involved in thermoregulation processes and in the
production of vitamin D. The hypodermis thickness depends on the body site. It can reach up

to 10 centimeters and highly varies among people.

1.2.2 Optical properties

1.2.2.1 Refractive index

Skin is composed of various components with individual refractive indices. Jacques et al.’
proposed a model which takes account on the influence of water content on the refractive

index value:

Negin(A) = Nary — (ndry — Nwater (/D) w (1.8)

where W is the proportion of water in the tissue. ng,, = 1.514 is the refractive index of

dry tissue as calculated from MRI measurements® and is considered as independent on

wavelength.

A similar approach developed by Bashkatov et al.}' considers the fraction of protein

versus water content which the authors set at 70/30:
Nekin(4) = 0.7 X Nprotein T 0.3 X Nyyqier(A) (1.9)

As for ng,, the refractive index of proteins is assumed to be independent on wavelength
With n,,00in = 1.5. The refractive index of water is calculated from the following empirical

formula:1

Nyater = 1.58 —8.45 X 1071+ 1.1 X 107642 — 7.19 x 1071023

+2.32 % 1071324 — 2.98 x 1071725 (1.10)
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where A is expressed in nanometers. Alternatively, the authors proposed a finer model

taking account on other tissue constituents such as collagen:
Nekin = 1.309 — 4.346 X 102472 + 1.6065 x 10°17* — 1.2811 x 10*1°° (1.11)

Fig. 1-6 displays the refractive index of skin as calculated from Egs. (1.10) and (1.11).
Both models exhibit the same wavelength dependence that is the one of water. Practically,
most publications assume a wavelength-independent refractive index of 1.4,° 1.36% or
1.37.111314 These values are in good agreement with the models developed by Bashkatov et
al.!! In addition, the refractive index is supposed no to vary from one layer to another.
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Fig. 1-6 Refractive index of skin as calculated from the water-protein and extended water-protein
models.!?

Some experimental studies report differences in refractive indices between layers, with a
slightly higher refractive index in epidermis (stratum corneum included) than in dermis.t>-
17 Except for the values reported by Tuchin,!” measurements were not made in the visible
spectrum. In addition, the differences between the recovered epidermal and dermal refractive
indices in each study is on the order of the differences between values recovered for the same
layer from one study to another. More data is needed to establish a clear difference between

epidermal and dermal refractive indices.
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1.2.2.2 Absorption parameters

The color of skin is principally influenced by its absorption properties. Fig. 1-7 displays the
absorption spectra of the principal constituents of skin, referred to as chromophores. Each of
these constituents exhibits a specific absorption spectrum which acts as a signature. In the
visible domain, absorption is dominated by four chromophores: melanin, hemoglobin,
bilirubin and carotene. Melanin pigments are characterized by their brown-black color which
gives the different tones of human skin. Hemoglobin is responsible for the red tint of tissue
while bilirubin and carotene exhibit a yellow-orange color. Hemoglobin can be found in
various forms associated to individual absorption spectra. Among these, oxyhemoglobin is
the carrier of oxygen in the body, while deoxyhemoglobin is the main deoxygenated form of
hemoglobin (other forms such as carboxyhemoglobin and methemoglobin are found with
lower concentration). Lipids and water have a significant impact at longer wavelengths and
thereby should be taken into account in NIR and IR spectroscopy. Collagen absorbs light in
the IR range while other proteins such as keratin absorb light in the UV spectrum. The
absorption coefficient is directly related to the chromophore concentrations in tissue by the

following formula:
ko =1n(10) Y & G (1.12)
i

where ¢; and C; denote the molar extinction coefficient and molar concentration,
respectively, of chromophore i. The molar extinction spectra of the principle chromophores
are shown in Fig. 1-8. In Fig. 1-7 and Fig. 1-8, a part of the visible spectrum can be
distinguished where absorption (or extinction) is minimal and almost exclusively governed
by melanin and hemoglobin. Inside this domain, light penetrates deeply into tissue and carries
information about the blood and melanin content of skin, which are of great interest for
biomedical application (see Sec. 1.3). For this reason, it is often referred to as the “biological
window” or “therapeutic window”. The contribution of bilirubin and carotene to skin
absorption is only significant at wavelengths lower than 500 nm and thereby is disregarded in

this study.
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Fig. 1-7 Absorption coefficients of skin chromophores. Figure retrieved from Ref. 18.
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Fig. 1-8 Molar extinction coefficients of skin chromophores.
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As discussed in Sec. 1.2.1, melanin is the only absorbing agent present in the epidermis.
Conversely, the dermis does not contain melanin but hosts a network of blood vessels filled
with hemoglobin. Bilirubin and carotene are also contained in the dermis while lipids mostly
populate the hypodermis. Eventually, water is present in all layers except the stratum
corneum. In particular, this means that absorption spectra are not the same from layer to
layer. Meglinski et al.’® used an 8-layer structure to model skin. The absorption spectrum of
each layer is illustrated in Fig. 1-9. The characteristic shape of the hemoglobin spectrum is
clearly visible in all layers but the epidermis and stratum corneum, which do not contain
blood. Besides, the exponential decrease of melanin absorption can be observed in the
epidermis spectrum.
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Fig. 1-9 Absorption spectra of skin layers as retrieved from Meglinski et al.'® 1- stratum corneum, 2-
living epidermis, 3-papillary dermis, 4-upper blood net dermis, 5-reticular dermis, 6-deep blood net
dermis, 7-subcutaneous fat.

This layer to layer dependence of absorption in skin can be beneficial for many
biomedical applications. Indeed, targeting a particular layer makes it possible to target a
specific chromophore without being influenced by the pigments contained in surrounding
layers. This is of high interest when it comes to pathologies associated to a specific
chromophore such as melanin or bilirubin. For this reason, the development of instruments

capable of performing measurements with layer to layer specificity constitutes an active
research field.
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1.2.2.3 Scattering parameters

In the visible domain, scattering is dominated by collagen, elastin and keratin. Collagen and
elastin are responsible for the scattering property of dermis while scattering in epidermis
originates from keratin. The contribution of melanin to the epidermis scattering has been
suggested by the study of Tseng et al.?°, who retrieved higher scattering coefficients on
African skin types, but was contested by the results reported in Ref. 12. Scattering centers of
skin have various sizes, ranging from 10 nm for cell membranes to 10 um and more for cells
(see Fig. 1-10). Collagen and elastin are of the order of 100 nm and are organized in fiber
bundles reaching up to 8 um, meaning that both Mie and Rayleigh regimes are generated.!!
Therefore, the reduced scattering coefficient is commonly modeled by a power law on the

wavelength, with separate contributions of Rayleigh and Mie scattering:®%%

-4

:u;,skin(/D = H;,skinuo ) IfRay (%) + (1 - fRay) (%0>_bMiel (1.13)

where 4, is an arbitrary wavelength used for scaling of experimental data. The factor fx,,,
is the part of scattering following the Rayleigh regime while the factor (1 — fzq,)
corresponds to the Mie regime. The coefficient b,;, depends on the average size of scatterers
in the medium under consideration. A review of experimental values of theses parameters
was provided by Jacques et al.® Fig. 1-11 illustrates the prevalence of Mie, respectively

Rayleigh scattering to skin scattering properties at longer, respectively shorter wavelengths.
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Fig. 1-10 Sizes of skin constituents. Figure retrieved from Ref. 1.

Reviews of absorption and reduced scattering coefficients of biological tissue measured

in vitro and in vivo can be found in Refs. 9, 11 and 22. Retrieved p; values for skin tissue are
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comprised between 40 and 55 cm™ at A = 500 nm. Bashkatov et al.** reported a lower value
of 36.4 cm™. As for absorption, a distinction between epidermal and dermal scattering
properties can be made. In particular, authors reported a higher value of scattering coefficient
in the epidermis than in the dermis.?*2* More data is needed to confirm this result.

As discussed in Sec. 1.1.3, scattering is also parameterized by its anisotropy. Jacques et
al.?® and van Gemert et al.?® derived empirical formulae for the anisotropy factor of skin. In
both studies, the predicted g value ranges from 0.75 to 0.85 in the visible spectrum. Skin is
thus characterized by a strongly forward scattering behavior.
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Fig. 1-11 Scattering coefficient of skin. Figure retrieved from Ref. 27. Reduced scattering
coefficients were calculated using Mie (green) and Rayleigh (blue) theory. The total contribution of
Mie and Rayleigh scattering (black) as calculated from Eq. (1.13) matches well the in vivo data (red).

1.3 Optical imaging for tissue diagnostics

1.3.1 Overview of optical imaging methods

In recent years, optical imaging techniques have emerged as a new powerful tool for in vivo
tissue diagnostics. In the visible and near infrared domain, most biological tissues are
characterized by strong scattering and weak absorption, the latter being dominated by blood,
water and, for skin, melanin. In these conditions, photons can penetrate up to several
centimeters in depth before being scattered back to the tissue surface, where they can be
detected. The interaction of light with the constituents of tissue may then be used to generate
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subsurface images with chemical and/or morphological contrast. Unlike X-ray imaging,
optical imaging only involves nonionizing radiation being harmless to the patient and medical
staff. Furthermore, optical imaging techniques can be conducted using relatively inexpensive
instrumentation compared to Magnetic Resonance Imaging (MRI).

Various optical imaging methods have been developed for biomedical applications. These
include Optical Coherence Tomography (OCT), Confocal Laser Scanning Microscopy
(CLSM), nonlinear microscopy and Diffuse Optical Imaging (DOI), and can in some cases be
combined with the detection of fluorescence or Raman emission to provide more detailed
information about the biochemical composition of tissue. Optical imaging techniques differ in
terms of spatial resolution, penetration depth, acquisition rate and accessible information
(spectroscopic, morphological, biochemical, functional...). In the following we give a brief

outlook of these techniques and their main features.

Optical Coherence Tomography (OCT) is an interferometric method that studies the
morphological properties of tissue in real-time. The backscattered light that originates from a
small volume of tissue corresponding to an individual coherence gate is selected. The method
is based on the use of a broadband source (hence with a short coherence length) to reduce the
size of the coherence gate and thereby the sampled volume of tissue. 2-D or 3-D images are
formed by transverse scanning across the sample. OCT systems provide images up to 1-2 mm
in depth and with 1-10 pm resolution.! Current OCT systems only provide structural
information, although the extraction of metabolic contrast has been investigated in recent
studies.?® The most significant applications include skin cancer detection®® and imaging of
ocular tissue.*® Most recent studies investigated the addition of metabolic contrast.

In Confocal Laser Scanning Microscopy (CLSM), optical sectioning of photons is
performed by focusing both the illumination and detection beams on the same portion of
tissue, referred to as the confocal volume. 3-D imaging is then obtained by transverse
scanning of the confocal volume across the sample. CLSM images reach higher resolution
than OCT images, but with reduced framerate and field-of-view. In reflectance CLSM
(rCLSM), only morphological contrast is provided.33? For biochemical characterization of
tissue, CLSM can be combined either with fluorescence detection (fCLSM)3® or Raman
transition identification (Raman CLSM).3* However, signal-to-noise ratios decrease rapidly
with depth due to the unwanted contribution of multiple elastic scattering. This method is

therefore restricted to shallow tissue depths not exceeding 300 pm.
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Nonlinear microscopy methods have been developed to further push both the imaging
depth and the spatial resolution. These include Two-Photon Excitation Fluorescence
(TPEF),*® Second and Third Harmonic Generation (SHG and THG, respectively),*® and
Coherent Anti-Stockes Raman Spectroscopy (CARS).®’” In TPEF, the simultaneous
absorption of two photons produces the fluorescence signal. This technique provides
biochemical contrast and spectroscopic information with high resolution and up to a few
hundreds of microns. SHG, THG and CARS use multiphoton absorption to generate either
fluorescence (for SHG and THG) or Raman emission signals (for CARS). The wavelengths
of sources must be adjusted to a predetermined fluorescence or Raman emission to detect the

presence of specific molecular species. Hence spectroscopic characterization is not provided.

Previously mentioned methods involve the imaging of ballistic light, which refers to
photons that undergo only one or a few scattering events during their propagation through the
tissue. Photons experiencing multiple scattering generate a diffuse light signal that increases
with the imaging depth due to the strong scattering property of biological tissue. Although
ballistic light imaging makes it possible to achieve extremely high spatial resolution, the
imaging depth does not exceed a few hundreds of microns, except in OCT, which does
however not provide biochemical contrast. Therefore, these techniques are not fully adequate
for the analysis of deeper media (such as stromal, fat or muscle tissue). Besides, the cost and
complexity of the instrumentation used in nonlinear microscopy techniques (high power,
ultra-fast laser sources, high-end focusing optics) may be prohibitive for their implementation

in the clinic.

Diffuse optical imaging is based on the detection and analysis of diffuse light signals to
characterize the tissue content. In the diffusive regime, photon paths at the microscopic scale
are treated as random and only macroscopic parameters are measured. Tissue images with
biochemical and/or morphological contrast are reconstructed by a computer using analytical
or numerical models of light propagation in the medium. Diffuse optical imaging comprises
different techniques:

Diffuse Reflectance Spectroscopy (DRS) measures the elastically backscattered light to
yield absorption and scattering properties of the tissue. Spectroscopic analysis of tissue

absorption may vyield the concentration of various molecular species (oxy and
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deoxyhemoglobin, melanin, water, bilirubin, B-carotene...) while scattering parameters
inform about the tissue morphology (thickness of layers, structure of collagen fibers...).

AutoFluorescence Spectroscopy (AFS) follows a similar principle as DRS except that it
detects the tissue endogenous fluorescence.® This method makes it possible to measure the
concentration of specific molecular compounds (including various enzymes, porphyrins,
lipids, elastin, collagen and keratin) that cannot be accessed with DRS, which is why bimodal
AFS-DRS systems have been developed.*

Spatially Offset Raman Spectroscopy (SORS) involves a laser illumination and the
measurement of Raman emission spectra at multiple distances to the source for biochemical

characterization of the tissue.*°

Diffuse optical imaging does not compete with ballistic imaging in the field of spatial
resolution. Current systems achieve image resolution of the order of the millimeter at the
best. The main advantage of diffuse optical imaging is its ability to provide quantitative
analysis of biological changes up to several centimeters in depth that are invisible to ballistic
imaging systems. Thereby, in vivo functional imaging of deep media such as muscle, breast
or brain tissue becomes possible. Diffuse optical imaging can be conducted at moderate cost
using portable instruments and at high rate of acquisitions. Thereby, this technique has a great
potential for rapid, non-invasive, in vivo tissue diagnostics and implementation in the clinic.
The most significant applications include per and post-operative monitoring of tissue
oxygenation and hemodynamics,*4" cancer detection,*® jaundice diagnosis,>* wound
analysis,>>®" pharmacokinetics® and treatment evaluation.>®*®° In the next section, we focus

on diffuse reflectance spectroscopy.

1.3.2 Diffuse reflectance spectroscopy

Diffuse Reflectance Spectroscopy (DRS) is founded on the analysis of the backscattered light
signal produced by a controlled illumination of the tissue surface. This signal, referred to as
diffuse reflectance, is sensitive to absorption and scattering properties of the tissue, being
themselves related to relevant biochemical and morphological parameters. Depending on the
type of sources and detectors that are used, spatial, spectral or temporal reconstruction of
these parameters is performed computationally by comparing the observed signal with
theoretical predictions. These predictions are calculated using analytical or numerical models
of light propagation in tissue for various combinations of optical properties (see Sec. 1.4).
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The diffuse reflectance is measured as a function of time or space with or without modulation
of the illumination, giving rise to various implementations of DRS (see Fig. 1-12).

In time resolved DRS (trDRS), an ultra-short laser pulse is employed for illumination of
the tissue. The produced diffuse reflectance is detected using a time-correlated single photon
counter (or a streak camera) to measure the time of flight of the backscattered photons,*6:47:61-
% Instead of short pulses, temporal modulation of the source can be used to measure the
diffuse reflectance in the frequency domain, which is related to the real domain via Fourier
transform.®768

Alternatively, the spatial profile of the diffuse reflectance produced by a continuous-wave
illumination with controlled geometry can be measured. The diffuse reflectance is recorded
either with a camera,*°%°%"> photodiodes’®®! or a fiber-based system.**®2-°! In spatially
resolved DRS (srDRS), a narrow beam illumination is produced, and the diffuse reflectance
is measured at multiple distances to the source. This modality measures tissue properties on a
single point underneath the sensing area. Therefore, lateral scanning is required to produce 2-
D images. However, srDRS has a significant potential to discriminate between properties of
individual tissue layers.%? In analogy with time-domain DRS, spatial-domain measurements
can be performed either in real”"#82-%1 or frequency space.*>°%"%7 |n the latter case, referred
to as Spatial Frequency Domain Imaging (SFDI), a spatially structured illumination (typically
with sinusoidal or square intensity variation) is projected onto the tissue surface. The spatial
frequency of illumination is modulated to produce 2-D images of the diffuse reflectance in
the spatial frequency domain. In this manner, SFDI can perform tissue analysis in 2-D and in
real-time.”®

Time-domain modalities of DRS provide the highest penetration depth (typically a few
centimeters) and are thereby most adapted to the functional imaging of cerebral and
mammary tissue,*¢4"°0 with resolution of the order of the centimeter. Conversely, spatial-
domain DRS characterizes tissue at smaller depths (up to a few millimeters) but with higher
resolution (~1 mm). Moreover, they can be implemented at low cost compared to time-

domain methods.
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Fig. 1-12 Schematic display of various DRS modalities. The input beam illuminates the analyzed
medium while the output light or diffuse reflectance R is detected after propagation in the medium.
The diffuse reflectance can be measured in space (top) or time (bottom). Spatial/temporal modulation
of the illumination can be employed to measure the frequency domain reflectance, which is related to
the real domain reflectance by Fourier transform.

Through its different modalities, DRS has proven a valuable tool in a variety of situations
including oxygenation monitoring,***’ investigation of melanin content,®*°* breast and colon
cancer detection,*’%%°153 tumor margin assessment in epithelium,*®4°%2 pharmacokinetics,®
jaundice diagnostics in new-born skin,% skin ageing study,®® skin test readings,® wound
analysis®™>" and treatment evaluation evaluation.®®® Several challenges remain that are
subject to active research. These notably concern the translation of DRS technologies into
clinical instruments (miniaturization, 2-D and 3-D measurements, real-time capabilities) and
the depth resolved analysis of tissue. In the frame of cutaneous tissue analysis, recent studies
have notably focused on the sectioning of photons propagating in the skin upper layers for
carcinoma detection*® or oppositely on the correction of in vivo oxygenation readings from

the influence of epidermal properties.*>"
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1.4 Modeling the propagation of diffuse light in tissue

In this section, we introduce two approaches for the description of light propagation in tissue.
These methods lie in the frame of transport theory, which is presented in Sec. 1.4.1. In Sec.
1.4.2, we present two analytical approaches of the light transport model derived from
diffusion theory. Then, we focus on a stochastic approach based on the use of the Monte

Carlo method (Sec. 1.4.3). A comparison between these models is provided in Sec. 1.4.4.

1.4.1 Transport theory

Transport theory leads to the derivation of the Radiative Transfer Equation (RTE), which
is commonly employed to describe the propagation of photons in biological media. In this
section, we describe the main principles associated to transport theory and the derivation of

the time-independent RTE.
1.4.1.1 Assumptions

In transport theory, the ballistic model of light is employed, in which photons propagating
the medium are treated as single particles. Therefore, wave effects due to coherence of light
and a fortiori quantum effects, which dominate at small length scales, are neglected.
Polarization of light is also not considered here, although it can in some extent be included in

the models presented in the following sections.
1.4.1.2 Notions of photometry

In this section, we use the spherical coordinates system with the notations of Fig. 1-13.
The elementary solid angle made by an area element dA placed at a distance p from the

origin is defined as follows:

dA
dQ = p_2 (1.14)
with
dQ = sin0 df d¢ (1.15)
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In diffuse optics, the quantity of interest is the radiance L, expressed in [W.sr~1.m™2].
With the notations of Fig. 1-13, the elementary radiance generated by a flux dP traversing an
area element dA and propagating in a solid angle element dQ2 making a relative angle 6 with

this area writes as follows:

dP
dL = — 1.16
T (1.16)
where
dG = cos0dQdA (1.17)

Eq. (1.17) defines the geometrical etendue associated with the light beam under
consideration. A very convenient property of this quantity is that it is conserved during light
propagation in free space and upon refraction or reflection processes. Consequently, the
radiance must be conserved throughout the beam's propagation in order to respect energy

conservation.

X
Fig. 1-13 Definition of the solid angle in spherical coordinates.

1.4.1.3 Radiative transfer equation

The behavior of light in turbid media is described by the radiative transfer equation, which
was first derived by Chandrasekhar.®” The RTE is heuristically built from a balance between

losses and gains of radiance propagating along a unit vector s throughout a volume element
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dV of the medium. As discussed in Sec. 1.4.1.2, the RTE is therefore an energy conservation

equation. Let us consider a volume element dV with coordinate vector r of a turbid medium.

Divergence of the beam

Unless the local photon beam is collimated, the beam's divergence has to be taken into

account. The associated loss of energy writes as follows:

dL(p,8,t)

APy, = s

dQ dV =5.VL(p, 3 t) dQ dV (1.18)

Note that this contribution can either be positive or negative whether the beam is
diverging, respectively converging.
Loss by extinction

Another contribution to the energy change is the loss due to absorption of light within the
volume element and scattering of photons toward a direction other than the incident direction

s. The energy loss associated with this contribution writes:
AP,y = —U; ds L(p,S,t) dAdV = —u; L(p,S,t) dQ dV (1.19)

where u; = u, + U IS the total attenuation coefficient.

Gain by scattering

In a scattering medium, the gain of energy due to photons scattered from any direction §’
towards direction § within dQ has to be considered. The probability for a photon incident

along direction 8’ to be scattered toward a direction § within dQ writes as follows:
P(8,8) = us,dsp(s,8") dAdQ = us p(s,8) dQ dV (1.20)

where p(8,8") is the scattering phase function defined in Sec. 1.1.3. Note that we have
used the assumption that all scatterers are spherical, which means that the scattering phase

function is only dependent on the relative angle between the incident and outgoing directions:

p(8,3) =p(3.5) (1.21)

Making the sum of contributions of photons coming from all directions gives

dPscqr = ff L(p,5,t) P(5. §) dq’ (1.22)
41
From Eq. (1.22), this term can be rewritten as
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APgcqr = Us ff L(p,s,t)p(s.58")dQ'dQdV (1.23)
an

Gain from sources

Finally, light sources can be present in the medium. The contribution of energy produced by a

light source along direction s within dQ in the volume element dV can be written as
dPource = S(p, S, t) dQ dV (1.24)

where S is expressed in [W.sr~1.m™3]. This source term can be introduced to model an
excitation light beam injected in the medium or fluorescence emissions, which are not

considered in this study.

