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Résumé

Le développement technologique des salles d'opérations a accéléré de manière spectaculaire ces dernières années. Cependant, les chirurgiens basent leur navigation à travers le champ chirurgical principalement sur leur perception au toucher et à la vue, et leur expérience. En conséquence, une évaluation subjective guide le geste chirurgical et impacte notamment la capacité des praticiens à différencier les tissus sains des tissus malsains. Ceci est pourtant d'une importance majeure en chirurgie oncologique, tant pour la résection de tumeurs que pour les actes de reconstruction. Cet impact sur la prise de décision se traduit par de hauts taux d'échec et des coûts importants pour le système de santé. C'est pourquoi la capacité d'évaluer le statut des tissus biologiques à travers des zones étendues en temps réel est cruciale.

L'imagerie proche-infrarouge peut être employée pour sonder les tissus sans contact en toute sécurité. En se propageant dans les tissus, la lumière interagit avec les composants moléculaires et microstructures présents. Ces interactions sont caractérisées par les propriétés optiques des tissus, notamment l'absorption et la diffusion. Les méthodes permettant la mesure des propriétés optiques à travers de larges champs de vue (> 100 cm²) sont regroupées sous le terme d'optique diffuse. L'optique diffuse permet la mesure de concentrations de chromophores et l'étude de microstructures au sein des tissus. De plus, l'utilisation d'agents de contraste fluorescents permet la mise en évidence de structures anatomiques et l'étude d'activités physiologiques. Spatial Frequency Domain Imaging (SFDI) est une technique d'optique diffuse particulièrement adaptée pour la mesure quantitative des propriétés optiques en temps-réel. De la mesure de ces paramètres à plusieurs longueurs d'onde peuvent être extraites les concentrations de composants moléculaires tels que l'hémoglobine, les lipides ou l'eau. En conséquence, la méthode SFDI est capable de mesurer l'oxygénation des tissus, reflétant la perfusion sanguine. De plus, l'imagerie de fluorescence et l'imagerie de speckle peuvent être employées respectivement pour détecter les vaisseaux et mesurer les flux sanguins. L'évaluation de la perfusion sanguine est une procédure à l'impact critique pour lesquelles une objectivité accrue serait bénéfique, de par l'apport d'informations objectives en temps-réel, provenant de modalités d'imagerie structurelles et fonctionnelles.

Le manque d'outils permettant l'évaluation de la viabilité des tissus biologique dans un contexte intra opératoire a été la motivation principale de ce projet. Un prototype d'imageur multimodal clinique a été développé pour l'imagerie d'oxygénation et de fluorescence en temps-réel. Son implémentation particulière permet de minimiser les interférences avec le processus chirurgical tout en apportant des informations cruciales pour le bon déroulement des procédures. La capacité de la plateforme à quantifier l'ischémie a été démontrée lors de tests précliniques, par comparaison avec les méthodes standards. Un champ d'application visé est l'évaluation de la perfusion sanguine lors de procédures de reconstruction v dans les chirurgies du cancer colorectal. Une telle méthode serait également très prometteuse pour suivre les procédures de transplantation hépatique.

Le caractère multimodal de la plateforme d'imagerie a été exploité pour combiner l'imagerie endogène mesurant les propriétés optiques des tissus et l'imagerie exogène par fluorescence, dans le cadre de la chirurgie du cancer. Une méthode de quantification a été employée lors d'essais précliniques sur des modèles de cancers colorectaux et pancréatiques, mettant en évidence les défaillances de l'imagerie de fluorescence conventionnelle. Afin de poursuivre la translation clinique d'une telle technique, il serait néanmoins nécessaire d'en réaliser une implémentation fonctionnant en temps-réel. 

Mots-clés

Introduction

Innovation in healthcare is driven by the need for optimizing the care provided to patients. Among others, effectiveness, efficiency, safety and affordability are levers to be actuated to improve healthcare, by joining efforts from scientific, business, and social fields. Scientific and technological innovation consists in the creation, adoption and diffusion of new technologies and products, with the prime objective of offering clear benefits compared to currently available solutions.