Energy conservation

The variation of energy per unit time in direction § within dQ inside the volume element

expresses as follows:

_AL(p,3,t)/c

dp dQ dv 1.25
Py (1.25)

Energy conservation requires
dP = —dPyjy, — APy + dPscar + dPsoyrce (1.26)

In the following, only time-invariant media and continuous-wave sources are considered,

meaning that
dP =0 (1.27)

Substituting all terms in Eq. (1.26), we obtain the time-independent RTE:
$.VLP,3,0 =~ L0 8 + s [| 16,5006 80 0 +5(0,) (1.28)
41

1.4.1.4 Limitations

Several assumptions are related to this equation. First, the medium's geometry is
approximated by an infinite plane-parallel slab of finite thickness. Practically, this condition
requires that the excitation beam's width be small in front of the medium'’s expanse in lateral

directions. Secondly, the optical properties are assumed to be homogeneous, meaning that the
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index of refraction, absorption coefficient and scattering coefficient are considered to be
space-invariant inside the medium. This assumption is respected provided that local
heterogeneities in optical properties occur at length scales sufficiently small compared to the
slab thickness.

Two important points have to be mentioned concerning scattering in the medium. First,
the derivation of the RTE requires that each scattering event be not affected by other
interactions occurring in its vicinity. This is equivalent to say that scatterers and absorbers are
sparsely distributed in the tissue. The second point is that the RTE holds considering that
every scattering event can be described by a unique phase function. In principle, this is only
true if scatterers are all identical. These two requirements are clearly not fulfilled in
biological media such as skin, where scattering centers exhibit various shapes and sizes and
can be in contact with absorbing particles.

Despite of its crudeness relatively to the actual complexity of biological tissues, the
radiative transport equation has provided a satisfying description of light transport in tissue
for many applications.

In this chapter, the medium is modeled by an infinite plane-parallel slab of infinite
thickness with a smooth surface. The medium is filled with randomly positioned identical
absorbing and scattering particles with a sparse distribution. Optical properties are assumed
to be homogeneous and the behavior of light at the interface between the medium and its
environment is governed by Snell and Fresnel laws. Note that generalization to layered media

is possible. %9100

Various approaches have been developed to derive the fluence rate in the medium,
including numerical,’?%8101-103 empjrical’®* and analytical®>1%-1% methods. For an extensive
review of these methods, one can refer to Ref. 110. In Sec. 1.4.3, we focus on a stochastic
approach based on the Monte Carlo method. In Sec. 1.4.2, we describe the analytical
approach referred to as the diffusion theory. A comparison of diffusion theory with Monte
Carlo predictions is given in Sec. 1.4.4.

1.4.2 Diffusion theory

A possible approach for the description of light transport in tissue consists in making several
simplifications in order to derive a new form of the RTE that admits analytical solutions. This
approach, known as diffusion theory, leads to the derivation of the well-known diffusion
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equation, which has been used in a variety of contexts to derive the optical properties of

turbid media.
1.4.2.1 Analytical approach

The preliminary step in the derivation of diffusion theory is the separation of scattered from

primary photons in the description of the radiance:
L(p,3) = Ls(p,8) + L, (p, ) (1.29)

Photons propagating in the tissue without undergoing any scattering event are referred to
as primary photons and contribute to the L, term in Eqg. (1.29). Once an incident photon
experiences a scattering event, its contribution is transferred from L, to Lg, denoted as the
scattered radiance. In diffuse reflectance spectroscopy, light is collected after being scattered
back from the tissue. Therefore, the quantity of interest is the scattered radiance.

From there, the scattered radiance is expanded into its spherical harmonic expansion:

N n

L(pH =) D Lun® Yum(® (1.30)

n=0m=-n

where L,, ,, are the expansion coefficients and Y,, ,,, are the spherical harmonics expressed
as a function of Legendre polynomials. This decomposition gives rise to a family of
approximations called the Pn approximations, N referring to the maximum order to which the
radiance is expanded. Note that the spherical harmonics expansion of Ly implies that
spherical symmetry is respected in the medium. The limitations associated with this
underlying assumption are further discussed in Sec. 1.4.2.4.

1.4.2.2 The diffusion approximation

The diffusion approximation is a popular approach of the transport model that has been
applied in many studies.’>">!1 This method allows the derivation of a simplified version of
the RTE, namely the diffusion equation, that admits simple analytical solutions. In this
section, we first describe the consecutive steps towards the derivation of the diffusion
equation and its solution. Then, the limitations associated to this approach are discussed.

The diffusion approximation is based on the use of a particular phase function: the

Eddington phase function.

pp(0) = %(1 + 3g cos6) (1.31)
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This phase function makes it possible to separate the scattered radiance from the
collimated radiance in the RTE. From there, an equation is derived for the scattered radiance.
In the diffusion approximation, the scattered radiance is expanded to the first order, which

gives:!

1 3
Ly(p,3) = Efps(p) t- (p).5 (1.32)

In Eq. (1.32), two important quantities have been introduced: the scattered photon density or

fluence rate ¢ and the photon current density J, with

os(p) = f L ) Ls(p,8) dQ (1.33)

J(p) = ff Ls(p,3) .8dQ (1.34)

L is therefore a combination of an isotropic term proportional the fluence rate and an
anisotropic term proportional to the photon current density. From the time-independent RTE,
the following equation can be derived:*

V.J(p) = —pa9s(p) + S(p) (1.35)

As for the scattered radiance, the spherical harmonic expansion of S is used. The main
condition associated to the diffusion approximation is that this term is assumed to be
isotropic. Consequently, all orders equal to or larger than 1 are neglected in the source
harmonic expansion. In this case, the fluence rate and photon current density are related using

Fick's law:112

J(p) = —=DVo,(p) (1.36)

where the diffusion constant D is introduced:

1
D= 1.37
3ler ( )

Her = Ha + Hs (1.38)

Remark that u; = us(1 — g) is the reduced scattering coefficient introduced in Sec. 1.1.3.
Since the moment of order 1 is neglected in the source harmonic expansion, the diffusion

approximation is more restrictive than the P1 approximation. However, a derivation of the
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diffusion equation which takes account of S; has been proposed by several authors. 9105112

Inserting Fick's law in Eq. (1.36) gives

V.(=DVoy(p)) = —1a@s(p) + So(p) (1.39)

where S, is the 0-order term in the spherical harmonic expansion of the source. Since the
optical properties of the medium are assumed to be invariant in space, Eq. (1.39) rewrites

a S
Vios(p) — % @s(p) = — # (1.40)

which is the so-called the diffusion equation.

While the RTE governs the behavior of the radiance, the diffusion equation only predicts
the distribution of the fluence rate, which is no longer dependent on direction s. Additionally,
a degeneracy appears between the scattering coefficient pg and the scattering anisotropy g,
which are now combined into a single coefficient u;. In the frame of the diffusion
approximation, two media with different u; and g values lead to the same fluence rate
distribution if their reduced scattering coefficients are respectively equal. This property is
referred to as the similarity relation,'!3 and is directly linked to the modeling of the source.
Indeed, the similarity relation implies that a medium having a scattering coefficient u, and
anisotropy g > 0 can be assimilated to a medium with scattering coefficient u; and
anisotropy 0.

The left side of Fig. 1-14 illustrates the implications relative to the diffusion
approximation. Consider a collimated pencil beam incident on the surface of a medium
characterized by its optical properties n, u,, s and g > 0. In this configuration the source is
problematic because it is collimated, hence highly anisotropic. The diffusion equation only
governs scattered photons, which are separated from primary photons. Therefore, the source
term of Eq. (1.36) can be modeled by a virtual secondary source of scattered photons placed a
depth I = 1/ug from the surface, where it can reasonably be assumed that all photons have
been scattered at least once. Yet at this stage the requirements of Eq. (1.40) are not fulfilled if
scattering inside the medium is anisotropic, which is especially the case in skin tissues. In
fact, after only one scattering event, photons are still mostly directed towards the incident
beam's direction and the virtual secondary source cannot be qualified as isotropic. In the
frame of the diffusion equation, the secondary virtual source is placed at a distance l; = 1/
us. At this distance, it can be shown that photons coming from the source have undergone

enough scattering events to have completely lost the memory of their initial direction.
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Fig. 1-14 Implications of the diffusion approximation on the source and scattering anisotropy.

1.4.2.3 Resolution of the diffusion equation

Various attempts have been made to derived analytical expressions of the fluence rate from
the diffusion equation, both for vertical'%6107:112114 and oblique!>!!® illumination. Following
the approach of Kienle et al.1%”, we derive the solution of the diffusion equation for a semi-
infinite homogeneous medium illuminated by a pencil beam vertically incident on the

medium's surface.

Source term

The derivation of the diffusion equation leads to the exponential source term (with order 1

neglected):

So(p,z) = ps 6(p) exp(—p; 2), (1.41)

where u; = u, + ps. The source term in Eq. (1.41) can be viewed as an exponential
decay of isotropic point sources. A simpler approach is generally used, which consists in
modeling the source by a punctual isotropic source located at one scattering mean free path

from the boundary:106:107

So(p,z) =68(p) 6(z—2"), (1.42)
with z' = 1/u..
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Green’s function

The Green's function for a punctual source located at the origin of an infinite medium writes

1 a
G(p) = 2mDp P <—\/%p> (1.43)

Provided that illumination is vertical, the linearity of the diffusion equation makes it

possible to calculate the fluence rate for any source profile S(p) by performing convolution.

Boundary conditions

Boundary conditions at the interface between the medium and its environment (usually glass
or air) have to be applied to derive the expression of ¢, in a semi-infinite medium. Various
types of conditions can be found in the litterature. The main ones are the zero-boundary
conditions, the partial-current boundary condition and the extrapolated boundary condition.
For an extensive study of these conditions and the associated limitations, one can refer to
Refs. 107, 114 and 117.

The partial-current boundary condition consists in ensuring the conservation of ¢, at the

interface. Using Fick's law, it can be shown that this is equivalent to the following relation:*2

[os(p) = 2ADV@,(p) .Z]|;= = 0 (1.44)

where factor A carries the influence of Fresnel reflections at the boundary:

a=2*5 (1.45)
1-R,
with
T
R, = fzz sin 6 cos 0 Ryyesner (6) d6 (1.46)
0
% (1.47)
R, = jo 3 sin 0 cos? O Reyesne () d6

where Rprosnei(0) is the Fresnel reflection coefficient for a photon with incident angle 6
relative to the normal to the interface.
Extrapolating the fluence rate outside the medium by the extension of its derivative

according to Z at z = 0, Eq. (1.44) is equivalent to say that the fluence rate cancels on an
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extrapolated boundary placed at a distance z, = 2AD from the interface, as illustrated in Fig.

1-15. This is known as the extrapolated boundary condition.

Ps

Extrapolated

i boundary

Turbid medium

Fig. 1-15 Graphical illustration of the extrapolated boundary condition.

This condition is commonly used as it can easily be fulfilled using a method referred to as
the method of images. In fact, an ingenious way of cancelling the fluence rate on the
extrapolated boundary is to place a virtual negative source at a distance z_ = —(1/us +

4AD) from the physical boundary, as depicted in Fig. 1-16.

virtual isotropic Turbid medium
source

1
Hs

. 2AD

Incident beam
Extrapolated
boundary
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x

/

N // [1;
4 T

Fig. 1-16 Image configuration in the extrapolated boundary condition.

i
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Expression of the solution

By linearity of the diffusion equation, the fluence rate in a semi-infinite medium expresses as
the sum of the impulse responses to the virtual positive and negative sources displayed in Fig.
1-16. This yields:

1|1 Ha 1 \/Ta
¢s(p2) = — EeXp< 3/)1) E“D( 3.02)] (1.48)
where
pr =G -2+ p? (1.49)
pr =/ (z + z' + 4AD)? + p2 (1.50)

By linearity of the equation, the solution for an exponential distribution of isotropic point

sources writes

1 -
0o, 2) = 1 f [ ( pl)—Eexp<—gpz>]exp(—uzz'>dz' (L51)

Notice that ¢, is function of the depth z in tissue, with the plane z = 0 being the surface of

the medium, and of the distance to the source p = \/x2 + y2. The fluence rate and photon

current thus exhibit a cylindrical symmetry around the source propagation axis.

Derivation of the diffuse reflectance

In diffuse reflectance spectroscopy, an expression of the diffuse reflectance R at the tissue
surface is needed. Farrel et al.!% calculated this quantity as the photon current density
pointing towards the normal direction at the interface and used Fick's law to relate it to the
fluence rate. A finer approach was developed by Haskell et al.*'4, who took the contribution
of the radiance along all directions at the boundary. In this case, the diffuse reflectance can be
written

1—R

4

R() ==L (p.z = 0) ~ L (p,2 = 0).2 (152)

Making use of Eqg. (1.36), we get

4

=0) (1.53)

1—-R
? ps(p,z = 0) + ’p

R(p) = 5
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1.4.2.4 Domain of validity

The derivation of the diffusion equation requires several simplifications of the source and
medium'’s properties. Therefore, it should only be used under certain conditions in order to
avoid significant errors in the predictions of light transport. A detailed discussion of the
limitations and sources of errors related to the diffusion approximation can be found in Refs.
114 and 118. The generally accepted statement is that the diffusion equation holds for media
exhibiting (1) a high albedo, hence when ug > u,, (2) moderate scattering anisotropy (g <
0.99) and (3) far enough from collimated sources (p > I') and boundaries. These conditions
are clearly correlated. Since the diffusion equation assumes an isotropic source, large errors
appear in the vicinity of the source where photons are mainly directed along the beam
propagation direction. At a distance equal or larger to a few transport mean free paths,
photons have globally lost the memory of their initial direction, and the isotropic modeling of
the source closely matches the reality. In a medium with very high scattering anisotropy g the
diffusion equation is a poor description since the propagation of photons remains anisotropic
at large distances from the source. In an absorbing medium, photons only propagate within a
few absorption mean free paths, where the diffusion approximation does not apply.
Eventually, close to the boundary, light propagation is strongly anisotropic since photons tend
to be directed towards the exterior.

In the following, the model presented in this section will be referred to as the Standard

Diffusion Approximation (SDA).
1.4.2.5 The 6P1 approximation

The diffusion equation approximates the response of the medium to the first order, which
induces the limitations listed in Sec. 1.4.2.4. In theory, these limitations can be overcome by
the use of a higher order expansion of the radiance. Notably, Hull and Foster'!® developed a
P3s approximation of the RTE and demonstrated improved results compared to the classical
diffusion approximation. This approach can be generalized to higher order approximations,
yet at the expanse of computation efficiency. Prahl®® and Star''? independently proposed an
ingenious way to improve the diffusion approximation while conserving its simplicity. This

approach, referred to as the 6P1 approximation, is described in this section.
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6-Eddington phase function

The 6P1 approximation consists in employing a second order phase function while conserving
a first order approximation of the radiance. In practice, the 5-Eddington phase function, first

introduced by Joseph et al.'?® is used:

pse(0) = % [2f6(1 —cosB) + (1 —f)(1 +3g7cosh)] (1.54)

The 8-Eddington phase function is the sum of two terms: one corresponding to scattering
toward the beam direction and the other associated to scattering outside the beam. The second
term is the classical Eddington phase function weighted by a factor f defining the
contribution of scattering along the beam’s direction. Thus, photons scattered along the
incident beam’s direction are treated separately from photons scattered outside the beam. The
latter are described in the frame of the diffusion equation for propagation in a medium with

reduced scattering coefficient u; and anisotropy g*:

V2es(p) — %(ps (p) =— Sa;)(f) (1.55)
with D* = 1/3uf, ui = ug + us and pi = us(1 — g*). The d-Eddington phase function is
constructed so as the first and second order moments of its spherical harmonic expansion
match the corresponding moments of the Henyey-Greenstein phase function. This results in
the following formulae:108120

. _ )ite
1+ gue

i f = 9k (1.56)

Consequently, the 6 -Eddington phase function reduces the anisotropy of scattering that is
described by the diffusion equation compared to the Eddington phase function. For a tissue
with anisotropy gy, = 0.8, which is representative of skin tissue, the anisotropy reduces to
g* = 0.44.

Since the diffusion approximation performs well for isotropic scattering, this results in
better performance of the dP1 approximation. Notably, the reduced scattering coefficient is
decreased when compared to the standard diffusion approximation. Therefore, the JoP1
approximation may hold at distances closer to the source than the diffusion approximation
(see Fig. 1-14 right side).
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Source term

In the 5P1 approximation as derived by Prahl®, the first order moment S, of the source term
source term is taken into account in the diffusion equation. Here, we employ a simpler
version of the approximation proposed by Seo et al.’®, who modeled the source by an

exponential distribution of isotropic terms along the Z direction:

So(p,z) = us 6(p) exp(—p; 2) (1.57)

Boundary conditions and solution

A similar approach as the one described in Sec. 1.4.2.3 is used to derive the fluence rate in

the 6P1 approximation:

1 a
os(p,2) = —f l— eXp( p1> - p—zeXp( JZ&) l exp(—u;z') dz’ (1.58)

The partial-current boundary condition yields the following expression for the diffuse
reflectance:1%®

#s(p,z2=0) (1.59)

R*(p) = 52

Improvements over the diffusion approximation

The oP1 approximation reduces the anisotropy of light described by the diffusion equation.
Consequently, the description of the fluence rate close to the source is improved compared to
the diffusion approximation.®21%1%° Contrarily to the diffusion approximation, the §P1 model
provides an accurate description of the fluence rate when u, > u,'.%21% However, this model

fails to accurately describe the diffuse reflectance emitted from strongly absorbing media.

1.4.3 Stochastic Model

In this section, we focus on the Monte Carlo method, which was first applied to biological
media by Prahl.}?! The Monte Carlo method is a stochastic approach of the light transport
problem, which consists in simulating and recording photons trajectories as they are scattered
and absorbed. Absorption and scattering events are randomly generated with probability laws
corresponding to the optical properties of the medium. Scattering directions are computed

using the Henyey-Greenstein phase function, which provides a good approximation of Mie
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theory (see Fig. 1-3). Observable quantities are then calculated by averaging the contributions
of individual photons. Provided that a sufficient number of photons is launched (typically 10°
to 10°), the Monte Carlo method provides accurate solutions of the RTE and has been applied
with good efficacy in various studies.’?1921%% Moreover, this method makes no prior
assumption on the medium's properties or source geometry. In particular, strongly absorbing
media can be accurately described by the Monte Carlo method.

However, this approach implies a trade-off between model complexity and computation
efficiency. For instance, addressing an angled instead of vertical illumination is possible!??
but requires to store photon trajectories in 3 dimensions as the cylindrical symmetry is no
longer fulfilled. Consequently, an increased number of photons is needed to generate
sufficient statistics. Therefore, Monte Carlo approaches are usually restricted to vertically
incident sources exhibiting cylindrical symmetry.

Similarly, calculations considering strongly absorbing media can become highly time-
consuming, since only a few photons are scattered back to the tissue surface and contribute to
the reflectance signal.

Finally, estimating the optical properties of unknown tissue requires that a large number
of simulations be computed and stored beforehand. This number is dramatically increased
when considering layered media. The associated calculation times and necessary storage
capacity may not be suited to some applications.

This issue has been addressed by several groups who proposed accelerated Monte Carlo
algorithms. Graaf et al.'>® developed a scaling method to derive diffuse reflectance profiles
for various absorption and scattering properties from a single Monte Carlo simulation.
Alternatively, Wang et al.'?* proposed a hybrid model mixing Monte Carlo calculations with
the predictions of diffusion theory (see Sec. 1.4.2). Later, Liu and Ramanujam?® extended
the approach of Graaf et al.'?® to layered media.

In this study, we employ a Monte Carlo algorithm previously developed at the CEA.?°
The code was written according to the work of Wang et al.!° and the approach of Liu and
Ramanujam®® for accelerated computation was implemented both on Central Processing Unit
(CPU) and Graphics Processing Unit (GPU). The algorithm was then validated in comparison
with the MCML code available online.!?®® A flowchart of the algorithm is displayed in Fig.
1-17.
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Fig. 1-17 Flow-chart of the multilayer Monte Carlo algorithm developed at CEA.*?

1.4.4 Model comparison

We implemented the standard diffusion model and 6P1 model in Matlab (Mathworks Inc.,
Natick, MA). Fig. 1-18 displays the diffuse reflectance calculated according to these models
for various pul/u, with p, =1cm™ and g = 0.8. The corresponding Monte Carlo
simulations are plotted as reference curves (see Sec. 1.4.3).

The limitations of diffusion theory described in Sec. 1.4.2.4 are clearly visible. Both SDA
and 6P1 models fail to accurately describe media with low albedo. For higher ug/u, ratios,
the diffuse reflectance is well modeled at distances typically longer than a few transport mean
free paths. The 6P1 model provides closer agreement with MC simulations than the standard
diffusion approximation at short source-detector separations (SDS). However, the 6P1
approximation generates larger deviations from MC curves in the intermediate SDS range
compared to the standard diffusion model. Besides, in weakly absorbing media, reflectance

curves calculated from the SDA exhibit closer agreement with MC simulations than the 6P1
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model. Therefore, depending on the SDS range used in measurements and the optical
properties of the medium under test, it is not straightforward whether one or the other
analytical model should preferably be used.

In the following chapters, only the stochastic model of light propagation is considered.
Monte Carlo simulations were preferred considering the larger domain of validity of this
approach and the last developments of our laboratory concerning the acceleration of
simulations in GPU.
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Fig. 1-18 Diffuse reflectance curves for various optical properties as derived from (blue) the standard
diffusion approximation (SDA),'% (red) the 8P; approximation (8P1)*% and (black) Monte Carlo
simulations (MC).!%
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Chapter 2

Specification of a compact, CMOS-
based system architecture for
contact, high resolution diffuse

reflectance imaging
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This chapter reports on the design and validation of a dedicated system architecture to
perform the spatially resolved detection of the diffuse reflectance in contact with turbid
media and with high spatial resolution. This work comprises both the instrumental
developments leading to the proposed architecture and the associated algorithmic tools for
data acquisition, processing and analysis. As a proof of concept, a first prototype is developed
and qualified for the quantitative measurement of the optical properties of tissue-simulating
homogeneous phantoms.

From these results, evolution of the system is engaged toward in vivo and layer specific
tissue analysis, which are the scope of Chapter 4 and Chapter 5. The work presented here has
been accepted for publication in the Journal of Biomedical Optics. A patent dedicated to the
described architecture has been submitted and reviewed. The post-review version of the

patent is under preparation.

2.1 Introduction

2.1.1 Spatially resolved diffuse reflectance spectroscopy

Diffuse reflectance spectroscopy (DRS) has been widely used to determine absorption and
scattering properties of turbid media. When applied to biological tissue such as skin, DRS
provides quantitative characterization of tissue composition for diagnostic purposes. The
reduced scattering coefficient (us’) is sensitive to cells and tissue morphology, while the
absorption coefficient (Ua) relates to the bio-chemical content of tissue and may be used to
infer the concentration of particular molecular species. In the visible and near-infrared
domain, these notably include oxyhemoglobin (HHb), deoxyhemoglobin (OzHb), melanin
and bilirubin, which are of great interest in a variety of clinical situations. Many groups have
investigated DRS as a non-invasive tool to provide diagnostic criteria in vivo. Examples of
application include tissue oxygenation monitoring,*~4" tumor margin assessment in
epithelium,*84°52 preast and colon cancer detection,*"°°%:°3 jaundice diagnosis in new-born
skin,>* pharmacokinetics®® or port-wine stain treatment evaluation.*®

Spatially resolved diffuse reflectance spectroscopy (srDRS) is a particular
implementation of DRS that consists in analyzing the spatial dependence of diffuse
reflectance profiles produced by a given arrangement of light sources and detectors. By

exploiting the spatially-dependent influence of optical parameters on the diffuse reflectance
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intensity, independent determination of absorption and scattering parameters can be achieved.
Furthermore, the measurement of photons at multiple source-to-detector separations (SDS)
provides a potential for depth-resolved analysis.®? Translation of srDRS into the clinic
necessitates an optimized combination of sources and detectors, as well as modeling of light

transport in tissue and specific constraints related to the targeted application.

2.1.2 State-of-the-art

Various ways to implement srDRS have been reported in the literature,24959.69-79.82-1
Most common srDRS instruments involve a broadband source and a spectrophotometer, both
coupled to a fiber-optic probe ensuring light delivery and collection. Unlike camera-based
systems, fiber-based probes enable tissue characterization in contact modality without the
need for focusing optics, reducing the cost and complexity of the device.**82-% This approach
has led to the development of portable instruments that have been deployed in a variety of
clinical and pre-clinical studies.460.8587.88.9596.127 Typical fiber-based probes consist of a
concentric arrangement of multiple collection fibers around a central illumination fiber for
maximization of signal-to-noise ratio (SNR),**%2%* as depicted in Fig. 2-1(a). However, the
fill factor and light collection efficiency of the system are limited by the density of the fibers
as well as the cladding and low numerical aperture (NA) of the fibers. As a result, typically
less than 10 source-to-detector separations (SDS) can be used, limiting the ability of the

instrument to achieve depth specific analysis of tissue.
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Fig. 2-1 Detection schemes for fiber-based (a) and CMOS-based (b) srDRS instruments. Views from
the top (top) and side (bottom) of the instruments are shown. The diffuse reflectance at distance pi to
the source is radially averaged (red dotted lines).

Recently, alternative approaches have been investigated for further miniaturization of
srDRS devices. Several groups used photodiodes (PD) in contact with tissue to collect the
diffuse reflectance.”®®! Yu et al.”® and Lo et al.”” used a fiber illumination system coupled to
PDs for detection of the diffuse reflectance of turbid media with improved NA compared to
classical fiber probes. Shokoufi et al.” developed an srDRS probe made up of four LED
sources and two PDs for detection. The authors were able to perform dynamic measurements

at the rate of 10 Hz and measure the optical properties of manufactured turbid media. Such
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technology enables the production of source excitation and collection of the diffuse
reflectance on a chip, paving the way for the development of wearable systems at minimal
cost. Alternatively, several groups developed DRS systems based on annular photodiode
sensors,28! which benefit from the circular symmetry of the reflectance signal to further
improve the light collection efficiency of the system. However, instruments reported in these
studies only involved single PD-source pairs and thus did not exploit the spatial profile of
diffuse reflectance spectra.

Later, this issue was addressed by Senlik and Jokerst, who developed a custom probe
made of an array of multiple concentric annular PDs surrounding a central illumination
aperture (Fig. 2-2).” Spatially resolved diffuse reflectance spectra were acquired at 24 SDS
ranging from 400 to 3550 pum. Their approach may have a significant potential for the
analysis of layered tissue using a wearable system. However, such solution involves the
development of custom PD arrays, and restricts the detection of the spatially resolved diffuse

reflectance to a particular geometry.

(@) (b)

Fig. 2-2 Illustration of the Concentric Multi-Pixel Array (CMPA) probe developed by Senlik and
Jokerst.” (a) Schematic structure. The probe contains three sets of photodiodes with annulus widths of
50, 100 and 250 um. Each set is represented by different colors. The white circle in the middle
represents the illumination aperture. (b) Photograph showing the entire CMPA array with PDs and
wire pads. The illumination aperture is 750 um. Figures and captions were retrieved from Ref. 78.
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2.1.3 Proposition

In this chapter, we introduce an alternative approach based on the use of a standard high
resolution multi-pixel image sensor to achieve spatially resolved diffuse reflectance imaging
at a high resolution (see Fig. 2-1(b)). Commercial imaging sensors based on the
complementary metal-oxide semiconductor (CMQS) technology are readily available at low
cost and with constantly improving optical and electronical performance. We believe that
there is opportunity to exploit this technology to address a new range of clinical situations
requiring cost-effective, tightly-packed tissue characterization tools. In order to evaluate the
potential of our approach for the quantitative characterization of tissue, a prototype
instrument is designed and fabricated. The instrument is made of a commercially available
CMOS sensor combined with a dedicated fiber-based coupling system. The coupling system
employs a surface mounted light-emitting diode (LED) and a fiber-optic plate (FOP), which
ensures efficient photons transfer onto the CMOS pixel array at high spatial resolution,
thereby overcoming the limitations of current fiber-based and PD-based system. In the next
sections, we describe the design of the instrument, introduce the developed prototype, and

finally evaluate its performance on tissue-mimicking optical phantoms.

2.2 Proposed system architecture

In this section, an innovative system architecture for srDRS measurements is presented. This
architecture is based on a high resolution imaging sensor (Sec. 2.2.1) used in combination

with a dedicated sensor-tissue coupling system (Sec. 2.2.2).
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2.2.1 Light sensor

Sensor type CMOS Mono
Shutter Rolling shutter
Sensor characteristic Linear
Readout mode Progressive scan
Pixel Class UHD+

= Resolution 10.55 Mpix

‘§_ Resolution (h x v) 3840 x 2748 Pixel

- Aspect ratio 4:3

5 ADC 12 bit
Color depth (camera) 8 bit
Optical sensor class 1/2"
Optical Size 6.413 mm x 4.589 mm
Optical sensor diagonal 7.89 mm (1/2.03")
Pixel size 1.67 ym
Manufacturer ON Semiconductor
Sensor Model MT9J003STM

Fig. 2-3 UI-1492-LE-M camera (IDS Imaging, Obersulm, Germany).

The spatial profile of the diffuse reflectance from tissue contains information related to the
underlying optical properties with specificity in depth. In the case of layered tissue such as
skin or cervix, this depth-specific information may provide important diagnostic
criteria. 234457128131 The potential of srDRS to achieve depth-resolved tissue analysis is
increased when a high number of source-to-detector separations (SDS) are considered in the
system. Therefore, the spatial resolution of the light sensor used for detection of the diffuse
reflectance is a critical parameter in the design of srDRS systems.

An efficient way to detect scattered light at a high resolution is to use a multi-pixel image
sensor, typically a charge-coupled device (CCD) or a CMOS. This approach was followed by
several groups, who used camera-based systems to analyze the spatial dependence of diffuse
reflectance spectra, either in real space’* #8291 or frequency domain.*>°%7075 However,
focusing optics are usually employed for remote collection of scattered photons, leading to
increased costs and system complexity.

Recently, there has been significant interest in removing the focusing optics to achieve
imaging of scattered light from turbid samples using a contact geometry.'*>-140 Notably,
Schelkanova et al. employed a color CMOS sensor directly coupled to silicon phantoms and
combined with a broadband source. Using this system, the authors were able to visualize
subsurface microfluidic patterns mimicking epithelial vascular structures, demonstrating the

ability of their approach to achieve diffuse reflectance imaging at a high resolution.'*® Yet,
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quantitative characterization of optical parameters could not be intended considering the
broad bandwidth of the CMOS RGB channels.

For this study, an 8-bit monochrome CMOS camera was purchased from IDS Imaging
Inc. (UI-1492-LE-M). Properties of the camera are reviewed in Fig. 2-3. The CMOS sensor
had a 6.413 x 4.589 mm? active area with 1.67 um pixel pitch. The relatively low dynamic
range of detection is compensated by the use of a dynamic expansion procedure, which is
detailed in Appendix B. When choosing the sensor, attention was paid to the Chief Ray
Angle (CRA) property. In fact, most commercial sensors are equipped with a micro-lens
array for fill factor optimization. During sensor fabrication, the lens array is often deliberately
misaligned with respect to the pixel array so as to compensate for shading in images formed
through the associated focusing lens.}*! However, such compensation should be avoided in
our case because of the presence of the protective glass window usually mounted above the
photon sensitive area. This glass lid induces an unwanted 550 microns spacing between the
imaging plane and the sample surface. The effect of this spacing when considering the
contact imaging modality is illustrated in Fig. 2-4. In particular, a pixel located near the
borders of the imaging area would detect photons arising from the sample’s surface at a
location slightly shifted from the vertical projection of the pixel, which may result in
distorted measurements of the reflectance, especially at short SDS. Therefore, a sensor with a
CRA of 0° was chosen. In the next section, we describe the dedicated coupling system
developed to produce and collect diffuse reflectance patterns in contact with samples. A

layout of the sensor and coupling system architectures is displayed in Fig. 2-8.
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Fig. 2-4 Influence of shading compensation in contact imaging modality.

2.2.2 Sensor-tissue coupling system

2.2.2.1 Technological limitation

In the architecture considered in our study, the light emitter and receiver are positioned next
to one another, in contact with the analyzed medium. Most intuitively, the CMOS sensor
itself may be placed in contact with tissue to both collect and detect scattered photons, as
proposed by Schelkanova et al.**® (Fig. 2-5). In this study, the authors emulated the skin
micro-vascular system by a linear arrangement of microfluidic channels, which were imaged

with a CMOS sensor in contact modality.
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Fig. 2-5 Design of the experimental setup for the diffuse reflectance measurements reported by
Schelkanova et al.: an axonometric view and a side view. The magnified schematic of the microfluidic
channels shows an average value of the groove’s width, 34 um, and a separation of approximately 82
pm. Figure and caption were retrieved from Ref. 139.

In such configuration, the presence of wire bonds and protective encapsulant on every
sides of the sensitive area prohibits the placement of a light source in close proximity to the
sensor. Several studies have pointed out that spatially resolved diffuse reflectance from tissue
was most sensitive to ps’ at short distances to the illumination point, typically below 1 mm,
while being both dependent on pa and s’ further away from the source,*#? as illustrated in
Fig. 2-6. Moreover, a decrease, respectively increase, in signals measured at long SDS may
be induced by a decrease, respectively increase, in either diffusion or absorption. As a
consequence, access to both short and large source-to-detector separation (SDS) is necessary
for accurate determination of absorption and scattering parameters. The packaging of
commercial CMOS sensors thus constitutes a clear limitation toward the implementation of a
performing srDRS device.
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Fig. 2-6 Sensitivity of the diffuse reflectance to optical properties. Spatially resolved diffuse
reflectance profiles were calculated for varying is” and constant i, (top) or vice versa (bottom) using
the Standard Diffusion Approximation (see Sec. 1.4.2.2). At short source-detector separations
(typically below 1 mm), the diffuse reflectance is strongly sensitive to ps” while being weakly
sensitive to Pa. At longer SDS, both coefficients have strong influence on the reflectance. Moreover, a
drop, respectively increase, in the measured signals may be induced by a drop, respectively increase,
in either diffusion or absorption.

2.2.2.2 Proposed solution

In order to overcome this limitation, we propose to insert a fiber-optic plate (FOP) between
the sensor and the analyzed medium. Fiber-optic plates (FOP) are formed by a network of
micron-sized optical fibers densely packed into a glass or polymer material that performs
image transfer between the top and bottom faces of the plate (Fig. 2-7). FOPs can support
high resolution imaging up to 160 Ip/mm and exceed 60% in diffused light transmittance.!*3
They can be purchased with various shapes, numerical aperture and can be tapered to achieve

magnification/demagnification.
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Fig. 2-7 Fiber-optic plates (commercial image from Ref. 143)

FOP coupled CMOS/CCD imaging platforms are involved in both scientific and
industrial applications, including x-ray imaging,}** biosensing, 437145 display screen
enhancement and fingerprint reading.'*® In recent work, Schelkanova et al. evaluated the
applicability of this architecture for diffuse reflectance imaging.'*° The authors emulated a 2-
D fiber-optic grid by a single fiber scanning system for visualization of subsurface patterns in
turbid phantoms. However, quantification of absorption and scattering parameters was not
investigated.

In the present case, insertion of a FOP can be exploited to provide access to short source-
to-detector separations (SDS). Dimensions and positioning of the FOP can be optimized to
produce a 1:1 image conjugation between the CMOS sensitive area and the surface of tissue
delimited by the FOP edges. In this manner, borders of the imaging area become physically
accessible. The FOP thickness can be adapted to insert a light source between the CMOS chip
and tissue, at the closest possible distance to the first detection point. For example, light-
emitting diodes (LED) may be employed to generate the desired diffuse reflectance signals.
LEDs are available at many wavelengths, can be highly miniaturized and are inexpensive,

which may participate in the reduction of srDRS systems footprint and cost.
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Fig. 2-8 Layout of the CMOS-based contact imaging system for spatially resolved diffuse reflectance
spectroscopy. The imaging area (red line) is transported from the CMOS pixel area to the bottom face
of the fiber optic plate, which is placed in contact with the analyzed sample.

2.3 Proof of concept

In order to demonstrate the potential of our approach for the characterization of tissue optical
properties, a proof-of-concept study is conducted. In this section, we present the prototype
SrDRS system (Sec. 2.3.1) that was developed for this study. Sec. 2.3.2 describes the optical
phantoms, experiments protocol and algorithmic methods that were used. Evaluation and

discussion of the prototype’s performance are provided in Secs. 2.3.3 and 2.3.4.

2.3.1 Prototype srDRS device

2.3.1.1 Implementation

A prototype CMOS-based srDRS device was fabricated according to the proposed
architecture (see Fig. 2-8). Photographs of the system are provided in Fig. 2-9. A custom
fiber-optic plate (FOP) with 6 pm unit fiber core diameter (OS-ST, SZPhoton) was
purchased.’*® The FOP was positioned to ensure alignment of the pixel area borders with
FOP edges on one side, against which an LED (KPTD-1608SURCK, Kingbright) emitting at
645 nm was mounted. The top of the LED dome lens was placed to be co-planar with the

collection face of the FOP. In this configuration, the LED chip was separated by a distance of
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480 um to the FOP edge. From the technical information provided by the manufacturer, the
number of individual fibers in front of the imaging area was estimated to 1.308x10°. The
FOP and LED were held in a 30 mm Thorlabs (Thorlabs Inc., Newton, New Jersey) cage
thanks to a homemade dedicated element. Optical grease was used for index matching
optimization between the FOP and the CMOS protective glass lid. Finally, silicon treatment
was performed to ensure isolation and impermeability of the exposed electronic parts of the

device.
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(b)

Fig. 2-9 Photographs of the developed prototype CMOS-based contact imaging system. (a) whole
system. Note that silicon treatment was performed on the printed circuit board (PCB) for isolation and
impermeability of the exposed electronic parts. (b) Top view of the illumination and imaging area.
Dimensions are displayed in millimeters. The CMOS sensitive area delimited by the white dotted line
is viewed through the fiber optic plate.
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2.3.1.2 Characterization

In this section, optical characterization of the developed prototype is presented. When
necessary, tissue-simulating phantoms are used. Manufacturing and characterization of these

phantoms is presented in Sec. 2.3.2.1.

Sensor linearity and source stability

The system linearity was measured by taking the average signal over the whole sensor area at
constant illumination level and increasing exposure time. Background subtraction was
performed for each exposure time. Measured data are shown in Fig. 2-10. The displayed
percent linearity represents the deviation from the best linear fit expressed in percent of the
sensor dynamic. Note that for better visualization, the points closest to saturation have been
left out of range in Fig. 2-10(a) (bottom) and Fig. 2-10(b). The maximum drift from a linear
behavior was smaller than 0.6% of sensor dynamic up to 80% of the maximum value (255

ADU). Pixel signals higher than this threshold were disregarded in our processing algorithm.
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Fig. 2-10 Linearity measurement of the DRS prototype. (a) Measured signal (top) and percent
linearity (bottom) as a function of exposure time for a fixed illumination level. (b) Percent linearity as
a function of gray level. Measured data are displayed as individual markers while the best linear fit to

data (red line) was found using only the blue points and excluding the points close from saturation
(green crosses).
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For assessment of the source stability, the illumination power out of the LED was
monitored over a 1.5h acquisition period using an optical power meter (PM100D, Thorlabs).
Over the entire time course of measurement, the LED output power did not drift by more than

0.2% from the nominal value of 240 pW.

Signal-to-noise ratio

For system noise performance characterization, repeated image acquisitions were made on
the least favorable phantom, chosen as the one exhibiting the highest pa and ps’. We
calculated the signal-to-noise ratio (SNR) [SNR = 20 log(mean intensity / (standard deviation
+ dark current))] out of 10 acquisitions for various exposure times. Intensity was averaged
over concentric rings surrounding the illumination point, as described in Sec. 2.3.2.2. The
dark current was measured for every exposure by taking the mean signal of dark images over
the whole sensor area.

Fast decrease of signal-to-noise ratio (SNR) was observed as the radial distance to the
source increased. Therefore, acquisition with multiple exposure times was necessary to
maintain a sufficient SNR over several millimeters (see Appendix B). Using three to five
exposure times separated by a factor close to 10 enabled to achieve SNR ranging from 20 to

35 dB up to 4 mm away from the illumination center.

Flat-field response

Flat-field inhomogeneity was corrected by using a Teflon plate with 10 mm thickness. In
order to produce a nearly Lambertian illumination, one face of the Teflon plate was placed
against the FOP surface while the other face was illuminated by a distant halogen lamp. In
this configuration, ten image acquisitions were made and averaged. After subtraction of
background level, the flat-field response of the sensor was obtained (Fig. 2-11). The resulting
data was later used as normalization factor to correct from spatial heterogeneities in FOP

transmission, especially occurring near edges.
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Fig. 2-11 Flat-field image recorded by the srDRS prototype. The source was positioned against the
FOP edge on the left side of the image area.

In order to evaluate the inhomogeneity correction, 10 consecutive measurements of the
calibration phantom were made without moving the srDRS device. Depending on source-
detector separation, the standard deviation between pixels on the same ring for a given
measurement after inhomogeneity correction ranged from 3 to 5% of the mean signal. In
comparison, the standard deviation between signals from different measurements at the same

pixel ranged from 1.5 to 5% of the mean value.

Source profile

Accurate characterization of optical properties necessitates that the source radial intensity
profile be accounted for. The source profile was measured using a CMOS camera (Ul-1492-
LE-M, IDS Imaging) and a 23 mm objective (Xenoplan 1.4/23-0902, Schneider Kreusnach).
Following the procedure described in Sec. 2.3.2.2, images were recorded at multiple exposure
times and subsequently recombined to measure the radial intensity profile produced by the
LED with sufficient signal-to-noise ratio. During phantom measurements, the LED source
was immersed in solutions. In an effort to match the experiment conditions as closely as
possible, the source intensity profile was measured with the coupling system being immersed
in a phantom solution, as described in Fig. 2-12(a). The system was positioned so as the top
face of the FOP was coplanar with the phantom surface, the LED being immersed in the
solution. The source intensity was measured in the plane of the phantom surface, and the
obtained profile (Fig. 2-12(b)) was included in the forward model of light propagation (Sec.
2.3.2.3).
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Note that the same phantom was used for measurement of the source profile and

calibration of the instrument response (Sec. 2.3.2.3).
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Fig. 2-12 Source profile measurement. (a) Measurement setup. The coupling system was immersed in
the calibration phantom so as the surface of the solution and the FOP top face were coplanar. The
source intensity in the plane of the FOP top face was measured by a camera. (b) Measured intensity
profile.

Edge spread function

Although the FOP transports the image of the tissue surface with high fidelity from on face to
another, the final image formed on the CMOS photon sensitive area may be affected by
distortions. Indeed, photons propagate freely in the protective glass window and the
intermediate air layer before reaching the pixels plane. First, the important index mismatch at
the glass-air interface may reduce the SNR. More importantly, considering the high
numerical aperture of the FOP (~0.8 as provided by the manufacturer), the final image is
blurred compared to the ‘true’ image of tissue.

Blurring of the diffuse reflectance caused by the CMOS glass window was quantified
using the 1SO 12333 slanted-edge methodology'*® (SEM), which is a measurement of the
Line Spread Function (LSF) of the system at chip level, thereby without need for focusing.
The LSF may then be related to the Modulation Transfer Function (MTF) by Fourier
transform. The width of the system LSF was thus estimated to ~500um (see Appendix C),

showing an important limitation of the considered prototype toward high contrast imaging.
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In order to assess the impact of blurring on measured data, forward model calculations
(see Sec. 2.3.2.3) were performed with or without taking account on the blurring effect.
Blurring was generated by convolution of the modeled reflectance with a Gaussian function
having 500 microns width (see Fig. 2-13). Note that we considered the properties of the
phantom having the highest pla and pis” as the calculated reflectance profile was most sensitive
to blurring in this case. Although large discrepancies appeared close to the illumination
center, distortions of less than 11% were observed in the SDS range considered in our study.
Most of these were limited to separations lower than 1 mm, while at farther distances

differences were smaller than 4%.
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Fig. 2-13 Impact of blurring in diffuse reflectance images. Reflectance profiles were computed using
our forward model (Sec. 2.3.2.3). Distortions between calculations taking account on blurring in
images (red) or not (blue) are shown (dotted black line).

2.3.2 Experiments and methods

2.3.2.1 Optical phantoms

In order to evaluate the potential of the developed system for the characterization of
absorption and scattering properties of tissue, validation experiments were conducted on
homogeneous liquid phantoms (Fig. 2-14), following a methodology employed by other
authors.”*-7486147 phantoms consisted of solutions of 20% intralipid fat and black india ink

(Rotring Inc., Hamburg, Germany) at varying concentrations in distilled water. The
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absorbance A of solutions was measured by a spectrophotometer (CARY 300, Agilent) ina 1
centimeter tank, yielding the absorption coefficient u, =In(10)x A. Then, various
quantities of intralipid fat were added to generate scattering in the medium. Note that the
dilution of the ink due to the addition of intralipid was taken into account in the determination
of phantom absorption coefficients. For this we applied the following dilution factor: F =
1—P/20, where P is the percentage of intralipid in the phantom, to the absorption
coefficient derived from absorbance measurements.

Based on the work of Van Staveren et al.}*, the following formulae were derived to

calculate the anisotropy factor g and scattering coefficient u, of phantoms:
g(d) =11-058x%x10732 2.1)

s (1) = 2.54 x 1094724 x P/10 ~2)

Where 2 is in nanometers and pg is in units of cm™. The additional P/10 factor in Eq.
(2.2) was used to scale the formula of Van Staveren et al. (derived for a 10%-Intralipid
solution) to the percentages of intralipid used in our study.

A set of 15 phantoms, which consisted of three groups of 1, 2 and 3% intralipid
concentration, respectively referred to as 1L1%, IL2% and 1L3%, was fabricated. Each group
was composed of five phantoms with varying ink concentration. Corresponding reduced
scattering and absorption coefficients ranged from 12.7 cm™ to 38.1 cm™ and 0.31 cm™ to
2.30 cm, respectively, spanning values representative of skin properties.®11?22314% The
expected properties of liquid phantoms are reviewed in Tab. 2-1.