Over the last decades, the field of surgery has dramatically evolved, marked by successive technological breakthroughs. The massive deployment of imaging technologies throughout a patient's surgical journey for diagnostic, surgery planning and post-surgery monitoring purposes improved the overall health outcome, but also drastically impacted the surgical workflow [1]. However, despite these transformations, intraoperative navigation of the surgical field and decision-making remain based on the surgeons' perception and experience. Consequently, their ability to distinguish diseased from healthy tissue and vital structures are based on subjective inputs, leading to high failure rates and healthcare costs. Tissue status assessment is of utmost importance in oncologic surgery, both for tumor resection and reconstructive procedures [2]. Thus, the ability to intraoperatively probe and assess the tissue objectively and in real-time over large areas is crucial. This longstanding issue constitutes an unmet clinical need, calling for innovation.

When travelling through biological tissues, photons undergo a series of physical phenomena, through interactions with the various constituents of the tissues. These interactions are characterized by optical properties -namely absorption and scattering -reflecting the presence of molecular compounds and microstructural features within the tissues, respectively. These compounds and structures have specific spectral signatures, causing a wavelength dependency in the overall tissue optical properties. Non-invasive observation of the tissues coupled to light propagation models enable the measurement of these optical properties, eventually yielding extraction of compounds concentrations such as hemoglobin, lipids or water, but also identification of the tissue type [3]. This observation in biological tissues is best favored in the nearinfrared (NIR) wavelength range (600 to 1000 nm) where it benefits from a transparency window: typically low absorption and scattering facilitate the deeper penetration of photons.

In turn, a wide array of NIR optical spectroscopy methods emerged for the non-invasive investigation of tissues [4]. While the first developed systems were limited to qualitative measurements using point probes, quantitative mapping of functional parameters has witnessed a very rapid growth, paving the way for advanced optical technologies into clinical use. However, point probes methods present critical limitations such as the need for contact with the patient, the limited area of investigation, the long time required to extract the results and their cumbersome implementation.

The introduction of a widefield, non-contact and quantitative method named Spatial Frequency Domain Imaging (SFDI) drafted a solution to overcome the limitations of conventional NIR spectroscopy techniques [5]. By using spatially structured illumination and a camera, optical properties imaging over large areas can be achieved with high resolution and rapidly. Oxygenation imaging was performed using SFDI at several wavelengths (i.e. multispectral), and validated in clinical settings for blood perfusion assessment [6]. While the current standards of care are based on invasive tissue and blood sampling, or exogenous fluorescence imaging to highlight blood flow, SFDI provides an endogenous non-invasive imaging alternative for blood perfusion assessment. However, this method was not yet suitable for intraoperative use, with data acquisition and processing being rapid but not real-time.

A series of technological breakthroughs improved the capabilities of SFDI by first introducing a real-time compatible implementation named Single Snapshot imaging of Optical Properties (SSOP) [7]. The use of high-performance parallel computing further improved the SSOP workflow, yielding video-rate optical properties imaging [8]. Ultimately, a deep learning implementation of SSOP has been developed, producing high-quality real-time imaging [9]. The demonstration of this real-time implementation in clinical settings and validation by comparison with gold standards is key for its clinical translation.

Based on these observations, the end goal of this thesis work has been set to enable the clinical translation of state-of-the-art technologies for tissue status assessment. To this purpose, a multimodal imaging platform dedicated to the clinical environment has been developed. This platform implements the latest available technologies for oxygenation imaging in real-time. Secondly, the versatility of the platform has enabled the demonstration of quantitative fluorescence imaging. With upcoming tumor-targeting tracers, quantification might be required to circumvent the qualitative nature of conventional fluorescence imaging.

This manuscript presents the achieved work according to the following structure:

-Chapter I provides an overview of medical imaging for surgery. Each surgical phase can be assisted using imaging modalities. A comparison of these for intraoperative use is established, considering specific constraints relative to unmet clinical needs. A number of criteria designate NIR optical imaging as most the suitable candidate for intraoperative imaging.

-Chapter II covers the fundamentals of light-matter interactions and basics of light propagation modeling in biological tissues. This lays foundation for understanding the different established methods for tissue optical characterization, especially in the NIR range.

-Chapter III introduces advanced NIR optical imaging techniques for tissue status assessment.

Endogenous imaging yielding physiological parameters for hemodynamics monitoring is presented.