N :

Fig. 2-14 Photograph of liquid tissue-simulating phantoms.
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Group Ma(cm™) p(em™)

IL 1% 0.33 0,69 1,16 1,63 2,05 12,7
IL 2% 0,31 0,66 1,10 1,94 2,30 254
IL 3% 0,37 0,62 1,04 1,46 2,17 38,1

Tab. 2-1 Expected optical properties of tissue-simulating liquid phantoms.

2.3.2.2 Acquisition procedure

Consecutives steps followed during acquisitions are summarized in Fig. 2-15. For each
measurement, reflectance images were recorded with the srDRS device using multiple
exposure times. Dark images were taken with the same exposure times and subtracted from
reflectance images. The resulting images were then normalized by the corresponding
exposure time. This set of dark-subtracted and normalized images was employed to produce a
single image, herein referred to as ‘High Dynamic Range (HDR) image’, using a custom
algorithm written in Matlab (Mathworks Inc., Natick, Massachusetts). Detailed description
and validation of the algorithm are made in Appendix B. The HDR image was composed of
pixels from images taken at multiple exposure times in a stepwise manner, going from the
longest to the shortest exposure. At each step, pixels with values lower than the saturation
limit were kept while saturated pixels were discarded and replaced by the corresponding
pixels from the next image (i.e. the one recorded with the nearest lower exposure time). We
set the saturation limit to 80% of the sensor dynamic so that pixel values in the HDR image
remained within the linear behavior of the camera. Note that for each SDS, signals were
extracted only from the image providing the best SNR. This procedure (referred to as
dynamic expansion in Fig. 2-15) had to be employed to expand the dynamic range of
detection, thereby ensuring sufficient SNR (above 20 dB) up to 4 mm from the source.
Depending on phantom properties, three to five different exposure times had to be used, with
values ranging from 0.5 ms to 1.2 s. Especially, phantoms with highest absorption and
scattering coefficients necessitated additional exposure times compared to phantoms with
moderate Pa and ps’. The illumination center was automatically determined through Canny
filtering, following a method employed by Foschum et al.” Finally, the radial symmetry of
illumination was exploited to reduce noise in measured reflectance profiles. Pixel values were

averaged over concentric annular areas of 10 pixels thickness around the excitation point. As
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rings became larger for increasing SDS, a greater number of pixels were used to calculate the
reflectance and thereby the SNR drop (for a given exposure time) was slightly mitigated. This
step is referred to as ring averaging in Fig. 2-15.

Following the procedure described before, spatially resolved diffuse reflectance
acquisitions were performed on the phantom set. Prior to measurements, phantoms were
sonicated for 20 min and left at room temperature for 30 min. During acquisitions, the sSrtDRS
device was immersed in phantoms, approximately 5 mm below the surface. Solutions were
regularly stirred to prevent from surface layering of intralipid.*®® Five measurements were
made for each phantom. Between measurements, the system was removed from phantoms
and gently cleaned using ethanol and water.

The acquisition was controlled using a dedicated LabVIEW interface (National

Instruments Inc., Austin, Texas).

2.3.2.3 Data processing

Forward model

Theoretical reflectance curves for various optical properties were computed from Monte
Carlo (MC) simulations using the algorithm developed at CEA.'?> One million photons were
launched in each simulation. A collimated pencil beam vertically incident on a semi-infinite
medium with homogeneous optical properties was assumed. We considered a semi-infinite
model since phantoms used in this study had homogeneous properties and both depth and
width larger than 5 centimeters. The Henyey-Greenstein phase function was used to calculate
photon trajectories after scattering events. Following an approach used in previous
studies,”" simulated reflectance curves were convolved with the measured source beam
profile using the conv2 routine of Matlab (see Appendix A). In Monte Carlo simulations and
convolution processes, a radial step size of 50 um was used.

The obtained reflectance data were stored in a Look-Up Table (LUT). Absorption
coefficient values were sampled between 0 and 5 cm™ with 0.02 cm™ step size, while
scattering coefficients ps ranged from 1 to 300 cm™ with 1 cm step size (equivalent to 0.276
to 82.8 cm™ with 0.276 cm step size in reduced scattering coefficient ps’). The anisotropy

factor g was equal to 0.724, as predicted from Mie theory calculations,® for all simulations.
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Fig. 2-15 Flowchart of the data processing steps for optical properties quantification. Raw reflectance
images were first recorded (image acquisition). Dark images were then recorded and subtracted from
reflectance images (background subtraction). This was done at multiple exposure times. The obtained
images were recombined to expand the sensor dynamic (dynamic expansion). Then, pixel values were
averaged over concentric annular areas surrounding the illumination center to extract the radial profile
of raw diffuse reflectance (ring averaging). Theoretical reflectance profiles were derived from Monte
Carlo simulations and convoluted with the priory measured source beam profile. Measurement of the
calibration phantom diffuse reflectance was used to yield a scaling factor through comparison with
theoretical data. The scaling factor was applied to unknown phantoms measurements to convert raw
diffuse reflectance profiles into absolute unit. The obtained calibrated reflectance profiles were
compared to theoretical data to extract the absorption coefficient () and reduced scattering
coefficients (s’) of phantoms.
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Calibration

Calibration of the instrument response must be performed to scale the measured reflectance
profiles to MC simulations. Spatially resolved diffuse reflectance measurements were
performed on a liquid phantom with known optical properties, herein referred to as
calibration phantom. We selected the phantom with lowest absorption and medium scattering
level among the available phantom set, accordingly with guidelines previously provided by
Bender et al.*>! Following an approach used by other authors,®52 the following spatially-

dependent scaling factor was derived:

SF(p) = Ry (582, 1t "™, p) /RSHD () (2.3)

where Ry, (1524, i, p) and RSYE(p) are the simulated and measured reflectance,

respectively, of the calibration phantom. This scaling factor was then used to convert the

measured reflectance data into absolute unit.

Inverse problem solving

Optical properties extraction was done by searching the best fit between MC-based modeled
reflectance and measured data. Reflectance intensities near and far from the source are
separated by several orders of magnitude. Consequently, data transformation is necessary to
balance the contributions of short and large SDS to fit accuracy.!#2153154 We considered the

following merit functions, which are usually found in the literature:

Ey(ua, 1) = \/Z(Rth(ua' 6,0 = Rmeas(Ha, 5, 9))’ 2.4)

Ey(a 1) = \/ Z: (INRen(Har 15 0)) = IN(Rimeas (Has 185, 0)))° (2.5)
E3(pq us) = \/ Z (RenCltar 1 2) = Roneas (s 15, 0)) "/ Rmeaas (a4, P) (2.6)
Es(pa 1) = \[Z(Rth(ua, 12 P) = Rumeas (ar 16, 9))” / (Rimeas (s 1 0))? 2.7)
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The properties of the calibration phantom were chosen as initial parameters for the fitting
procedure. Linear interpolation of the LUT in the pa, Ys and p dimensions was employed.
Note that only SDS lower than 4 mm were considered in order to ensure sufficient signal-to-
noise ratio (SNR).

Fig. 2-16 illustrates the influence of the merit function on fitting accuracy and sensitivity
to optical parameters. Fitting of modeled reflectance to calibrated signals measured on the
phantom of group IL2% with highest absorption level was perform using the considered
merit functions. It is clear from Fig. 2-16(a) that the use of E; tends to privilege short SDS,
which are most strongly sensitive to Ws’, during fitting. This results in poor agreement
between fitted and measured curves compared results obtained using E,, E; and E,. Among
all, E, and E, lead to the best agreement between measured and modeled data, E, providing
the closest match between measured and expected properties for the considered phantom.
However, both E, and E, were sensitive to the initial parameters for fitting, because of the
presence of local minima within the valley of low residuals that can be seen in Fig. 2-16(b).
For some phantoms (data not shown), this led to large errors in measured pa and ps’.
Therefore, results presented in Sec. 2.3.3 were obtained using the £5 merit function, as it both

provided a robust and sufficiently accurate fitting output for all phantoms.
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Fig. 2-16 Influence of the merit function on optical properties estimations. (a) Measured (blue dots)
and best fits of modeled reflectance (red line). For clarity, only one in five points are shown for the
measured data. Estimated properties are given along with the minimum residuals for fit and the
discrepancy between measured and fitted data averaged over all SDS. (b) Residuals map obtained for
various merit functions.
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2.3.3 Results

2.3.3.1 Model fit to data

Measured reflectance profiles versus best fits of modeled reflectance obtained on the whole
phantom set are displayed in Fig. 2-17. For clarity, only one in five points are shown for the
measured data in the radial dimension. Overall, measured data were well described by our
forward model. Mean discrepancies between measured and modeled profiles calculated over
all SDS were lower than 6.0%, 2.9% and 3.2% for 1L1%, IL2% and 1L3%, respectively.
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Fig. 2-17 Measured calibrated reflectance of intralipid phantoms (dots) plotted against best fits of
theoretical reflectance (solid lines). Measured and fitted data for a given phantom are displayed in the
same color. For clarity, only one in five points are plotted for the measured data. Each window shows
measured and fitted data for a group of phantoms with same intralipid concentration and varying ink

concentration.

2.3.3.2 Optical properties

Measured versus expected pa and ps’ of phantoms are shown in Fig. 2-18. Expected
properties were derived from spectrophotometer measurements and Mie theory, as described
in Sec. 2.3.2.1, and used as reference values in error calculations. Note that error propagation
was not considered in the calculation of absolute error bars, herein corresponding to the
standard deviation between properties extracted from different measurements of the same
phantom. Percent errors and corresponding error bars represent the absolute errors,
respectively error bars, expressed in percent of the expected value for the considered property
and phantom. To estimate the overall percent error for optical properties we considered the
percent errors (in absolute value) over the whole phantom set and calculated the average.
Corresponding intervals were computed as the standard deviation between percent errors (in

absolute value) for different phantoms.
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Optical parameters were accurately measured, with overall errors of 4.2+3.5% for pa and
7.0£4.6% for ps’. For pa, a correlation coefficient of 0.9915 was calculated between expected
and measured values. Fig. 2-18(b) shows slight underestimation of reduced scattering
coefficients for highly scattering phantoms. The calculated correlation coefficient was
0.9473. For a fixed intralipid concentration and varying a, minor variations of ps’ estimates
were observed, with standard deviations of 4.9%, 5.7% and 4.0% respectively for IL1%,
IL2% and IL3%. We observed that errors in measured Us’ were closely related to the
absorption level of phantoms. For all intralipid concentrations, extracted ps’ tended to
decrease while pa increased. This suggests that separation of absorption and scattering
influence on measured data was not complete, and some cross-talk remained between

parameters.
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Fig. 2-18 Results of phantom experiments. Measured optical properties for IL1% (green), IL2%
(blue) and 1L3% (red) are plotted against expected values (black solid line). For each intralipid
concentration, different levels of absorption are associated to different markers (from lowest to
highest ink concentration: circles, downward-pointing triangles, squares, diamonds, upward-pointing
triangles). Absolute values (top), absolute errors (middle) and relative errors (bottom) between
measured and expected properties are shown for (a) absorption coefficients i, and (b) reduced
scattering coefficients [s’. Error bars correspond to standard deviations between measurements.

2.3.3.3 Influence of minimal source-detector separation

In order to estimate the influence of the minimal accessible SDS on measured pa and ps’,
optical properties extraction was performed over different SDS ranges on three phantoms
with varying intralipid concentration. The minimal SDS used for fitting was varied from 480
pm to 2.5 mm. Results are shown in Fig. 2-19. We observed that the yielded optical
parameters remain stable up to a minimal SDS of ~800 um for 1L2% and IL3% and ~1.3 mm
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for 1L1%. Beyond this limit, a brutal increase in measurement error is observed. The
influence of the minimal accessible SDS is evident in Fig. 2-20. When short SDS are
excluded from the fitting procedure (Fig. 2-20(b)), calculated residuals remain low over a
wide range of absorption and scattering parameters combinations, leading to poor estimation
of optical properties. Oppositely, the location of the optimal pa and ps’ combination for
minimization of the merit function is well-determined when short SDS are included in the
fitting procedure (Fig. 2-20(a)). Interestingly, the sensitivity to the accessible SDS range is
different between different scattering levels of phantoms. Extrapolating the SDS range
toward lower values suggest that a closer proximity between the source and the sensor is
unnecessary considering a sample with homogeneous properties.

Overall, these results confirm the relevance of the proposed system architecture and
provide an estimate for the minimum SDS to be accessed when implementing a srDRS

system for quantitative characterization of absorption and scattering properties.
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Fig. 2-19 Influence of the minimal accessible SDS on optical properties estimates. Optical properties
measurements were made on three phantoms with 1% (green), 2% (blue) and 3% (red) intralipid
concentration. The minimum SDS used in the inversion algorithm is varied from 480 um to 2.5 mm.
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Fig. 2-20 Influence of the minimal source-detector separation on the merit function. The measurement
performed on phantom K5 is considered. (a) All SDS lower than 4 mm are used in the calculation. (b)
Only SDS between 1.9 and 4 mm are considered.

2.3.4 Discussion

The results obtained from phantom experiments demonstrate the ability of the developed
system for accurate quantification of absorption properties of phantoms over the whole range
of addressed pa. However, Fig. 2-18(b) indicates that accuracy in s’ extraction was
correlated with the optical properties of measured phantoms. In particular, systematic
underestimation of Us” was observed for highly scattering phantom. Additionally, the impact
of absorption level of phantoms on s’ estimates was not completely removed, resulting in
slight variations of extracted ps’ between weakly and highly absorbing phantoms containing
the same amount of intralipid (less than 10% overall). These errors were likely due to
imperfections of our instrument calibration method. The scaling factor derived in Sec. 2.3.2.3
solely corrects from constant multiplicative effects of the instrument response and does not
include influence of the sensor optical transfer function. Furthermore, calibration could only
be efficient upon precise knowledge of the source geometry. However, immersion of the
srDRS system in intralipid solutions made accurate characterization of the source profile
difficult. In our forward model, a planar interface was assumed between the medium and its
environment, photons being emitted from the source at this interface. In MC simulations, this
interface was placed at the limit between the FOP face and phantoms. Such description was
inconsistent with the actual structure of our system. Notably, the presence of the LED dome

lens, possible reflections on the FOP side and photon trajectories between the LED chip and
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the planar interface were not modeled. In the measurement scheme that was employed for
source profile characterization (Sec. 2.3.1.2), our intention was to account for such effects.
However, inconsistencies remained between the source profile measurement and the actual
conditions of phantom experiments. Notably, the refractive index boundary in the plane of
the FOP face was different, as well as the properties of the medium between the LED and this
boundary.

It can be noted that the contribution from dependent scattering was not considered in this
study. Several authors stressed that the effect of dependent scattering should be accounted for
when high concentrations of scatterers are used.'®>'%" Further investigation of the influence
of dependent scattering should be made in future work.

Because of the limitations listed before, the developed system might show inability to
address a wider range of scattering properties (currently from 0.31 cm™ to 2.30 cm? in
absorption and 12.7 cm™ to 38.1 cm™ in reduced scattering). In this case, use of multiple
calibration phantoms, as investigated in previous studies,***4” could extend the accessible ps’

range.

A major challenge in current srDRS technology is the analysis of layered tissue with
specificity in depth. In skin, epithelium and stroma are the most significant structures (the
underlying fat layer is typically too deep to have a significant influence on srDRS signals and
is not considered in this study). The separate characterization of these layers may yield
critical criteria in a variety of contexts including cancer detection, tissue oxygenation
monitoring and drug permeation follow-up. The epithelium thickness varies from 100 to 300
um, depending on phenotype and location on the body.®’ Therefore, the access to both short
SDS and high resolution of detection is necessary for accurate characterization of epithelial
and stromal layers. Depth-resolution is directly related to lateral resolution and therefore
dependent on the apparatus used for collection and detection of photons.

We demonstrated that a multi-pixel sensor used in contact with tissue provided possibility
to image diffuse reflectance profiles with high spatial resolution and large FOV (~20mm?).
Moreover, the developed srDRS coupling system provided a way to access short SDS in
contact with an unmodified commercial CMOS sensor. In the current version of the system,
however, presence of the protective glass window induced blurring of the diffuse reflectance
in recorded images. The influence of this effect was estimated. Differences between

reflectance profiles affected or not by blurring were lower than 11% on the SDS range
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considered in this study. Associated changes in measured optical properties were lower than
2% for all phantoms (data not shown). However, blurring of the diffuse reflectance may limit
the ability of the system for the analysis of layered media such as skin, which requires
sensitivity to optical properties on reduced footprints. Improvements of the system
architecture to address this issue are discussed in the next chapter. Notably, removal of the
CMOS glass lid and positioning of the FOP directly on the pixel area is investigated in
Chapter 3. In order to further increase the sensitivity of diffuse reflectance spectra to
superficial layers, several authors have explored the use of oblique illumination,48122158.159

The proposed architecture is suitable for implementation of such approach.

2.4 Conclusion

A compact design for implementation of spatially resolved diffuse reflectance spectroscopy
in contact with tissue has been proposed and evaluated. A prototype instrument, involving an
LED source and a commercially available, unmodified CMOS sensor was fabricated. For
validation of our approach, a proof-of-concept study was conducted on optical phantoms with
controlled properties. Diffuse reflectance imaging was performed with high spatial resolution,
large field-of-view (~20 mm?) and signal-to-noise ratio comparable to that of previously
developed instruments.”®’® A dedicated coupling system involving a Fiber-Optic Plate was
developed to provide access to source-detector separations as short as 480 um. Absorption
coefficients (Ma) and reduced scattering coefficients (us’) of phantoms were determined with
4.2% and 7.0% error, respectively, demonstrating the ability of the system for accurate
quantification of tissue optical properties. Limitations of this study concerning the modeling
of the source geometry and blurring effects that might hinder the potential of the system for
the analysis of layered media have been discussed. This work led to the implementation of a
wearable system designed for in vivo experiments and analysis of layered media. This system

is described in Chapter 3.
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Chapter 3

Development of a low-cost, wearable
SrDRS system for skin condition
diagnosis: validation study on solid

phantoms
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This chapter presents the development of a low-cost, wearable srDRS system based on
the architecture introduced in Chapter 2 and designed toward in vivo applications and
analysis of layered media. First, a detailed description of the system is provided (Sec. 3.1).
Then validation of the system’s performance is made in comparison with a well-established
technique, referred to as Spatial Frequency Domain Imaging (SFDI) (Sec. 3.2). For this
study, a set of solid tissue-simulating phantoms was developed, as described in Sec. 3.2.1.
The work presented in this chapter was conducted jointly with the Photonics Instrumentation
for Health group at the Laboratoire des sciences de 1’Ingénieur, de I’Informatique et de
I’Imagerie (ICube UMR7357) at University of Strasbourg. Collaboration between the CEA
and ICube notably concerned the development of a protocol for phantom fabrication and
characterization of these phantoms using the srDRS system and the SFDI system developed

at ICube, which was considered as a reference instrument.

3.1 Instrument development

3.1.1 Sensor design

An optimized srDRS prototype based on the architecture developed in Chapter 2 was
implemented. The design of this new system was specified considering two main goals:
1) Achieve continuous measurement of optical properties for the monitoring of tissue
oxygenation in vivo.

2) Increase the potential of the system for the analysis of layered media.

In this frame, the work has principally been focused on the miniaturization of the system
for attachment on human subjects during in vivo measurements and the implementation of
multiple sources to obtain the necessary spectral information for oxygenation monitoring. In
addition, removal of the CMOS protective glass window was investigated to enhance the
contrast in images (see Sec. 3.1.1.3) and a light source with angled illumination was
implemented. These two last features aimed at increasing the potential of the system for the

analysis of layered media.
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Fig. 3-1 Photograph of the wearable srDRS prototype

A photograph of the fabricated srDRS prototype is shown in Fig. 3-1. A layout of the
prototype’s structure is given in Fig. 3-2. This system comprises the CMOS camera used
previously (Ul-1492-LE-M, IDS Imaging, Obersulm, Germany). The camera was coupled to
a custom fiber-optic plate (Sec. 3.1.1.3), around which the light sources were placed (Sec.
3.1.1.2). The sources and FOP are hosted in a dedicated packaging module, which is
described in the next section.

Printed circuit board (PCB)

Substrate material

7

A [ Image sensor die

Encapsulant: Epoxy
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&\\ Fiber-coupled LED

j

i Fiber optic plate (FOP)

Imaging area
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Fig. 3-2 Layout of the wearable srDRS Prototype
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3.1.1.1 Packaging module

Packaging for FOP
and sources

Imaging area

Fixation ring

Fig. 3-3 Digital model of the packaging module for the wearable srDRS prototype. The FOP and
sources are hosted in a dedicated element. For in vivo measurements, this element can be inserted in a
custom fixation ring and set with a plastic screw. The fixation ring is priory attached to the tissue at
the desired measurement site using standard medical adhesives.

A packaging module was specifically designed for assembly of the different elements of the
system. The packaging was 3-D printed in a biocompatible polyamide (PA2200). A central
hole corresponding to the imaging area was left free for insertion of the fiber-optic plate
(FOP). The module is mounted on the camera using plastic screws at the corners of the PCB.
For in vivo measurements (see Chapter 4), the packaging module comes with a dedicated
fixation ring, which may be attached to the tissue using standard medical adhesive tapes. The
device is then inserted through the ring and set with a screw to maintain a constant pressure
on the tissue. The outer surface of the packaging was painted in black to limit unwanted

reflections at the tissue-exterior interface.
3.1.1.2 Lighting module

Four different light sources were placed around the imaging area. Main characteristics and
references of these sources are reported in Tab. 3-1. Surface mounted LEDs were purchased
from Kingbright Inc. LEDs with a 1608 packaging were chosen because of their small lateral

dimension (0.8 mm), which was required to provide access to sufficiently small SDS. The
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LEDs were coupled with custom fiber-optic bundles fabricated at our laboratory. In this
manner, we imposed a planar interface between sources and the analyzed medium, with
controlled illumination geometry and numerical aperture (NA), thereby facilitating the
modeling of source beams in Monte Carlo simulations.

For three sources (lines 1 to 3 of Tab. 3-1), 7 fibers were glued together in a hexagonal
geometry. We found that using 7 fibers was necessary to obtain sufficient output power while
keeping a small enough source diameter (~600 um). These sources were then integrated in
the packaging module with a vertical illumination angle (6 = 0°).

For the last source (4" line of Tab. 3-1), only one fiber was used. Implementation of this
source aimed at optimizing the potential sensitivity of the system to tissue properties at
shallow depths toward layered media analysis. Notably, the use of green light and angled
illumination (6 = 35°) was chosen to maximize the proportion of detected photons that travel
at small tissue depths.*®122160 Maximization of the sensitivity of the measured reflectance to
shallow depths also requires the use of a thin input beam, motivating our choice for a single
fiber coupling. The induced reduction in output power was compensated by the fact that only
short SDS (and thereby higher signals) may be considered in this case. A 200 microns fiber
core diameter was however necessary for efficient coupling with the LED source.

Remark that each fiber bundle was assembled within a metallic needle having a 1.1 mm
diameter. This was necessary to avoid fiber breakage during manipulation by the technician
and integration in the packaging module.

For each source, the input current was controlled by an LED current driver (RCD-24-
0.70/PL/B, Recom Power, Gmunden, Austria) via a dedicated electronic circuit produced at
CEA and LabVIEW interface developed for this study.
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Fiber core | Output o
AN2 Bundle ] Fiber Minimal SDS
Reference | A (nm) 0 (°) diameter Power
(nm) geometry NA (um)
(Hm) (W)
KPHD-
515 | 35 | 0 $ 200 | 0.39 73 760
1608ZGCK
KPHD-
1608SECK- 611 17 0 $ 200 0.39 123 820
J4-PRV
KP-1608SRC-
660 20 0 $ 200 0.39 19 690
PRV
KPHD-
515 35 35 ) 200 0.39 17 790
1608ZGCK

Tab. 3-1 Characteristics of the light sources involved in the wearable srDRS prototype. The output
power was measured by an optical power meter (PMD100, Thorlabs Inc.) placed at the output of
fiber bundles. The distance of each fiber bundle to the closest FOP side was determined through

binocular microscope observations. The minimal SDS for each source was then calculated
knowing the position of the FOP sides in the imaging area (see Sec. 3.1.2).

3.1.1.3 FOP-sensor coupling

The CMOS sensor was coupled to a fiber-optic plate (FOP) according to the architecture
proposed in Chapter 2. A custom FOP with 6 um unit fiber core diameter (OS-ST, SZPhoton)
was purchased from SZPhoton Inc.}*® Note that this material was equipped with Extra Mural
Absorption (EMA) in order to limit light diffusion between adjacent fibers and improve the
spatial resolution. The FOP was cut to a 6.4x5.5 mm lateral dimension and 10 mm thickness.
This left the possibility to place the light sources on three sides of the imaging area and in
close proximity to pixels.

As discussed in Chapter 2, the presence of the protective glass window in front of pixels
induces blurring of the diffuse reflectance in images recorded in contact with tissue. Although
this effect has a minor impact on measured optical properties for homogeneous media, it may
result in a strong limitation when analyzing a layered media such as the skin. Notably, image
contrast on small footprints at least of the order of the epithelium thickness (~100-200

microns) may be required if efficient separation of layers influence on the measured signal is
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to be achieved. For this reason, removal of the glass lid and positioning of the FOP onto the
CMOS photon sensitive area was investigated.

FOP coupling of the CMOS sensor was conducted following guidelines provided by
Silfhout and Kachatkou'®®. Permanent bonding of the FOP and sensor was performed using
an optical grade epoxy (Opti-tec 5001, Intertronics, Kindlington, United Kingdom). Note that
in the choice of epoxy, attention should be paid to the shrinkage coefficient upon curing,
which must be sufficiently low to avoid mechanical stresses likely to damage the sensor die.

The procedure for FOP coupling is described in the following. First, the glass lid had to
be removed from the sensor. The glass lid is usually glued to the underlying epoxy package
protecting the sensor die. For bond breakage, the sensor was subjected to a high temperature
(~100°C) air flow. Under this temperature, the epoxy surrounding the glass lid starts to melt
and can be extruded progressively down to the basis of the glass layer. When this point is
reached, the glass lid can be removed easily using a thin scalpel blade. The next steps of the
procedure were conducted in a clean room environment to ensure that the bonding layer and
sensor die would remain free from air dust and other unwanted particles. First, the hardener
and epoxy parts were mixed by hand in an independent recipient. This step inevitably
generates air bubbles. These were removed by placing the mixture in a vacuum container for
15 min. Then, one drop of the mixture was deposited on the sensor die. Because of its low
viscosity, the glue rapidly spread over the whole imaging area and wire bonds until it entirely
filled the well formed by the surrounding sensor packaging (see Fig. 3-2). At this stage, the
FOP could be placed onto the CMQOS for coupling. Precise positioning was obtained by using
the packaging module described in Sec. 3.1.1.1 priory mounted onto the sensor. The FOP was
delicately inserted through the central hole of the module, which was aligned to the imaging
area. The epoxy glue ensured protection against mechanical stresses generated during
placement of the FOP. The weight of the FOP was then sufficient to obtain a thin bonding
layer.’8! In addition to providing a way for precise positioning, the packaging module
prevented for lateral movements of the FOP during curing, which would likely result in
unwanted heterogeneities of the bonding layer and provoke image distortions. Placement of
the FOP may also generate air bubbles in the bonding layer. For this reason, vacuum
pumping was performed again for 15 min. The system was then left for 60 min for curing. At
the end of the process, bonding of the FOP onto the sensor die was achieved with a thin, clear
and homogeneous bonding layer. At this stage however, the FOP may easily be removed by

hand and the wire bonds surrounding the imaging area are not efficiently protected. For
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further protection, an electronic grade black epoxy (HE70E, Epoxy Technology, Billerica,
Massachusetts) was deposited around the FOP and surrounding sensor packaging to ensure a
sufficient resistance to mechanical stresses, notably upon removal or mounting of the
packaging module. In addition, the black epoxy prevented from stray light illumination of the

sensor die between the FOP sides and imaging area borders.

3.1.2 Optical Characterization

The developed srDRS device linearity was measured from images recorded at varying
exposure time under constant illumination level and subtracted from corresponding dark
images. The mean signal over the entire image was considered. Fig. 3-4 displays the linearity
curve of the device, which was calculated as the deviation from the linear best fit in percent
of sensor dynamic (256 ADU).
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Fig. 3-4 Linearity curve of the wearable srDRS prototype.

The image resolution provided by the developed srDRS system after glass lid removal
was evaluated using a USAF-1951 resolution test target (Fig. 3-5). Compared to the
prototype presented in Chapter 2, this new implementation increased the spatial resolution of
imaging by a factor of 50. Spatial frequencies up to 50.8 Ip/mm (group element 5-5),

corresponding to 9.8 microns thick lines, could be resolved.
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Fig. 3-5 Positive USAF-1951 resolution test target imaged with the wearable srDRS system after
glass lid removal.

Following the procedure described in Sec. 2.3.1.2, the flat-field response of the system
under Lambertian illumination was characterized, as shown in Fig. 3-6. For comparison, flat-
field images recorded before and after removal of the protective glass window are displayed.
The obtained images were used for correcting measured reflectance images for flat-field
inhomogeneity, as described in Sec. 3.2.2.2. The increase in image resolution obtained after
removal of the glass lid is particularly visible at the FOP borders, which are outlined with
poor contrast in Fig. 3-7(a) compared to Fig. 3-7(b).

The position of the effective imaging area (limited by the FOP borders) had to be
determined to select the correct Region Of Interest (ROI) in raw diffuse reflectance images.
Before removal of the glass lid, an image recorded under illumination by a collimated flat
beam was used. As shown in Fig. 3-7(a), images recorded with the glass lid were less
affected by blurring under collimated illumination, thereby allowing for precise detection of
the FOP borders. After removal of the glass lid, the FOP borders could be imaged with high
contrast under both collimated and Lambertian illumination. Alternatively to the approach
chosen before glass lid removal, we used a Lambertian flat-field image for detection of the
FOP borders. In this case, the effect of chamfering, which is usually performed during FOP
manufacturing to ensure robustness to shocks, could be observed. Inside the chamfer, fibers
arrangement is chaotic and may induce image distortions. Notably, under Lambertian
illumination, this results in a clear drop in transmission of light by the FOP. Thus, the limit

between the FOP transmissive area and chamfer could be precisely determined, as shown in
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Fig. 3-7(b). The position of the sources relatively to the imaging area were then determined
through binocular microscope observations of the prototype’s top face, in which the fiber

bundles, chamfer and FOP transmissive area could be well identified.
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Fig. 3-6 Lambertian flat-field images recorded (a) before and (b) after removal of the protective glass
lid.
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Fig. 3-7 Location of the FOP in the imaging area (a) before and (b) after removal of the protective
glass lid. The borders of the FOP are highlighted in red. In (a), collimated illumination was considered
to ensure sufficient image contrast at the FOP borders. Remark the regular hexagonal grid, which
corresponds to individual fiber bundles assembled during fabrication of the FOP. In (b), Lambertian
illumination was used for better visualization of the FOP chamfers, which were excluded in the
processing of diffuse reflectance images.

3.2 Phantom validation

The performance of the designed prototype was evaluated for the characterization of optical
properties of solid tissue-simulating phantoms. In this section, we first present the
development and characterization of these phantoms. Then, evaluation of the wearable sSrDRS

prototype’s performance for quantitative characterization of phantom properties is made.

3.2.1 Development of solid phantoms

3.2.1.1 Motivation

A set of solid poly(dimethylsiloxane) (PDMS) phantoms spanning properties representative
of human skin has been developed and characterized. We opted for solid phantoms for
several reasons. Contrarily to intralipid solutions, this type of phantom can provide a
relatively close match to skin in terms of mechanical properties and surface roughness,
thereby enabling the study of the influence of coupling between the sensor and tissue. PDMS
phantoms conserve stable properties over time and are easily transportable for
characterization in various facilities and comparative studies between different systems.162-164

This was especially necessary to conduct bimodal measurements of phantom properties using
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the srDRS system and the reference SFDI system. Finally, PDMS phantoms were chosen
because they can be fabricated with a layered structure and rough surface for improved

simulation of tissue and characterization of the device’s performance.®®
3.2.1.2 Fabrication

A common protocol for phantom manufacturing was developed jointly between the CEA and
ICube. The protocol described here was mainly inspired by a previous protocol established at
CEA during the doctoral thesis of Blandine Roig®* and studies published by Greening et al.1%®
and Saager et al.'®® Phantoms with various optical properties (see Fig. 3-9) spanning values
representative of skin tissue have been fabricated both at CEA and at ICube.

Fabricated phantoms consist of a mixture of PDMS and curing agent (CA), ethanol-
dissolved nigrosin (Ng-EtOH) and titanium dioxide (TiO2) particles. Absorption in phantoms
is modulated by the concentration of nigrosin particles while scattering is generated by the
TiO2 particles. Consecutive steps followed during phantom fabrication are listed and
discussed in the next paragraphs:

1) Preparation of Ng-EtOH solutions. The desired mass of alcohol soluble nigrosin
was sampled and dissolved in ethanol. Note that various concentrations of nigrosin in
phantoms were obtained by modulating the concentration of nigrosin in Ng-EtOH
solutions while keeping a constant amount of ethanol in the final phantom. Therefore,
the contribution of ethanol to phantom absorption remained constant for all phantoms.
Although it is easily dissolved in PDMS, an excessive quantity of ethanol may disturb
the curing process by generating large amounts of air bubbles. Roig derived an
empirical factor of 1/35 between ethanol and PDMS volume not to exceed in order to

avoid such issue.?* In phantoms fabricated for this study, this factor was kept to 1/81.

2) Preparation of TiO.-CA solutions. The desired mass of TiO2 was sampled and
incorporated in a volume of curing agent. In order to break the TiO2 aggregates, the
solutions were subjected to three consecutive cycles of 10 min ultrasonic bath and 1
min hand mixing, accordingly with guidelines provided by Greening et al.1*®® At the
end of this process, remaining large aggregates were eliminated using a nylon filter
with 100 microns mesh. Note that use of smaller meshes was investigated yet could

not be achieved due to the high viscosity of the curing agent and poor solubility of
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3)

4)

5)

6)

TiO2 particles. Improvement of this filtration step may be investigated in future work
for further reduction of TiO2 aggregates and enhancement of phantoms homogeneity.
Remark also that the solutions before filtration rapidly formed new aggregates and
may not be conserved for more than a few minutes. After filtration, solutions
remained sufficiently homogeneous for a few hours, leaving enough time to complete

the fabrication of phantoms.

Mixing. The desired volume of PDMS was sampled. First, the volume of Ng-EtOH
was incorporated in the PDMS and mixed by hand for ~1 min. Then the volume of
TiO2-CA was added. We observed that addition of TiO2-CA before Ng-EtOH,
accordingly to the protocol of Roig,?* typically resulted in inconsequent absorption
levels in phantoms with respect to the amount of Ng-EtOH used. However, further
investigation should be made to confirm this trend. In consequence, Ng-EtOH
volumes were always incorporated first in phantoms. After addition of the TiO2-CA
volume, hand mixing was performed for at least 5 min until a homogeneous mixture

was obtained.

Molding. Obtained mixtures with various concentrations of TiO2 particles and
nigrosin were poured in separate molds corresponding to each phantom. Molds
consisted of 70 mm cylinders placed in glass cups. In order to obtain phantoms with a
rough surface, a piece of standard rough paper (Canson®) was priory glued on the
bottom of glass cups. Cylinders were maintained with adhesive to prevent from

PDMS leakage likely to occur during the degassing step.

Degassing. Molded phantoms were placed in a vacuum chamber to remove air
bubbles formed during the previous steps. Vacuum pumping of the mixtures for 1

hour was sufficient to remove all air bubbles.

Curing. Eventually, phantoms were left in oven for 2h at 85°C to complete curing.
After curing, homogeneous solid phantoms with 70 mm diameter and 15 mm
thickness were obtained. The bottom side of phantoms had a rough surface, while the

upper face was flat.
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Fig. 3-8 Photograph of manufactured PDMS phantoms.

Following the described protocol, a set of 15 phantoms was fabricated. These were made
in groups of 5 phantoms at a time, herein referred to as A, B and C. Each group is composed
of phantoms having constant TiO2 concentration and varying nigrosin concentration. This set
of phantoms was completed by a set of 18 phantoms fabricated at ICube. These are divided
into two groups herein referred to as D and E. Phantoms of group D were selected to provide
a nearly constant pla and varying Ws’ as measured through SFDI (Sec. 3.2.1.3), while group E
is composed of phantoms having nearly constant ps’ and varying pa. A review of measured
phantom properties and corresponding concentrations of TiO2 and nigrosin is provided in
Tab. 3-2.

3.2.1.3 SFDI Characterization

Optical properties of the fabricated phantoms were measured using the SFDI system
developed at 1Cube, which was considered as a reference system for this study. SFDI is a
well-established technique providing a quantitative 2-D mapping of optical properties of the
analyzed medium.'®” Characterization of phantoms was obtained at 665 nm and 860 nm.

Measured absorption and reduced scattering coefficients at 665 nm are shown in Fig. 3-9 and
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Tab. 3-2. Overall, extracted properties cover a wide range of values representative of
tissue.>?214 Properties are especially thinly sampled in the [0 ;1] cm™ range in absorption
and [7 ;20] cm™ range in reduced scattering, which are most representative of light-skinned
human subjects and dermal properties. The rest of the phantoms extend this range toward
higher levels of absorption and scattering, which may notably be observed in darker skin
tones and epithelium. 2324

This work may be used in further studies to establish a robust relation between nigrosin
and TiO2 concentrations on one side and the corresponding pa and ps” of phantoms on the
other side.

In the next section, measurement of phantom properties using the developed wearable
srDRS device are presented and compared to values obtained from SFDI. Unless stated
otherwise, acquisitions were made on the rough face of phantoms. This was notably
necessary because of the sensitivity of SFDI to surface specular reflections, which may

otherwise have significant impact on measured optical properties.1®8
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Fig. 3-9 Optical properties of PDMS phantoms measured by SFDI at 665 nm.
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Nigrosin concentration

TiO, concentration

Reference — Ha (cm™) (mg/a) Ha’ (em™)
Al 0.080 1.15 1.0 6.97
A2 0.239 2.00 1.0 7.35
A3 0.398 2.04 1.0 7.27
A4 0.558 3.53 1.0 1.22
A5 0.717 3.80 1.0 7.23
Bl 0.080 0.52 3.0 19.4
B2 0.239 0.99 3.0 18.2
B3 0.557 1.46 3.0 17.6
B4 0.715 2.00 3.0 17.3
B5 1.59 3.13 3.0 14.9
C1 0.08 0.30 5.0 29.6
C2 0.238 0.41 5.0 31.7
C3 0.397 0.52 5.0 28.8
C4 0.555 0.60 5.0 27.1
C5 0.714 1.20 5.0 22.7
D1 0.003 0.05 2.1 12.2
D2 0.003 0.08 1.7 12.1
D3 0.008 0.13 2.1 12.0
D4 0.023 0.16 1.8 12.3
D5 0.017 0.28 2.1 13.0
D6 0.023 0.39 1.8 13.3
D7 0.023 0.46 1.8 12.4
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D8 0.023 0.54 1.8 12.8
D9 0.023 0.62 1.8 12.5
D10 0.023 0.80 1.8 11.2
El 0.017 0.41 1.4 9.9
E2 0.017 0.43 2.1 12.1
E3 0.023 0.39 1.8 13.3
E4 0.023 0.46 1.8 13.8
ES 0.034 0.43 2.1 13.9
E6 0.017 0.38 2.8 15.6
E7 0.017 0.36 2.8 16.3
E8 0.025 0.39 2.8 17.4

Tab. 3-2 Properties of PDMS phantoms measured by SFDI at 665 nm and corresponding TiO and
nigrosin concentrations. Note that the given concentrations are those initially targeted and do not
take account for variations likely to occur upon filtration and mixing processes.

3.2.2 Materials and Methods

3.2.2.1 Experiments

The optical properties of the fabricated phantoms were measured at 660 nm using the
developed wearable srDRS device. The setup used during phantom experiments is described
in Fig. 3-10. The system and phantom were placed on a fixed and mobile plate, respectively,
inside a Thorlabs cage assembly. A string applied a stable pressure onto the mobile plate. By
setting the position of the srDRS device with a fixed wedge, a reproducible pressure level
was applied between the device and phantoms. Note that the applied pressure level is also
dependent on the phantom thickness. All phantoms fabricated at CEA had the same thickness
(15 mm) being slightly larger than the thickness of phantoms fabricated at ICube (10 to 12
mm). For this reason, the sensitivity of measured signals to the position of the wedge was
evaluated (Sec. 3.2.3.1).
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Fig. 3-10 Experimental setup for phantom experiments before (a) and after (b) positioning of the
PDMS phantom.

Diffuse reflectance images were recorded on PDMS phantoms using the setup described
previously. Several experiment campaigns were made to validate the experimental setup
(Sec. 3.2.3.1) and compare the optical properties measured by the srDRS device in different
conditions (with and without glass lid protection, on different faces of phantoms) to the
reference values provided by SFDI.

During experiments, the acquisition procedure followed the one introduced in Sec.
2.3.2.2. For each phantom, images were recorded at multiple exposure times and
subsequently recombined using the dynamic expansion algorithm described in Appendix B.
Depending on phantom properties, two to four exposure times were used, with values ranging
from 2 ms to 1.2 s. Optical properties were measured at five different positions on the
phantom surface and averaged.

3.2.2.2 Data Processing

Forward model

Following the approach described in Sec. 2.3.2.3, theoretical reflectance curves for various
optical properties were obtained from Monte Carlo simulations run on GPU. One million
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photons were launched in each simulation considering a pencil beam vertically incident on a
semi-infinite medium with homogeneous optical properties. The fiber-coupled LED source
was modelled by a 600 um flat beam with 0.39 NA. The numerical aperture of emission was
accounted for in pencil beam simulations, and the obtained profiles were convolved by the
modeled source profile using the CONV algorithm of Wang et al.'®® implemented in Matlab.
A radial step size of 50 um was used in both MC simulations and convolution process. The
Henyey-Greenstein phase function was used for calculation of photon trajectories after
scattering events. Note that we considered a medium having anisotropy g=0.8, as was done in
the Look-Up Table (LUT) used for SFDI measurements.

Computed MC profiles were stored in a LUT. Absorption coefficient were sampled
between 0 and 10 cm™® with 0.02 cm™ step size, while scattering coefficients s ranged from 1
to 400 cm™ with 5 cm™ step size (equivalent to 0.2 to 80 cm™ with 1 cm™ step size for
reduced scattering coefficient ps’). We verified through numerical computations that the
relatively large steps in ps’ combined with data interpolation did not induce significant

changes in calculated profiles compared to a finer s’ grid.

Calibration and inverse problem solving

Calibration of the instrument response was performed using the approach described in Sec.
2.3.2.3. Depending on measurement campaigns, two different calibration phantoms were
used. Measurements performed at the CEA used phantom B1 as calibration phantom,
considering the properties measured by SFDI (0.52 cm™ in absorption and 19.4 cm™ in
reduced scattering). Measurements conducted at ICube used an independently characterized
PDMS phantom, herein referred to as R1, having pa and s’ equal to 0.117 cm™ and 10.8 cm
! respectively. Note that this phantom was also the one used for calibration of the SFDI
system.

Optical properties were estimated by searching the best fit between MC-based modeled
reflectance and measured data, as described in Sec. 2.3.2.3. For this study, the following

merit function was considered:

I l / I 2 l;
E4(.ua' .us) = \[Z(Rth(ﬂal Us, P) - Rmeas(”a' Us, ,0)) /(Rmeas(ﬂa' Us, p))z (3-])
p

In order to ensure stability of the fitting procedure, calculation of the merit function was
done over the entire LUT in a first step. In a second step, the fminsearch routine of Matlab
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was used to find the best fit between theoretical and measured data within +15% of the
obtained properties from the first step. Interpolation of the LUT in the pa and s’ directions
was used in the second fitting process. Note that only SDS lower than 3 mm were considered

due to insufficient SNR at longer distances for highly scattering and absorbing phantoms.

3.2.3 Results

3.2.3.1 Validation of the experimental setup

In order to validate the measurement setup described in Fig. 3-10, the reproducibility of
pressure applied on phantoms was evaluated. Consecutive diffuse reflectance acquisitions
were made at the same position on the surface of phantom B1, while pressure was released
and applied again between measurements. Fig. 3-11 shows the deviation between
measurements as a function of SDS. Measured signals were reproduced within +0.2% of the

mean value for all sources and SDS.
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Fig. 3-11 Reproducibility of the pressure applied on phantoms: diffuse reflectance profiles. 5
consecutive acquisitions were made at the same position on the phantom surface. Standard deviations
between measured reflectance at the three wavelengths are shown as a function of SDS.

The difference in estimated optical properties between measurements was also evaluated
(Fig. 3-12). Deviations lower than 0.5% from the mean value were observed for both pa and

Ms’, validating the repeatability of pressure applied on phantoms.
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Fig. 3-12 Reproducibility of the pressure applied on phantoms: optical property estimates. 5
consecutive acquisitions were made at the same position on the phantom surface. Standard deviations
between measured absorption (a) and scattering (b) coefficients at the three wavelengths are provided.