Exogenous imaging highlighting vital structures and its application for tumor surgery is detailed. A selection of available imaging systems is presented to depict a set of currently deployed tools.

-Chapter IV emphasizes various limitations of the standard of care and states corresponding work objectives to bring novel solutions.

-Chapter V presents the main contribution of this work with the development of a novel clinicallycompatible multimodal imaging platform. The validation for real-time oxygenation and fluorescence imaging in-vitro and in-vivo is detailed.

-Chapter VI reports results of preclinical trials for blood perfusion assessment in the small bowel, yielding validation of oxygenation imaging as a label-free ischemia quantification method. These results were correlated to the analysis of robust biomarkers such as local capillary lactates.

-Chapter VII extends the validation of the imaging platform and oxygenation imaging to ischemia monitoring in the stomach for esophagectomy purposes. Further blood gas analysis and histologic analysis confirmed the correlation with local capillary lactates, comforting the position of oxygenation imaging as a strong tool for blood perfusion assessment.

-Chapter VIII demonstrates the combination of endogenous and exogenous imaging using the multimodal platform, yielding quantitative fluorescence imaging for tumor surgery. The potential for tumor detection and margin assessment is discussed.

The manuscript ends with a conclusion summarizing the achieved work and offering future work perspectives. Hardware and software further developments of the imaging platform are discussed. Future milestones for this device's clinical translation are also outlined. Finally, continuation of the fluorescence quantification study is considered.

I. Medical imaging for surgery

Even though the contribution brought with this doctoral work is bound to the intraoperative environment, imaging impacts all phases of a patient's journey through surgery. This chapter is designed to give an overview of the use of medical imaging throughout the perioperative period.

I.1. The need for imaging in the surgical workflow

Operating rooms have been equipped with more and more technology-advanced devices over the past few years. However, surgeons still mostly rely on their touch and vision senses together with their experience to navigate the surgical field. More precisely, their ability to distinguish healthy from diseased tissues is based on subjective inputs. Tissue status assessment is of utmost importance in oncologic surgery, both for tumor resection and reconstruction

procedures. Yet, it remains an unmet clinical need. The subjectivity impacting the decision-making is consequently leading to high failure rates and healthcare costs. For this reason, computer-assisted surgery is widely employed throughout the perioperative period to improve the care provided to the patient. A large set of imaging techniques is implemented in each of the perioperative phases.

Starting from the preoperative phase, image-guidance impacts the diagnosis, planning and surgical simulation phases of the patient's journey. A number of scanning techniques enable the virtual reconstruction of the patient's anatomy. The reconstructed region can be manipulated and compared to the normal and pathological anatomy to establish an appropriate diagnosis and surgical plan. Moreover, the surgeons can take advantage of this virtual environment to simulate the procedure on the reconstructed model and assess the defined planning.

During the intraoperative phase, imaging devices producing real-time feedback offer greater control over the procedures [1,2]. Both surgical field navigation and decision-making can benefit from providing additional information. Indeed, the outcome of structural imaging can be confronted to the preoperative data as the surgical plan is completed. Moreover, functional imaging enables the status monitoring of tissues and organs of interest. Altogether, surgeons gain access to objective information, leading to minimized trauma and risk for complications but also increased success rates.

Image-guided surgery also paved the way for minimally invasive procedures. In this approach, interventional instruments and imaging devices are directed inside the patient body through small incisions,

as opposed to open surgery where a large incision is made, and the surgical field is exposed to the air. By essence, minimally invasive surgery reduces the incidence of complications and speeds the recovery, thus improving surgical outcomes, reducing the hospitalization time and healthcare cost [3]. This paradigm shift impacts more and more fields in surgery as it greatly enhances the health outcome and benefits to the patient's safety and comfort.

This always improving patient-centered care is also profitable to the entire healthcare system as the health outcome tends to consistently improve across practitioners and hospitals. However, this cutting-edge technology represents a considerable investment for hospitals in terms of equipment acquisition and staff training. Additionally, the presence of new devices in already crowed operating rooms create the need for new hybrid rooms, adapted to the specific requirements of the implemented technologies.

I.2. Conventional imaging techniques

A wide range of imaging techniques are currently standard-of-care, each of them meeting specific clinical needs all along the surgical process. This section gives a quick overview of the different forms of imaging employed for surgical act guidance.