The impact of the pressure level on measured signals was also investigated. This was
notably necessary because of the difference in thickness between phantoms fabricated at CEA
and ICube (x5 mm). Several authors demonstrated that the pressure applied by a contact
imaging system on tissue during in vivo acquisitions has significant impact on measured
properties.}’® Although PDMS phantoms exhibit a higher rigidity than skin, the effect of
pressure may also have an impact on the optical coupling between the srDRS device and
phantoms, and therefore should be quantified. In our setup, the pressure level was determined
by the height of the fixed wedge, which was used for positioning of the srDRS device (see
Fig. 3-10). Five measurements were made on phantoms B1 and B4. The device was placed at
the same position on the phantom surface for all measurements, while the height of the wedge
was varied across a 15 mm range centered on the initial position, referred to as PO (i.e. the
one used in all other measurements reported here). Comparison between measured
reflectance for different positions of the wedge, and thereby pressure levels, is provided in
Fig. 3-13. Observed deviations from PO remained lower than 1% for all SDS considered for
optical properties measurement (below 3 mm). Minor differences were observed in the

corresponding measured optical properties (Fig. 3-14).
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Fig. 3-13 Influence of the wedge position on measured reflectance. Five different wedge heights,
referred to as P-2, P-1, PO, P1 and P2, were used. The positions were equally spaced between the
maximum (P-2) and minimum (P2) height, corresponding to the lowest and highest pressure levels,
respectively. Position PO is the medium height used for all other measurements reported here.
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Fig. 3-14 Influence of the wedge position on measured optical properties. Five different wedge
heights, referred to as P-2, P-1, PO, P1 and P2, were used. The positions were equally spaced between
the maximum (P-2) and minimum (P2) height, corresponding to the lowest and highest pressure
levels, respectively. Position PO is the medium height used for all other measurements reported here.

3.2.3.2 Quantification of optical properties

An acquisition campaign was conducted on the whole phantom set using the srDRS

device for quantitative comparison with optical properties measured by SFDI. Phantom R1
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was used as calibration phantom for both systems. Note that all phantom properties were
measured on the same day with the srDRS device, while SFDI characterization was
conducted progressively up to three months before the srTDRS measurement campaigns. We
thereby considered that phantom properties had kept stable during that time period. Results
are show in Fig. 3-15. Error bars were calculated as the standard deviations between different
measurements of the same phantom. Close agreement was obtained between SFDI and
srDRS systems for the quantification of reduced scattering coefficients, with a calculated
correlation coefficient Rz = 0.983. The average relative error in measured ps’ was 3.3+3.0%.
In comparison, large discrepancies reaching up to 300% were observed in Ha estimates,
potentially indicating the presence of uncorrected systematic errors in sSrDRS measurements.
For a given phantom group, qualitative sensitivity to phantom absorption was obtained, yet
estimated pla Were either over or underestimated depending on phantom groups. In particular,
we noticed that the relative error in absorption coefficients was constant for a fixed ps’, which
is especially visible for groups A, B and D. Recall that ps’ values expected from SFDI were
not constant between phantoms of group C (Fig. 3-9), which explains that the previous
observation does not hold for this group. Further analysis of the relation between the

scattering level of phantoms and the relative error in pa is made in Sec. 3.2.3.3.
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Fig. 3-15 Comparison between optical properties measured with SFDI (black line) and the wearable
srDRS system after glass removal. (a) Absorption coefficients. (b) Reduced scattering coefficients.
(Top) absolute properties. (Middle) Absolute error. (Bottom) Relative error.
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The impact of the considered index coupling condition between the PDMS (having
refractive index n = 1.4) and sensor was evaluated. Two conditions were compared, either
corresponding to (1) a perfect optical coupling between the PDMS phantom and the FOP
(having a refractive index n = 1.5) or (2) the presence of a thin air layer (n = 1) between the
phantom and sensor. Corresponding estimates of optical properties are provided in Fig. 3-16.
A significant influence of the considered index coupling condition was observed for both
optical properties. In particular, condition (1) leads to inaccurate estimation of s’ coefficients
for highly scattering phantoms. Considering the spatially-dependent sensitivity of the diffuse
reflectance to optical properties (see Fig. 2-6), possible errors in the quantification of ps’
coefficients likely generate errors in measured Ha. In consequence, condition (2) was used in
all calculations of theoretical reflectance. This condition was also preferred as it best
corresponds to what should be expected from a physical point of view. Indeed, achieving a
perfect optical coupling between the sensor and phantoms was improbable due to the surface

rugosity of phantoms.
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Fig. 3-16 Comparison between two measured absorption (a) and reduced scattering (b) coefficients

when considering n = 1 (red) or n = 1.5 (blue) in the exterior medium. The comparison was made on

phantoms from groups A, B and C (circles) as well as groups D and E (triangles). Phantom R1 was
used for calibration of the instrument.

We considered the possibility that the modifications of the srDRS sensor structure
developed in Chapter 2, especially concerning the removal of the protective glass window,
might have significant impact on measured properties. Prior to the experiments campaign
conducted at ICube on the whole phantom set, sSrDRS measurements were made on groups A,

B and C before and after removal of the glass lid. Note that for this study, phantom B1 was
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used for calibration of the system. Estimated properties considering the two sensor structures
are shown in Fig. 3-17. Overall, the same disagreement between srDRS and SFDI optical
property estimates was observed in both cases. A close match between measured properties
before and after removal of the glass window could be seen for groups B and C. However,
results show significant discrepancies between the two sensor structures for measured pla of
group A. For this group, reduced scattering coefficients measured before and after removal of
the glass lid did not deviate by more than 1.1 cm™. Yet, pa estimates may show higher
sensitivity to measured ps’ values for low scattering levels, possibly generating larger
discrepancies than for other groups. Further acquisitions should be made in future work to
conduct an extensive study of the influence of the glass lid on srDRS measurements, which
may not be limited to blurring effects.
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Fig. 3-17 Comparison between optical properties measured with the wearable srDRS device before
(upward-pointing triangles) and after (circles) removal of the glass lid. Phantom B1 was used for
calibration. Note that phantom B5 was not considered due to poor SNR when employing the srDRS
device with glass lid protection.
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(a) (b)
Fig. 3-18 Raw reflectance images of the rough (a) and flat (b) faces of phantom B1.

Additionally, optical properties measured on either the rough or flat face of phantoms
were compared. Recall that SFDI measurements were made on the rough surface of phantoms
so as to limit specular reflections. In contact sSrtDRS measurements, the surface of the medium
induces different optical coupling conditions depending on its rugosity, which may generate
errors in measured properties compared to the noncontact modality of SFDI. Besides,
aggregates of nigrosin and TiO2 particles remained due to imperfections of dissolution and
mixing processes during phantom fabrication. It is probable that these aggregates migrated
toward the rough face of phantoms since this face was molded at the bottom of mixtures. This
possibly generated local heterogeneities in phantom properties close to the rough face that
were not present on the flat face of phantoms. We determined from binocular microscope
observations that these aggregates have a diameter of up to 30 um for nigrosin and 100 um
for TiO2. Nigrosin aggregates at the phantom surface are especially visible in images
recorded with the wearable srDRS device after removal of the glass lid, as shown in Fig.
3-18. The influence of these heterogeneities, as well as the potential difference in phantom
properties between the flat and rough sides due to sedimentation of TiO2 and nigrosin, was
thereby investigated. The results are displayed in Fig. 3-19. We observed no major
differences (typically less than 10%) between properties measured on different sides of
phantoms in comparison with the discrepancies between srDRS and SFDI estimates of
absorption coefficients.
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Fig. 3-19 Comparison between measurements performed on the rough (circles) or flat (downward-
pointing triangles) surface of phantoms. Phantom B1 was used for calibration of the srDRS device.

3.2.3.3 Scaling of measured absorption coefficients

Fig. 3-15 shows that the relative discrepancy in absorption coefficients measured with the
srDRS device and SFDI system was nearly constant for a fixed scattering level of phantoms.
Furthermore, results suggest the existence of a linear correlation between observed
differences and the scattering coefficient of phantoms, which may be exploited for correction
of the measured absorption coefficients. Fig. 3-20 displays the relative error in pa as a
function of ps’ estimated by the srDRS device. Linear fitting of this data was performed to
extract an empirical scaling relation between initially measured and expected absorption
coefficients (Eqs (3-2) and (3-3)). A relatively poor correlation coefficient R? = 0.814
between measured and fitted data was observed, indicating that measurements were likely
affected by other unmodeled biases. However, using the extracted scaling relation on
measured Ha enabled to obtain consistent results between srDRS and SFDI systems for most
phantoms. We calculated a correlation coefficient R2 = 0.965 between expected and scaled a,
with an average discrepancy of 12.9+14.3%. This scaling method is however sensitive to
incorrect estimation of ps’, which notably explains the remaining large deviations in pa for
group B, Us’ estimates being less accurate for this group. Additionally, poor correction of pa
estimates was obtained at low absorption levels (typically below 0.5 cm™), for which the
linear correlation between relative pa errors and measured s’ was less evident.

Fig. 3-15 also confirms that errors should be minimal when the scattering coefficients of
the calibration phantom and analyzed medium are the same, as has been pointed out by
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several authors.!#"15! |n fact, the fitted line cuts the horizontal axis close to the ps’ value
corresponding to the scattering level of the calibration phantom. As a perspective,
improvement of the calibration protocol of the developed srDRS systems may be achieved by
using a set of multiple calibration phantoms at varying ps’. Alternatively, the proposed
scaling method provides a calibration approach based on a single phantom measurement. In

future work, its applicability should be established on a larger set of data.
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Fig. 3-20 Relation between relative errors in measured pa and reduced scattering coefficients of
phantoms. The best linear fit (red line) was calculated.
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Fig. 3-21 Scaling of absorption coefficients measured with the srDRS device toward expected values.
() Absolute pa. (b) Absolute (top) and relative (bottom) errors between scaled and expected .

3.2.4 Discussion

Results showed the ability of the wearable srDRS system to provide accurate quantitative s’
estimates of tissue-simulating PDMS phantoms characterized by SFDI. Yet, poor correlation
was observed between absorption coefficients measured by the two systems, suggesting the
existence of important measurement biases that were not accounted for.

Several potential sources of errors have been investigated, including the removal of the
glass lid and coupling of the FOP onto the pixels, or the measurement side and surface state
of phantoms. For these, no major differences were observed. Comparison between different
modeling of sensor-phantom coupling was conducted. Relatively significant differences were
observed, highlighting the sensitivity of our method to coupling, notably concerning the
measurement of scattering properties. However, none of the proposed approaches provided

accurate quantification of phantoms absorption. In future studies, use of a contact gel may be
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investigated to ensure control of the sensor-phantom coupling conditions. For this,
implementation of the sensor with more robust, antiseptic-resistant materials should be
considered.

We noticed that the quantification error in absorption may be related to the difference in
scattering levels between the calibration phantom and the analyzed medium, as it was
observed in previous studies.*"*>! In order to account for this bias, we analyzed further these
discrepancy between SFDI and our system. As a first approximation, a linear modeling of the
correlation between relative error in pa and ps’ coefficients of phantoms was considered,
which provided the possibility to scale the measured pa to the expected values obtained from
SFDI. An important decrease in quantification error was observed, yet the poor correlation
coefficient between the measured data and linear fit suggests that measurement biases
remained that could not be accounted for in this way. Additional experiments should be
carried out to confirm the observed trend.

The observed errors were also likely related to limitations of our calibration method.
Since instrument calibration was based on a single phantom measurement, instabilities in the
calibration measurement may induce large differences in measured optical parameters,
especially when considering properties distant from the ones of the calibration phantom (i.e.
for high pa and ps’). Furthermore, the validity of the method depends on accurate
characterization of the input beam. In theoretical reflectance calculations, simplifications
were made. Notably, the fiber bundle hexagonal geometry and presence of the surrounding
reflective needle were not modeled.

Several authors proposed the use of multiple reference phantoms to increase the
robustness of instrument calibration and accuracy of measured optical properties.t3147
Notably, results discussed in Sec. 3.2.3.2 suggest that a set of calibration phantoms with
varying Us’ and constant pa (such as group E) may provide a quantification of absorption
coefficients consistent with the results obtained from SFDI. Such calibration protocol could
be further simplified by exploiting the empirical scaling relation derived in Sec. 3.2.3.3, for
which a single calibration phantom measurement is needed. However, derivation of the
scaling relation on an extended data set would be necessary to validate this approach.
Alternatively, use of a calibration phantom measurement for calculation of the Fourier
domain instrument response function (IRF) could be intended, with subsequent
deconvolution of measured data. This method may constitute a more robust approach, notably

because it compensates for imperfections in the modeling of source beam geometry or
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blurring effects. The possibility of applying this approach was investigated by deriving the
Fourier domain IRF of the srDRS device from measurements on PDMS phantoms having
different scattering levels. Measured IRFs showed large discrepancies, especially at low
spatial frequencies (data not shown), which are most sensitive to pa*%” We thereby concluded
that possible sources of errors remained which could not be accounted for using such
approach.

Limitations of the developed srDRS device in terms of accessible SDS range should also
be discussed. Accurate quantification of optical properties requires that the diffuse reflectance
be detected at short SDS, as it has been pointed out in Chapter 2. In the present study, only
SDS larger than 690 um could be exploited, possibly generating errors in optical property
measurements. The access to shorter SDS was notably limited by the use of a bundle instead
of a single fiber to achieve sufficiently efficient optical coupling with the LED source, the
necessity of inserting this bundle into a metallic needle and the presence of chamfering
(having a thickness of 90 microns) on FOP sides. In order to overcome these limitations,
further optimization of the sensor architecture to integrate sources in closer proximity to the
imaging area may be intended.

Finally, our study lies upon the characterization of phantom properties by SFDI to
validate the performance of the developed srDRS device. However, concerns might be raised
by intrinsic differences between the two approaches. Notably, SFDI measurements were
based on the use of two spatial frequencies (0 and 0.2 cm™), possibly leading to inconsistent
sensitivity to optical parameters compared with the high resolution imaging method of the
srDRS device. Furthermore, quantitative comparison between the contact imaging modality
of srDRS and remote imaging approach of SFDI might be hindered by potential effects of
sensor-phantom coupling. Additionally, the sensitivity of SFDI to specular reflections,
possibly leading to incorrect separation of volume and surface scattering, should be
considered. 168

The present study is overall limited by the current lack of universal referencing procedure
of phantom properties, which is why further characterization of these properties using a time-

resolved DRS system has been engaged by co-workers at Politecnico di Milano (Milan,

Italy).
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3.3 Conclusion

The srDRS sensor architecture specified in Chapter 2 was implemented into a wearable, high
resolution contact imaging system for measurements of tissue optical properties in vivo. In
order to overcome the limitations of the previously developed prototype concerning blurring
in images, removal of the sensor protective glass window and permanent bonding of the
fiber-optic plate with pixels were performed. With this optimized implementation, the spatial
resolution of imaging was increased by a factor of 50, enabling the detection of details as
sharp as 9.8 um and thereby providing a high potential for the analysis of layered media. The
performance of the system for quantitative characterization of the optical properties of solid
homogeneous media was evaluated. In order to conduct this study, a protocol for the
manufacturing of PDMS phantoms was developed in collaboration with the laboratoire 1Cube
in Strasbourg. Reference optical properties of these phantoms at 665 nm were obtained from
a Spatial Frequency Domain Imaging system developed at 1Cube and compared with the
properties measured using the srDRS prototype at 660 Snm. Results demonstrate the ability
of the srDRS device to accurately determine the reduced scattering coefficient of phantoms,
with an average error of 3.3+3.0%. However, measured absorption coefficients showed large
discrepancies between instruments, possibly indicating the presence of uncorrected
systematic errors in sSrDRS measurements. By noticing a clear correlation between observed
errors and scattering levels of phantoms, a scaling relation for correction of measured
absorption coefficients was proposed. This empirical calibration method solely relies on
SsrDRS readings and may be used without a priori knowledge of phantom scattering
properties. Scaled absorption coefficients showed dramatically improved agreement with
expected values, with an average discrepancy of 12.9+14.3% between instruments. Extended
studies should be performed for further validation of the system combined with the proposed

scaling method, as well as improvement of our calibration protocol.
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Chapter 4

L_ow-cost, wearable srDRS system for
skin condition diagnosis: evaluation
for in vivo tissue oxygenation

monitoring
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In this chapter, we investigate the potential of our approach for the continuous monitoring
of tissue oxygenation toward post-operative assessment of superficial flaps viability. In vivo
comparative experiments are conducted using the wearable srDRS system presented in
Chapter 3 and a real-time SFDI acquisition method, referred to as SSOP (for Single Snapshot
of Optical Properties), developed at ICube. The SSOP method has been described in detail by
Vervandier et al.'’* Sec. 4.1 provides a brief introduction to the problematic of free tissue
transfer. Then, experiments performed with the wearable srDRS device and the SSOP method
are described (Sec. 4.2). Finally, results are presented and the potential our approach for the

assessment of free flaps viability is discussed (Secs. 4.3 and 4.4).

4.1 Introduction

First introduced in the late 1950s,'72 free tissue transfer is today a common procedure for
reconstructive surgery after trauma or cancer. This technique consists in the removal of a
tissue portion from a healthy donor site and transfer of this tissue onto an injured receiver site
for reconstruction purposes. Survival of the flap lies upon efficient anastomosis of the blood
vessels to provide the necessary oxygen and nutrients to the tissue. Although the reliability of
free flap surgery has improved over the years, with success rates exceeding 95% in recent
reviews,'31" vascular occlusion remains a significant risk (6-25% of skin flaps'’>1’®). In this
eventuality, survival of the compromised flap depends on early detection of the
microvascular disorder in order to attempt surgical salvaging procedure with high chances of
success. The first 48h of postoperative recovery (corresponding to the interval in which
thrombosis happens for 80% of patients!’’) are the most critical and require regular
monitoring of the flap viability to maximize the probability of successful flap salvaging.!’
Late detection of flap thrombosis implies a return to the operation room, leading to increased
morbidity, recovery time and cost.

Current methods for the monitoring of flaps viability have been reviewed by Smit et al.*"®
The most standard of care include clinical assessment of skin color, turgor and temperature.
Skin color and turgor assessments are commonly achieved by visual observation and
palpation, making them dependent on the experience and subjectivity of the clinician.
Another important shortcoming of this approach is its poor reliability when considering
superficial flaps with darker skin tones, for which successful and compromised flaps show

similar aspects. Alternatively, temperature assessment of the flap is possible but is sensitive

157



to uncontrolled temperature room, heat produced by the sensor, motion and positioning of the
thermometer. These methods however have the advantage to be inexpensive and non-
invasive.

Near Infrared Spectroscopy (NIRS) has been well established as an efficient tool to
monitor the viability of flaps in both per and post-operative periods.'® The technique relies
on the spectral dependence of light attenuation in the medium to measure the tissue oxygen
saturation (StO2), which is accepted as a relevant metrics to assess the viability of tissue in
the region of measurements. NIRS provides quantitative information about the tissue status
with high reliability compared to standard techniques and is able to detect flap failure prior to
the onset of conventional clinical signs. Another critical advantage is that NIRS is adequate
for both superficial and buried flaps monitoring up to 20 mm in depth. However, NIRS still
has several limitations, notably related to elevated costs (~20 000$ for current commercial
systems) and concerns about the reliability of oxygenation readings in dark pigmented
skin.181

Current research activities notably concern the reduction of the cost and footprint of
NIRS systems to facilitate their use in clinical routine as well as the development of hardware
and software tools to provide consistent readings among different phenotypes (age, gender,
pigmentation).’®2-187 We believe that our approach has significant potential to address these
issues. The basic architecture proposed in Chapter 2 may be implemented into low-cost,
compact systems providing passive oxygenation monitoring at a high rate and without
intervention of the medical staff, thereby optimizing the chances of flap survival while
reducing costs and impact on the hospital workflow. Most current wearable sensors measure
the pulsed oxygen saturation (SpOz), which is representative only of the arterial oxygenation.
Conversely, a system based on our approach may be sensitive to the total oxygenation of
tissue, and thereby provide more reliable identification of the origin of flap failure.
Moreover, the high resolution of imaging provided by a multi-pixel sensor may be exploited
to address the layer specific tissue analysis, with a potential to correct oxygenation readings
from the influence of epidermal pigmentation.
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4.2 Materials and methods

4.2.1 Experiments

In order to evaluate the sensitivity of the device to tissue oxygenation changes, an arm cuff
occlusion protocol was conducted, as proposed in several studies.®*818 A five minutes
venous occlusion of the left arm of a healthy volunteer was performed using an arm cuff set
at 80 mmHg pressure. Continuous monitoring of tissue optical properties was carried out on
the volar forearm using the srDRS and SSOP systems simultaneously. The volunteer was
asked to stay still during the whole procedure, with the arm laid on an optical table in the
Field-OF-View (FOV) of the SSOP system. Control of the acquisitions as well as manual

pumping and release of the arm cuff were ensured by a secondary operator.
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Fig. 4-1 In vivo oxygenation measurement. The arm of a healthy volunteer was placed in the FOV of
the SSOP system (dotted rectangle). The wearable srDRS system was positioned on the inner forearm
outside of the SSOP illumination field to avoid parasite light signals. Attachment of the srDRS system

on the arm was performed using a fixation ring and medical adhesive tapes.

Continuous measurement of tissue optical properties was performed using the srDRS
device and the SSOP system throughout the occlusion. Diffuse reflectance acquisitions were
carried out for about 20 min, starting 6 min before the beginning of the occlusion (baseline)
and going on for another 6 min after release of pressure (recovery).

The srDRS system was placed on the inner forearm of the volunteer using the fixation
ring described in Sec. 3.1.1.1. The ring was first placed on the tissue surface (Fig. 4-1(a)).
Standard medical adhesive tapes provided a strong attachment of the fixation ring. The
srDRS device was then inserted through the ring and set with a screw to ensure a stable level

of pressure applied to the tissue during the experiment (Fig. 4-1(b)). Note that the srDRS
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system had to be placed away from the SSOP imaging area (about 5 cm) to avoid
perturbations caused by the SSOP illumination.

Acquisitions were controlled via a LabVIEW interface. Immediately before the
experiment, preparation of the acquisition settings (including LED currents and exposure
time sequences) was done by the operator with the device attached to the volunteer. Upon
starting the experiment by the operator, automated diffuse reflectance acquisitions were
continuously repeated at three wavelengths (515, 611 and 660 nm). Note that only the sources
with vertical illumination were used. Sources were turned on sequentially, starting with the
515 nm LED and ending with the 660 nm LED. For each LED, consecutive images were
recorded using two exposure times (typically ranging from 1 to 100 ms depending on the
considered LED) for SNR optimization. Using this procedure, three wavelengths diffuse
reflectance acquisitions were made every 14 s.

Immediately after the experiment, measurements were performed on phantom R1 for
calibration of the device. Additionally, a Lambertian flat-field image was recorded using the
methodology described in Sec. 3.1.2 for later use in data processing.

4.2.2 Data processing

4.2.2.1 Extraction of optical properties

Processing of diffuse reflectance images recorded by the srDRS system followed the steps
detailed in Sec. 3.2.2.2.

Calibration of the srDRS device followed the approach described in Sec. 2.3.2.3.
Absorption and reduced scattering coefficients of phantom R1 were only available at 665 and
860 nm. In order to calibrate the srDRS device, properties of this phantom were extrapolated
to 660, 611 and 515 nm.

Scattering spectra of TiO2-based PDMS phantoms have been measured by several
authors, showing a nearly linear behavior in the [500-900] nm range.62165166 Therefore,
linear extrapolation using the values of ps” available at 665 and 860 nm was used to calculate
the reduced scattering coefficient of the calibration phantom at 511, 615 and 660 nm.

Extrapolation of pa coefficients was based on spectra measured with a srDRS fiber-optic
probe previously developed at CEA.®® This approach was preferred to transmission
spectrophotometry measurements in nigrosin alcoholic solutions (Ng-EtOH), notably because

the latter does not take account on possible changes occurring upon mixing of Ng-EtOH
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solutions with PDMS and TiO2. Diffuse reflectance spectra were acquired on a PDMS
phantom and scaled to the absorption coefficient of phantom R1 available at 665 nm. Note
that probe measurements were made on phantom B1 because of its relatively close properties
to the ones of phantom R1 (which was not available at CEA). The measured spectrum was

then scaled to the absorption coefficient of phantom R1 at 665 nm using Eq. (4-1):

Ha,probe (1) — Haprobe (665 nm)) (4-1)

) = 665 X1+
.Ua,extrap( ) ﬂa,ref( nm) ( Ha,probe (665 nm))

where i, .. ¢ is the known absorption coefficient of the calibration phantom at 665 nm (Ja
=0.117 cm™), Ua,probe 1S the absorption coefficient of phantom B1 as measured by the fiber-
optic probe and i, exerqp IS the extrapolated absorption coefficient of phantom R1. The
extrapolated spectrum is shown in Fig. 4-2. Values of extrapolated pa and ps’ of the

calibration phantom are provided in Tab. 4-1.
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Fig. 4-2 Extrapolation of the calibration phantom absorption coefficient. The black line is the
extrapolated absorption spectrum obtained from srDRS fiber-optic probe measurements. Extrapolated
Ma at 515nm, 611nm and 660nm are displayed as red circles along with the known L, at 665 nm.

Wavelength (nm) 515 611 660 665 860

u,(cm™1) 0.172 0.151 0123 0.117  0.207

pi(cm™1) 1315 1166 10.90 10.83 7.80

Tab. 4-1 Properties of the calibration phantom (R1). Properties at 515, 611 and 660 nm were
calculated from linear extrapolation for s’ and fiber-optic probe measurements for pla.

Using the methodology described in Sec. 2.3.2.3, diffuse reflectance measurements on the
calibration phantom at 515, 611 and 660 nm were used to calculate the corresponding scaling

factors between measured and theoretical profiles. Note that the same LUT was employed for
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calibration of the instrument and extraction of skin optical properties, with n=1.4 and g=0.8,

as was done for SSOP.
4.2.2.2 Derivation of the tissue oxygen saturation (StO>)

The measured spectrally resolved optical properties were exploited to measure the relative
concentration of oxy and deoxygenated blood in tissue, which is represented by the tissue
oxygen saturation (StO2) according to the following relation:

C C
S = oxy _ _oxy (4_2)
Coxy + Cdeoxy Cblood

where S, Coxy, Caeoxy @Nd Cpyo0q are the StO2 and concentrations of oxy, deoxy and total
blood concentration, respectively. Note that the contribution of other hemoglobin species
such as carboxyhemoglobin and methemoglobin has been neglected. Considering only the
contribution of blood to skin absorption, the absorption coefficient u, of the tissue is
expressed as:®

Ug(A) =S X .ua,oxy(/l) +(1-5)x .ua,deoxy(/l) (4-3)

with
ﬂa,oxy(/n = 11’1(10) Cblood X goxy(l) (4'4)
.“a,deoxy(/l) = 1In(10) Cpippa X gdeoxy(/l) (4-5)

In Egs. (4-4) and (4-5), &,xy and 4.0y are the tabulated molar extinction coefficients of
oxy and deoxyhemoglobin.°

Using Eqg. (4-3), the tissue oxygenation saturation can be derived from a simple formula
based on the difference between absorption coefficients measured at two wavelengths 4; and
Ay

A.ua - A.ua,deoxy

S =
A.ua,oxy - A.ua,deoxy

(4-6)

Where the operator A applies the difference between the considered absorption coefficient
at wavelengths A, and A,. Absorption coefficients measured by the srDRS device and SSOP
method were used to calculate the tissue oxygenation saturation throughout the occlusion. For
SSOP, Eg. (4-6) was employed with the measured skin absorption at 665 and 860 nm. For

srDRS, absorption coefficients measured at 611 and 660 nm were considered.
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A blood volume fraction B of 4% was assumed, in close agreement with values reported
by other authors.'1:1%2 Considering an average mass concentration of hemoglobin in blood of

150 g.L™%, the corresponding blood concentration C,,;,,4 Was equal to 93 uM.°

4.3 Results

4.3.1 Measurement repeatability

In order to estimate the repeatability of srDRS measurements in vivo, consecutive
acquisitions were made on the volar forearm of a volunteer. Between acquisitions, the sSrDRS
device was removed and inserted back in the fixation ring. In order to isolate the effect of the
contact between the skin and sensor, the position of the fixation ring was not modified.
Results are shown in Fig. 4-3 and Fig. 4-4. The standard deviation between measured
reflectance signals did not exceed 3% of the average value over the SDS range considered for
optical property calculations. Measured optical properties were however sensitive to different
placements of the sensor. The calculated standard deviation between measured optical
properties reached 16.6% of the mean value (0.157 cm™) for pa and 2.8% of the mean value
(18.7 cmY) for ps’.
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Fig. 4-3 Repeatability of reflectance profiles measured at 660nm. Nine consecutive reflectance
measurements were performed. Between measurements, the srDRS device was removed and placed
again in the fixation ring. The position of the fixation ring on tissue did not change between
acquisitions. (a) Deviation of reflectance signals from the mean value (one color per measurement).
(b) Standard deviation between measurements.
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Fig. 4-4 Repeatability of (a) absorption and (b) reduced scattering coefficients measured at 660 nm.
Optical properties of tissue were calculated from nine consecutive reflectance measurements were
performed. Between measurements, the srDRS device was removed and placed again in the fixation
ring. The position of the fixation ring on tissue did not change between acquisitions. Deviation of
measured properties from the mean value are provided in (top) absolute and (bottom) relative unit.
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Phantom R1 was used for calibration of the device.
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4.3.2 Optical properties
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Fig. 4-5 Measured absorption (a) and reduced scattering (b) coefficients. Error bars correspond to
standard deviations between properties calculated from different calibration phantom measurements.
Absorption and reduced scattering coefficients measured by the srDRS system and the SSOP
method during the occlusion experiment are displayed in Fig. 4-5 and Fig. 4-6. Two-
dimensional maps of optical properties were obtained from SSOP. SSOP absorption and
reduced scattering coefficients were averaged over a small Region-Of-Interest (ROI) located
close to the upper arm and away from most visible heterogeneities, notably veins (see Fig.
4-T7). The expected progressive increase in absorption during cuff occlusion was detected at
all wavelengths, with a fast return to the baseline values upon cuff release. Oppositely,
measured reduced scattering coefficients remained overall stable during the whole

experiment, with minor changes (less than 10%) observed during the occlusion.

Results show important inconsistencies between the srDRS and SSOP data at 660 and
665 nm, respectively. The srDRS system typically overestimated the absorption of the
medium compared to SSOP, as was observed in phantom experiments (Sec. 3.2), with
baseline values of 0.23 cm™ for srDRS and 0.05 cm™ for SSOP. Over the whole FOV of
SSOP baseline images (Fig. 4-7) measured pa typically varied between 0.01 cm™ to 0.1 cm™
depending on the ROI. After applying the scaling formula derived in Sec. 3.2.3.3 to measured
Ma, @ closer agreement was observed between SSOP and srDRS results, the absorption
measured with srDRS falling down to 0.11 cm™. However, measured ps’ in vivo were
significantly different between the srDRS system and SSOP. Although the expected
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qualitative dependence of ps’ to wavelength was observed, scattering properties of the tissue
measured by srDRS were strongly overestimated compared to SSOP results, conversely to

what was observed in phantom experiments.

0.5

0 5 10 15
time (min)

Fig. 4-6 Measured (blue) and scaled (red) . at 660 nm along with the SSOP measurement at 665 nm.
Error bars correspond to standard deviations between properties calculated from different calibration
phantom measurements.
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Fig. 4-7 Results from Single Snapshot of Optical Properties (SSOP) at 665 and 860 nm. (a) SSOP raw

image. The forearm of the volunteer was illuminated by a sinusoidal light pattern with 0.2 cm™ spatial

frequency. (b) Optical properties maps. Ha and ps’ values were averaged over the ROI highlighted by
the red rectangles.
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4.3.3 Tissue oxygen saturation

Measured pa were exploited to derive the tissue oxygen saturation as described in Sec.
4.2.2.2. Results are displayed in Fig. 4-8. The occlusion was efficiently detected by the two
instruments, with a smooth decrease of StO2 throughout the occlusion, and quick return to the
baseline value upon cuff release. During baseline and recovery, stable readings were obtained
with both srDRS and SSOP. However, a continuous drop of StO2 was observed in srDRS
data, reaching up to 7% (relatively to the initial value) at the end of the acquisition. This
small, progressive decrease can be understood from the absorption coefficient readings
displayed in Fig. 4-5(a). Indeed, a comparable decrease was observed for absorption at
660nm (up to 16% relative variation), while the signal measured at 611nm remained stable
(less than 2% relative variation). Conversely, StO2 readings obtained from SSOP did not
show significant change between baseline and recovery (less than 2% relative variation).
Quantitatively, srDRS and SSOP readings exhibit large differences. A baseline saturation
of 74% was measured with SSOP, with a maximum decrease to 62% immediately before cuff
release. For srDRS, high saturation levels were observed during baseline and recovery,
ranging from 90 to 83%, while a large drop was detected during occlusion, saturation levels
falling down to 22%. Both relative and absolute StO2 changes were dramatically larger than

changes observed with SSOP, showing strong disagreement between the devices.
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Fig. 4-8 Measured tissue oxygen saturation (StO-) during the cuff occlusion experiment. Error bars
correspond to standard deviations between properties calculated from different calibration phantom
measurements. Error bars correspond to the standard deviation between readings obtained using three
different measurements of the calibration phantom.

4.4 Discussion

In recent years, the potential of diffuse optical imaging methods to provide physiologically
relevant information about the tissue status for diagnosis and therapeutic purposes has been
well established. However, the implementation of these techniques into clinical devices
remains a challenging task, which is still the object of active research. Translation of a
technology into the hospital not only depends on its ability to provide reliable and precise
information to the clinician, but also to its potential for efficient integration into the clinical
workflow. These requirements have naturally led to the implementation of diffuse optical
imaging technologies into handheld or wearable systems based on a contact measurement
modalities, facilitating their use in routine clinical practice,9:608°87.88.95,96,127,182-184,193

In this context, we evaluated the potential of the architecture introduced in Chapter 2 for
the monitoring of tissue oxygenation using a wearable contact imaging system. The

shortcomings of the contact imaging modality are well-known and principally related to
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difficulties in controlling the coupling between the measurement device and tissue and its
impact on the measured properties. Notably, several authors reported that measured
properties are sensitive to the pressure applied by the sensor on the probed tissue portion due
to the induced local changes in the tissue physiology.17%1%41% The measurement repeatability
associated with the developed srDRS device was assessed. Judging by the deviation between
optical properties measured upon consecutive removals and placements of the device into the
fixation ring, our approach provided a relatively fair reproducibility of measurement
conditions. We observed that the estimated reduced scattering coefficient was poorly
sensitive to different sensor-tissue couplings. However; measured Ha varied significantly
between measurements. This preliminary study provides an insight of the system’s sensitivity
to optical properties change in tissue. Further evaluation of the impact of the observed
deviations on physiologically relevant parameters should be intended in future work, as well
as comparison of these parameters between different body sites.

A comparison between optical properties and tissue oxygenation readings obtained from
the developed srDRS device and a reference measurement technique (SSOP) was made by
conducting an arm cuff occlusion experiment. Overall, this study demonstrates the ability of
the system to provide stable readings in vivo and detect qualitative physiological changes.
However, large discrepancies were observed between optical properties measured by srDRS
and by the SSOP reference system, although estimates from both instruments lie in the range
of reported values in vivo.*3591%-19 Apsorption coefficients provided by srDRS were
typically overestimated compared to SSOP readings. Using the scaling relation derived in
Sec. 3.2.3.3. yielded closer consistency between measured coefficients. Caution should
however be taken in further quantitative comparison between measured absorption levels
considering the large variation range of pa across the SSOP field-of-view. Moreover, effects
of contact coupling between the srDRS device and tissue may provoke local changes in tissue
properties which are invisible to the noncontact modality of SSOP. Measured scattering
coefficients from the two systems showed significant discrepancies as well. These
discrepancies may not be explained by the variability of scattering with body site since ps’
coefficient showed only small variations across SSOP maps. However, quantitative
comparison is again made hazardous by the potential effect of contact with tissue.

Reduced scattering coefficients measured by srDRS showed relatively low sensitivity
(overall less than 10% changes) to the occlusion compared to the neat change detected in

absorption. This may suggest that efficient separation of the contribution of these properties
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to measured data was achieved. However, such conclusion should not be made without a
more complete validation of the device on controlled media. Although the ability of our
system to accurately estimate the reduced scattering coefficients of PDMS phantoms was
established at 660 nm, the reliability of ps’ coefficients measured at 611 nm was not
demonstrated. For the same reason, use of the empirical calibration protocol proposed in Sec.
3.2.3.3 to correct the absorption coefficients measured at 611 nm was not intended.

Observed saturation readings demonstrate the ability of the developed srDRS device to
detect oxygenation changes in tissue. A low pressure (80 mmHg) arm cuff occlusion was
applied on the arm of a healthy volunteer to generate a venous occlusion. The induced
smooth saturation decrease was detected by both the srDRS and SSOP systems. Readings
obtained from SSOP are consistent with saturation levels observed in previous studies.*?%
Typical saturation levels reported in these studies fall within the [70-80] % range during
baseline, while not falling below 50% during few minutes occlusions, which validates the use
of SSOP as a reference instrument in this study. In contrast, saturation levels measured by the
srDRS system were different in comparison to the expected values. Potential observed errors
in saturation signals are possibly related to the limitations of our system, which have been
discussed in Sec. 3.2.4, as well as imperfections of the skin tissue model used in this study.
As a preliminary investigation, we chose to use a simple approach for derivation of the tissue
saturation based on Eg. (4-6). This equation notably lies upon the assumption that the
difference in absorption levels measured at the considered wavelengths ([611; 660] nm for
srDRS and [665; 860] nm for SSOP) are exclusively sensitive to the relative concentrations
of oxy and deoxygenated blood in tissue, thereby neglecting the possible contribution of
background absorption from other molecular species encountered in skin (such as melanin,
water, lipids...). Eq. (4-6) holds when the tissue background absorption is either negligible or
cancels out in the difference between absorption coefficients measured at the considered
wavelengths, making the choice of the source wavelengths critical. Guidelines for optimal
wavelengths selection toward tissue hemodynamics measurements have been provided by
several authors.?°22 When employing two sources, wavelengths in the [650-750] nm and
[850-950] nm ranges typically provide the best combination for accurate monitoring of tissue
oxygenation. However, the selection of sources in our srDRS prototype was primarily
motivated by the dimensions and output power of LEDs, as well as low sensitivity of the
CMOS camera in the near-infrared domain. Small surface mounted LEDs with a 1608

packaging had be employed to ensure sufficiently close proximity of the illumination center
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to the first detection point. This was notably necessary for efficient separation of absorption
and scattering influence on measured reflectance profiles, as discussed in Chapter 2. The low
availability of LEDs capable of fulfilling this requirement while having sufficient output
power and emission wavelength in the [660-850] nm range made the implementation of a
fully optimized device difficult. Future work should notably be dedicated to the adaptation of
the proposed design to integration of sources with an optimal wavelengths combination.
Based on previously published studies,?¢793203 adjustments of our skin model to take
account for background absorption by unconsidered molecular species (in particular melanin)
having an impact on measured properties may be intended. The development of such model
however requires further validation of the system at 611nm and 515nm. Such validation may
be carried out through phantom experiments in order to confirm the ability of the device to
provide accurate Us” estimates at all wavelengths and validate the scaling relation proposed in
Chapter 3.

4.5 Conclusion

The potential of our approach for the monitoring of superficial flaps viability during post-
operative recovery was evaluated. In vivo experiments were conducted on a healthy volunteer
to assess the system’s performance in terms of repeatability and stability of measured signals
as well as sensitivity to physiological changes. A failing flap was emulated by an arm cuff
occlusion performed on a healthy volunteer. Optical properties were continuously monitored
using the developed srDRS system and a real-time SFDI system used as a reference system.
Overall, the ability of the wearable srDRS prototype to provide stable readings upon
attachment onto the tissue was demonstrated. Measured properties were however sensitive to
different couplings between the sensor and tissue. Average standard deviations between
optical properties measured upon different placements of the device were estimated to 16.6%
for pa and 3% for ps’. Signals measured during the occlusion experiment were consistent with
the qualitative behavior expected from a venous occlusion. Notably, the progressive decrease
in StO2 upon occlusion and fast return to baseline after pressure release were well detected.
However, the srDRS prototype was unable to provide physiologically acceptable saturation
readings. Possible reasons for this have been discussed in detail in Sec. 4.4. These may
essentially be related to imperfections of the device and calibration protocol. Perspective

studies should focus on the modification of the proposed sensor design toward the integration
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of an optimized set of sources and better controlled sensor-tissue coupling conditions through

the identification of an adequate contact gel and sensor packaging material.
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Chapter 5

Summary of results and future

directions
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5.1 Results summary

Spatially resolved diffuse reflectance spectroscopy is a powerful tool for quantitative tissue
analysis using cost-effective and compact systems. Its potential to achieve tissue analysis
with layer specificity in contact with the medium has been demonstrated by several
authors.®%20421 However, the low spatial resolution of current fiber-based and photodiode-
base systems limits their ability to detect spatial features of the reflectance on small
footprints, thereby diminishing their potential depth-resolution power.

As a way to overcome the shortcomings of current systems, we proposed an innovative
SrDRS architecture to achieve contact, high resolution imaging of the diffuse reflectance.
Only a few studies have reported on the use of compact silicon photodetectors to collect the
diffuse reflectance in contact with tissue and with high resolution.?*22' While these studies
relied on the development of custom photodiode arrays, we proposed to implement a system
using low-cost, commercially available components including a CMOS image sensor and
light-emitting diodes. The limitations of this approach concerning the access to short SDS
were identified and an instrumental solution to circumvent these limitations was proposed.
This novel srDRS sensor architecture based on the insertion of a fiber-optic plate (FOP)
between the sensor and tissue has led to patent filing.

In order to validate the potential of our approach for the quantitative analysis of turbid
media, a proof-of-concept study was carried out on homogeneous liquid phantoms. This
study confirmed the ability of our system to make accurate quantification of phantoms
absorption and reduced scattering coefficients, which were measured with an average error of
4.2+3.5% and 7.0£4.6%, respectively

Based on these developments, a wearable srDRS prototype designed for in vivo
measurements and analysis of layered media was fabricated. This system comprises a set of
fiber-coupled sources at multiple wavelengths for detection of tissue oxygenation changes in
vivo. One of these sources has been implemented with oblique incidence to enhance the
sensitivity of measured reflectance to shallow depths, thereby increasing the potential of the
system for layer specific tissue analysis. Additionally, removal of the CMOS protective glass
window and bonding of the FOP with the photosensitive area was performed. The resulting
system can detect the diffuse reflectance in contact with tissue with spatial resolution as high

as 9.8 um and over a wide range of source-detector separations (approximately 0.7 to 6.5
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mm). The development of a dedicated Human-Machine-Interface for control and automation
of acquisitions was comprised in this work.

In order to evaluate the performance of our prototype for the analysis of solid materials, a
set of PDMS phantoms has been developed. This work was carried out in collaboration with
the Laboratoire des sciences de 1’Ingénieur, de I’Informatique et de I’'Imagerie (ICube), which
participated in the specification of the protocol for phantom fabrication and characterization
of these phantoms through Spatial Frequency Domain Imaging (SFDI).

Characterization of the developed phantoms was conducted using the SFDI system and
srDRS device at 665 nm and 660 nm, respectively. Considering SFDI as a reference approach
for phantom characterization, the ability of our sensor to accurately measure the reduced
scattering coefficient was demonstrated, with an average error in Us’ estimates not exceeding
3.3+3.0%. However, large deviations were observed between the two instruments concerning
the estimation of absorption coefficients. An empirical calibration method for correction of
measured pa was proposed and validated. Using this procedure, absorption coefficients could
be estimated with an average error of 12.9+14.3% with respect to SFDI reference values.

Finally, in vivo evaluation of the developed system for quantitative monitoring of tissue
oxygenation was engaged. An arm cuff occlusion experiment was conducted to generate a
decrease of oxygen saturation (StO2) in the tissue. A comparison of results obtained with
srDRS and a real-time implementation of SFDI, referred to as Single Snapshot of Optical
Properties (SSOP) was made. The ability of the srDRS system to detect tissue desaturation
was demonstrated. However, an accurate estimation of StO2 baseline level and decrease upon
occlusion was not reached. Possible reasons for this have been discussed and notably concern
the limitations of our calibration protocol and modeling of skin tissue, the sources
wavelengths combination considered for derivation of StO: and potential unmodeled
coupling effects between the sensor and tissue. Future work may notably be dedicated to the
adaptation of the system’s architecture for implementation of an optimal combination of
sources, the improvement of our skin model to account for background absorption from
melanin and other species encountered in skin and the use of contact gel for accurate control

of sensor-tissue coupling.
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5.2 Future directions and perspectives

5.2.1 Analysis of layered media

Perspectives opened by this study notably concern the analysis of layered biological media
using a compact, low cost and potentially wearable srDRS system. Assessment of the ability
of our approach to achieve this goal should be made in future work.

Preliminary validation of the system’s performance necessitates the manufacturing of
tissue-simulating media with well-characterized properties. In our study, we relied on a
reference measurement system (SFDI) for characterization of PDMS phantoms. Concerns
might be raised by this approach, notably because of the non-contact geometry of SFDI
compared to our contact measurement modality and the sensitivity of SFDI readings to
surface specular reflection.'®® For this reason, independent characterization of the developed
phantoms through contact time-resolved DRS has been engaged at a partner institution
(Politecnico di Milano, Milan, Italy).

Besides, improvement of our protocol for phantom manufacturing may also be
considered. Notably, accurate control of the properties of these phantoms through modulation
of TiO2 and nigrosin concentrations was made difficult possibly by the agglomeration of
TiO2 particles and unknown effect of mixing the two compounds in PDMS. For example,
replacement of the TiO2 particles by latex spheres could be considered.?* For enhanced
simulation of skin properties, the use of reconstructed skin models might be investigated.?'®

The manufacturing protocol described in Sec. 3.2.1.2 can be exploited for fabrication of
individual phantoms with varying thicknesses and bonding of these to form multi-layer
media, for example mimicking the epidermal and stromal layers of skin. Independent
characterization of the epithelium and dermis is however a challenging task considering the
small thickness of the epidermis. To address this issue, our developments notably comprised
the integration of a green light source with angled illumination in the srDRS prototype. We
extended the Monte Carlo algorithm to the computation of 3-D reflectance profiles so as to
model this source and Look-Up Tables of theoretical reflectance for both vertical and angled
illumination in a bi-layer medium have been calculated.?®® In future work, these algorithmic
tools may be exploited to specify an adequate inverse model for the analysis of layered tissue.
The use of an angled illumination to enhance the sensitivity to shallow tissue layers was
proposed by several authors.?%6-299216 The effect of an angled source could be verified (Fig.
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5-1 and Fig. 5-2) in simulations and may be validated through phantom experiments in future
studies. Based on the architecture proposed here, inclination of both the source and detector
to target a specific layer underneath the tissue surface (see Fig. 5-3), as proposed by Nieman
et al.?® may also be explored by using a FOP with angled fibers.*® Another promising
approach proposed by Tseng et al.?!” is founded on the insertion of a diffusive layer with
known properties between the sensor and tissue. This approach may also be investigated

using the developed prototype.

05 -04 -03 02 -01 0 01 02 03
y (cm)

Fig. 5-1 Probability of photon visit as a function of (y,z) location in tissue for a2 mm SDS and
different source-detector combinations. (Top) 45° angled source and detector. (Middle) 45° angled
source vertical detector. (Bottom) Vertical source and detector. Arrows show the directions of the

source and detection considered in each simulation. Parameters of the simulation were the following:
n=1.4; 4a = 0.02 cm™; ps = 200 cm™*; g=0.8. A flat circular beam with 105 pm width was considered.
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Fig. 5-2 Effect of the source and detector angles on the rate of photon propagation above various
depths. The visit rate is defined as the sum of photon probabilities of visit over depths smaller than
zZiim normalized by the sum of photon probabilities of visit over all depths. In calculations the limit
depth zjim was equal to 50 um (blue), 100 pum (red), 150 um (orange), 200 um (purple) and 300 um
(green). Parameters of the computation were the same as in Fig. 5-1. Note the increase in visit rate

induced by oblique incidence and the further increase generated by both oblique source and detection.
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Fig. 5-3 Probability of photon visit as a function of (y,z) location in tissue for a 1 mm and SDS 45°
angled source and detector. Photon propagation tends to concentrate in a tissue layer located
underneath and slightly away from the surface. This notably explains the decrease in photon visit rate
observed in Fig. 5-2 at close proximity to the surface.

The previously mentioned solutions have the advantage to be readily implementable for
proof-of-concept studies. However, further miniaturization of srDRS devices and
improvement of the system toward layer specific analysis of tissue may be achieved through

the development of custom sources and detector arrays. For instance, a micro-electronic chip
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comprising LEDs directly integrated within a CMOS-based array of photosensors may be
envisioned. Alternatively, an inversed geometry involving a single photodetector combined
with an array of LEDs could be proposed. In both cases, bonding of the source-detector array
with a fiber-optic plate (FOP), as proposed in this study, may provide both efficient
protection upon coupling with the analyzed medium and high resolution of imaging.

This study was focused on the analysis of skin tissue toward diagnostic applications.
However, our approach may be relevant for applications in the food and cosmetic industries
that require compact, inexpensive and fast characterization tools. The layer-specific analysis
of tissue is notably of great interest in the non-destructive assessment of postharvest

quality?'8219 and the follow-up of skin permeation by biochemical compounds.??°

5.2.2 Clinical trial

A clinical protocol involving the developed srDRS prototype has been proposed in
collaboration with the Institut National de la Santé et de la Recherche Médicale (Inserm) and
the Centre Hospitalier Universitaire (CHU) in Grenoble. The clinical trial is programmed for
the spring of 2019 and will involve a panel of healthy volunteers with varying skin types
subjected to hypoxic air inhalation. In the last months of the PhD program, time has been
dedicated to the preparation of this trial, notably concerning the technical description of the
instrument’s hardware and software as well as the risk analysis. Results from this trial will
provide a valuable set of data that may notably be exploited for the specification of the
adequate skin model on the one hand and inverse algorithm on the other hand toward the

correction of epithelium influence on StO2 readings measured in skin.
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Conclusion
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In recent years, optical imaging methods have proved valuable to assist the clinical in various
diagnostic and therapeutic applications in vivo. The implementation of these methods into
compact, inexpensive tools is of great interest in the current context of strong constraints
associated to the management of health care costs and integration of devices into the hospital
workflow.

We have introduced and validated an innovative approach for tissue analysis based on the
technique known as spatially resolved Diffuse Reflectance Spectroscopy (srDRS). This
approach lies upon the use of low-cost and potentially wearable technologies including a high
resolution multi-pixel image sensor and light-emitting diodes to achieve diffuse reflectance
imaging in contact with tissue. After identifying the main limitations of our approach, a
dedicated system architecture was developed and validated on liquid tissue-simulating
phantoms. This first proof-of-concept has led to the development of a low-cost, wearable
prototype designed for the monitoring of tissue oxygenation in vivo. The performances of this
device were compared to a state-of-the-art technology, referred to as Spatial Frequency
Domain Imaging (SFDI), both on solid tissue-mimicking phantoms and in vivo. Notably, the
limitations of the developed prototype for the quantification of the optical properties of solid
media were identified, and an empirical calibration method accounting for these limitations
was proposed. In vivo experiments carried out at a partner institution (Laboratoire 1Cube,
CNRS UMR 7357, Strasbourg) demonstrated the ability of the system to detect tissue
oxygenation changes induced by a vascular occlusion.

Put together, results confirm the potential of our approach for the accurate quantification
of tissue optical properties. This work lays the foundation for the development of
inexpensive, compact systems toward in vivo tissue diagnostics. In particular, the passive
monitoring of tissue oxygenation using a low-cost and wearable device might prove valuable
for the improvement of patient management after reconstructive surgery. Furthermore, the
developed system has a potential to achieve depth-resolved tissue analysis, which is of great
interest in a variety of medical, cosmetic and industrial applications. Several algorithmic and
instrumental tools to assess this potential have been set up and may be exploited in future

work.
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A Convolution by the source beam

orofile
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Monte Carlo simulations and analytical formulae of the diffuse reflectance describe the
response of the medium to a pencil beam. However, the spatial profile of source intensity
may have significant impact on the measured reflectance, especially if short source-detector
separations are to be used. In this appendix, we describe the algorithms developed to take
account of the source beam profile in the modeling of the diffuse reflectance from tissue.

Wang et al. developed a convolution algorithm to derive the responses to a circular flat
beam and Gaussian beam profile to pencil beam Monte Carlo simulations.’®® In order to
account for different source beam geometries, a custom convolution algorithm was
developed. This algorithm was based on a direct 2-D convolution using the conv2 routine in
Matlab.

The convolution script developed by Wang et al. was priory written and used for
validation of our own algorithm. Fig. A-1 and Fig. A-2 show the results obtained from both
algorithms for a circular flat beam and a Gaussian shaped beam, respectively. In Monte Carlo
simulations, the index n, a, ps and g were set to 1.4, 1 cm™, 100 cm™ and 0.8, respectively.
For both profiles, a beam with 1 mm width was considered. At the beam's frontier and
outside the beam, results obtained with our algorithm are in close agreement with the
calculations from Wang et al. At short SDS, our algorithm slightly overestimates the
reflectance. This is likely generated by geometrical effects related to the square shaped
geometry considered in our algorithm. In particular, augmenting the size of simulated pixels
tends to increase the error close to the source. In fact, circular shaped patterns exhibit a
squared form as their radius decreases with respect to pixel size. This effect leads to a
tradeoff between accuracy of the algorithm and calculation time, since reducing the pixel size
increases the number of calculations to be made.

The algorithm of Wang et al. is not affected by this issue since it relies on an analytical
formula for the computation of convolution. However, this algorithm is restricted to circular
flat and Gaussian profiles.

Improvement of our convolution algorithm is possible yet was not intended. We chose to
use a pixel size of 50 microns, which was also the step size considered in Monte Carlo
simulations. At short SDS, discrepancies do not exceed 10% and 14% for the circular flat and
Gaussian beam, respectively. These short SDS (typically below 500 um) were however not

considered in experiments conducted in our studies.
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Fig. A-1  Validation of the convolution algorithm for a circular flat beam. A beam having 1mm
width was considered. The result obtained from the CONV algorithm of Wang et al. was used as
reference. Calculated reflectance profiles are shown for a 10 um (left) and 50 um (right) radial
step size. (Top) Absolute reflectance calculated with the conv2 routine of Matlab (red) and the
CONV algorithm (blue). (Bottom) Relative error between the custom and reference algorithms.
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Fig. A-2  Validation of the convolution algorithm for a Gaussian beam. A beam having 1mm
width was considered. The result obtained from the CONV algorithm of Wang et al. was used as
reference. Calculated reflectance profiles are shown for a 10 um (left) and 50 pm (right) radial
step size. (Top) Absolute reflectance calculated with the conv2 routine of Matlab (red) and the
CONYV algorithm (blue). (Bottom) Relative error between the custom and reference algorithms.
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B Dynamic expansion algorithm
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The intensity of measured diffuse reflectance profiles exhibits a fast decrease of several
orders of magnitude over a few millimeters range. In order to overcome the limited dynamic
range of the CMOS sensor used in our study, an algorithm was developed to expand the
dynamic range of detection and achieve diffuse reflectance imaging with sufficient signal-to-
noise ratio over the whole sensor area. In this appendix, the principle of the algorithm is

detailed and validation on simulated data is presented.

B.1 Principle

B.1.1 Initial data set

In order to expand the dynamic range of measured diffuse reflectance profiles, a set of
multiple images of the same sample recorded with increasing exposure times is necessary.
Prior background subtraction must be performed using dark images recorded with the same
set of exposures. The shortest exposure is chosen so as not to reach the saturation level of the
camera. For longer exposures, images comprise a circular area around the illumination point,
pixels being saturated up to a certain distance to the source. The diffuse reflectance is
detected with higher signal-to-noise ratio compared with images recorded with lower
exposure times. An example set of images recorded during diffuse reflectance measurements
is displayed in Fig. B-1. Note that at this stage flat-field inhomogeneity of the system are not
corrected, resulting in reflectance patterns deformations on the left side of images, along the

edge of the fiber-optic plate.
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78.227 ms 627.354 ms

Fig. B-1 Example image set for reconstruction with expanded dynamic.
B.1.2 HDR reconstruction

Consider a set of N diffuse reflectance images priory corrected from the background offset,

Im;, where i € [1, N]. Images are recorded with various exposure times T; so as T; > T;;4.

e Step0
In the initial step, the HDR image ImfPR is built from the image taken with the longest

exposure and normalized by the corresponding integration time:

Imy

HDR _ __ 2
Im1 = T1 (Bl)

e Stepi,i € [1,N—1]
Following steps consist in building a 2-D mask M; corresponding to the saturated area in the
HDR image m%R :

— HDR
Mi —Imi ZmXT (BZ)

and replacing the pixel values in this area by the ones measured in image Im;, :
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Im;, 1 (M;)

HDR HDR
Imi;7" = Im; (ML-C)U T
i+1

(B.3)
In order to remain within the linear behavior of the camera sensor, a threshold, m fixed
below the saturation level, MaxDyn can be applied. After measurement of the srDRS device

linearity, this threshold was set to 80%. Consecutive steps of a reconstruction performed on

real data are displayed in Fig. B-2

step 1

HDR Image
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1000 |

1500 |
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)

Fig. B-2  HDR image reconstruction. The images obtained after each intermediate step of the
algorithm are displayed on the left. The edges of saturation masks are highlighted in red. The final
HDR image is shown on the right. Images are displayed in logarithm scale

2500
500 1000 1500 2000 2500 3000 3500

B.2 Validation

B.2.1 Data simulation

Validation of the algorithm was performed on simulated data. The standard diffusion
approximation was used to generate 2-D diffuse reflectance patterns.'®” Optical properties

were set to —% = 1.4; u, = 2.5cm™%; pl = 35cm™1, n;, and n,,, being the refractive

Nout

indices of the medium and exterior, respectively.
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From this image, 4 images simulating acquisitions at increasing exposure times were
built. Saturation of pixels for values above 255 ADU was included. To account for the loss of
signal due to dark noise, a uniform background level of 4 ADU was added to each image and

subsequently subtracted. Simulated images are shown in Fig. B-3.

Exp x1 Exp x8

Exp x16 Exp x512

Fig. B-3  Simulated image set.

B.2.2 Results

The simulated image set was used as input to our dynamic expansion algorithm. The linearity
threshold was set to 100%. The resulting HDR image was then compared to the initial image,
as depicted in Fig. B-4. Relative errors between images were negligible, validating the

algorithm performance.
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Model Image

0-12

Error (%)

HDR Image

Fig. B-4  Validation of the dynamic expansion algorithm. (Top left) Initial image built from the
diffusion approximation. (Bottom left) HDR image obtained from the simulated image set
built from the model image. (Right) Relative error between model and HDR images. Images
are displayed in logarithm scale.
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C Estimation of the blurring effect

In contact CMOS-based imaging
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Commercial CMOS cameras comprise a glass window in front of the photon sensitive
area. This glass lid notably ensures protection of the pixels against shocks and unwanted dust
particles. The glass usually has a thickness of about 500 pm. This is an advantage when
performing imaging with a focusing lens. Indeed, remaining dusts on the glass surface will
affect only poorly the quality of images as they are kept out of focus. In contact imaging
modality, the presence of the protective glass window generates blurring of the diffuse
reflectance in recorded images due to the unwanted spacing between the imaged sample and
pixels.

In order to evaluate the impact of the protective glass lid on images recorded in contact
with tissue, we followed an approach inspired by the 1ISO 12333 slanted-edge methodology*®
(SEM). The SEM provides a measurement of the Line Spread Function (LSF), which may in
turn be related to the Modulation Transfer Function (MTF) by Fourier transform. The method
records the LSF at chip level without need for focusing and was thereby fully adapted to our
problem.

The SEM is based on the imaging of a high contrast edge and calculation of the measured
signal as a function of distance to the edge, namely the Edge Spread Function (ESF). By
slightly tilting the edge with respect to pixel direction, determination of the ESF with sub-
pixel resolution is possible (this was however not intended here considering the broad ESF of
the system). The ESF may then be related to the Line Spread Function (LSF) of the system,
which relates to the MTF by Fourier transform.
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Fig. C-1 Measurement of the srDRS prototype Edge Spread Function (ESF). (a) Region Of
Interest (ROI) considered in for ESF calculation in the edge image. The fitted position of the
edge is highlighted in red. (b) Measured ESF (blue) and Erf fit (red).
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We measured the ESF of the srDRS prototype developed in Chapter 2. A Teflon plate
was placed in contact with the FOP top face. A piece of black plastic sheet of 100 pm
thickness was priory placed between the FOP and Teflon plate, thereby forming a sharp edge
at the FOP surface with a nearly Lambertian illumination background. Ten consecutive
images of the edge were recorded, corrected from background and averaged. The position
and orientation of the edge were determined by thresholding and line fitting using the curve
fitting toolbox of Matlab. The measured signal at each pixel and distance of this pixel to the
edge were calculated, thereby yielding the ESF of the system. The measured ESF was then
fitted to an Erf function, defined as the response of a system having a Gaussian LSF to an
edge:

a T'Z
Erf(d)=a+b f_w exp(— 27‘2) dr (C.1)
where a and b are arbitrary offset and normalization parameters and d is the distance to
the edge. The Full Width at Half Maximum (FWHM) is then obtained using the following

relation:

FWHM = 2,/21n(2) (C.2)

Results are provided in Fig. C-1. Thereby we found that, modeling the system’s response
by a Gaussian, the LSF had a FWHM of 562 microns (note that the same definition is used
for the FWHM of the LSF and ESF).
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Systeme d’imagerie pour la
caractérisation en couches

de la peau par réflectance
diffuse

Résumé

Les travaux effectués au cours de cette thése concernent le développement d’'un instrument a faible colt et porté
sur la personne permettant le suivi quantitatif des paramétres physiologiques de la peau in vivo et de maniére
non invasive. Linstrument est fondé sur la technique de Spectroscopie de Réflectance Diffuse résolue
spatialement (srDRS). Cette technique fournit une quantification absolue des propriétés optiques endogenes
d’absorption et de diffusion du tissu sondé et posséde un potentiel pour la caractérisation de ces propriétés en
couches de la peau. Afin de maximiser ce potentiel, notre approche repose sur I'utilisation d’un capteur matriciel
placé en contact avec le tissu et permettant I'imagerie de réflectance diffuse a haute résolution spatiale. Les
travaux présentés ici comprennent la spécification et la validation d’une architecture innovante permettant la mise
en ceuvre de I'approche proposée, I'implémentation d’'un systéme porté sur la personne et bas colt basé sur
cette architecture et I'évaluation des performances de ce systéme au travers d’expérimentations a la fois sur
fantdmes de peau et in vivo. Les résultats obtenus valident le potentiel de I'instrument développé pour le suivi
quantitatif et non-invasif des propriétés de la peau. L’approche proposée est prometteuse pour I'analyse de
milieux en couches tels que la peau et ouvre la voie au développement d’'une nouvelle génération d’instruments

portés sur la personne et bas colts pour le suivi en continu des propriétés optiques des tissus.

Mots-clés: caractérisation de la peau, propriétés optiques, réflectance diffuse, capteur matriciel, imagerie de

contact

Abstract

This work presents the development of a low-cost, wearable instrument for quantitative monitoring of skin
physiological parameters toward non-invasive diagnostics in vivo. The instrument is based on the spatially
resolved Diffuse Reflectance Spectroscopy (srDRS) technique, which provides absolute quantification of
absorption and scattering endogenous properties of the probed tissue volume with a potential to discriminate
between properties of individual skin layers. In the developed instrument, this potential is maximized by the use
of a multi-pixel image sensor to perform contact, high resolution imaging of the diffuse reflectance. This study
comprises the specification and validation of a novel srDRS system architecture based on the proposed
approach, the implementation of this architecture into a low-cost, wearable device and the evaluation of the
device performance both on tissue-simulating phantoms and in vivo. Results validate the potential of the
instrument for the non-invasive, quantitative monitoring of tissue properties. The described approach is promising
for addressing the analysis of layered tissue such as skin and paves the way for the development of low-cost,

wearable devices for continuous, passive monitoring of tissue optical properties.

Keywords: skin characterization, optical properties, diffuse reflectance, multi-pixel sensor, contact imaging

235




	Résumé de la thèse en français
	Remerciements
	Contents
	Table of Figures
	Table of Abbreviations
	Introduction
	Chapter 1   Context
	1.1 Light-matter interactions in biological media
	1.1.1 Reflection and refraction
	1.1.2 Absorption
	1.1.3 Elastic scattering
	1.1.4 Raman scattering and fluorescence

	1.2 Skin
	1.2.1 Structure
	1.2.1.1  Epidermis
	1.2.1.2  Dermis
	1.2.1.3  Hypodermis
	1.2.2 Optical properties


	1.2.2 Optical properties
	1.2.2.1  Refractive index
	1.2.2.2  Absorption parameters
	1.2.2.3  Scattering parameters


	1.3 Optical imaging for tissue diagnostics
	1.3.1 Overview of optical imaging methods
	1.3.2 Diffuse reflectance spectroscopy

	1.4 Modeling the propagation of diffuse light in tissue
	1.4.1 Transport theory
	1.4.1.1  Assumptions
	1.4.1.2  Notions of photometry
	1.4.1.3  Radiative transfer equation
	Divergence of the beam
	Loss by extinction
	Gain by scattering
	Gain from sources
	Energy conservation

	1.4.1.4  Limitations
	1.4.2 Diffusion theory


	1.4.2 Diffusion theory
	1.4.2.1  Analytical approach
	1.4.2.2  The diffusion approximation
	1.4.2.3  Resolution of the diffusion equation
	Source term
	Green’s function
	Boundary conditions
	Expression of the solution
	Derivation of the diffuse reflectance

	1.4.2.4  Domain of validity
	1.4.2.5  The δP1 approximation
	δ-Eddington phase function
	Source term
	Boundary conditions and solution
	Improvements over the diffusion approximation


	1.4.3 Stochastic Model
	1.4.4 Model comparison


	Chapter 2   Specification of a compact, CMOS-based system architecture for contact, high resolution diffuse reflectance imaging
	2.1 Introduction
	2.1.1 Spatially resolved diffuse reflectance spectroscopy
	2.1.2 State-of-the-art
	2.1.3 Proposition

	2.2 Proposed system architecture
	2.2.1 Light sensor
	2.2.2 Sensor-tissue coupling system
	2.2.2.1  Technological limitation
	2.2.2.2  Proposed solution


	2.3 Proof of concept
	2.3.1 Prototype srDRS device
	2.3.1.1  Implementation
	2.3.1.2  Characterization
	Sensor linearity and source stability
	Signal-to-noise ratio
	Flat-field response
	Source profile
	Edge spread function
	2.3.2 Experiments and methods



	2.3.2 Experiments and methods
	2.3.2.1  Optical phantoms
	2.3.2.2  Acquisition procedure
	2.3.2.3  Data processing
	Forward model
	Calibration
	Inverse problem solving
	2.3.3 Results



	2.3.3 Results
	2.3.3.1  Model fit to data
	2.3.3.2  Optical properties
	2.3.3.3  Influence of minimal source-detector separation

	2.3.4 Discussion

	2.4 Conclusion

	Chapter 3   Development of a low-cost, wearable srDRS system for skin condition diagnosis: validation study on solid phantoms
	3.1 Instrument development
	3.1.1 Sensor design
	3.1.1.1  Packaging module
	3.1.1.2  Lighting module
	3.1.1.3  FOP-sensor coupling

	3.1.2 Optical Characterization

	3.2 Phantom validation
	3.2.1 Development of solid phantoms
	3.2.1.1  Motivation
	3.2.1.2  Fabrication
	3.2.1.3  SFDI Characterization

	3.2.2 Materials and Methods
	3.2.2.1  Experiments
	3.2.2.2  Data Processing
	Forward model
	Calibration and inverse problem solving


	3.2.3 Results
	3.2.3.1  Validation of the experimental setup
	3.2.3.2  Quantification of optical properties
	3.2.3.3  Scaling of measured absorption coefficients

	3.2.4 Discussion

	3.3 Conclusion

	Chapter 4   Low-cost, wearable srDRS system for skin condition diagnosis: evaluation for in vivo tissue oxygenation monitoring
	4.1 Introduction
	4.2 Materials and methods
	4.2.1 Experiments
	4.2.2 Data processing
	4.2.2.1  Extraction of optical properties
	4.2.2.2  Derivation of the tissue oxygen saturation (StO2)


	4.3 Results
	4.3.1 Measurement repeatability
	4.3.2 Optical properties
	4.3.3 Tissue oxygen saturation

	4.4 Discussion
	4.5 Conclusion

	Chapter 5   Summary of results and future directions
	5.1 Results summary
	5.2 Future directions and perspectives
	5.2.1 Analysis of layered media
	5.2.2 Clinical trial


	Conclusion
	Appendix
	A  Convolution by the source beam profile
	B    Dynamic expansion algorithm
	B.1   Principle
	B.1.1  Initial data set
	B.1.2   HDR reconstruction

	B.2   Validation
	B.2.1  Data simulation
	B.2.2  Results


	C    Estimation of the blurring effect in contact CMOS-based imaging

	Bibliography
	Scientific communications