I.2.1. X-ray imaging and computed tomography

Radiography has been used for diagnostic purposes for over a century now. Indeed, the ability of X-rays to greatly penetrate biological tissues makes it an ideal candidate to probe the internal structures of the human body. A very simple setup consisting of an X-ray generator and a photographic film enable the imaging of a large portion of the body. In this configuration, the X-ray beam is directed towards the region of interest and penetrates the biological tissues. Depending on the local composition and density, the primary beam is attenuated through two main processes: photoelectric absorption and Compton scattering. The remaining rays -commonly called the remnant beam -finally expose the photographic film, accordingly to the attenuation occurring along the path of each ray. This method commonly referred to as projectional radiography produces a two-dimensional (2D) static scan of a region limited to the size of the photographic film [4].

Given the X-rays higher absorption by calcium and lower absorption by carbon, the images yield good contrast between respectively hard and soft tissues. In order to reveal structures of interest such as blood vessels, a contrast agent can be employed such as iodine and barium. Iodine is commonly used for circulatory system investigation after intravenous investigation, while barium is used for enhancing contrast in the digestive system after administration by swallowing or by enema. Though this technique enables the investigation of internal structures, it is limited to two-dimensional still images.

By replacing the photographic film with a fluorescent screen converting the X-ray radiations into visible light, radiographers and radiologists were able to directly view the resulting images. This method named fluoroscopy thus enables motion capture, which is a considerable improvement. Later developments include X-ray image intensifiers to enhance the image brightness and the addition of a digital camera to display the images on a remote screen. Finally, flat-panel detectors were implemented [5]. Similarly to digital photography and video, these sensors convert the X-ray radiations into an electrical signal, producing images for remote display, storing and even processing [6]. This allows visualization in real-time with lower radiation doses increasing the safety of both operators and patients [7].

Additionally, its implementation in a compact form makes fluoroscopy suitable for interventional imaging such as angiography or venography, but also to assist biopsy procedures. Such imaging devices are usually built in a C-shape and are mounted on an articulated arm so they can be moved around the patient and Even though CT scanners imaging capabilities surpass fluoroscopy and conventional radiography, its larger footprint and slower scanning process make it less versatile for interventional imaging. Additionally, the radiation dose received by the patient during a CT scan significantly increases compared to simpler 2D imaging techniques. Due to the ionizing nature of X-ray, excessive exposition to such radiations can damage biological tissues at the cellular level [13]. An estimation of nearly 30,000 new radiation-induced cancer cases due to CT scans was established for scans performed in the United States in 2007 alone [14]. Larger footprint and higher cost compared to fluoroscopy are additional drawback to be considered, as they represent an important investment.

I.2.2. Magnetic resonance imaging

Just like X-ray radiations, nuclear magnetic resonance (NMR) can be exploited to produce internal images of the human body. NMR spectroscopy consists in observing the local magnetic field around atomic nuclei, to further determine their environment and investigate intramolecular structures. In particular, proton nuclear magnetic resonance focuses on the hydrogen nuclei within molecules which are present in most organic compounds, especially water (H2O) and fat tissues [15]. A magnetic resonance imaging (MRI) device is composed of a strong electromagnet and a set of radiofrequency transmitter and receiver coils. The electromagnet produces a very intense static and homogenous magnetic field -typical between 1 and 3 Tesla (T). When placed in this static magnetic field, the nuclei spin polarization will align with the field.

Additionally, the nuclei are able to absorb radiofrequency waves at resonant frequencies depending on the intensity of the static magnetic field. In turn, the transmitter coils are tuned to the resonance frequency of protons specifically. This absorption process leads to a change in the polarization state of the proton, followed by a relaxation mechanism. The receiver coils capture the resultant signal to be analyzed.

Due to the high penetration depth of radiofrequency waves in biological tissues, MRI can produce full-body images by scanning the patient. By combining a particular setting of pulses and field gradients, MRI sequences are built and produce images with specific contrast. Among the wide array of MRI sequences, most common are T1-weighted, T2-weighted and proton density-weighted [16]. T1-weighted images highlight for instance fat tissues and paramagnetic contrast agents such as gadolinium-based complexes.

T2-weigthed images rather highlight higher water content as in tumor tissues or inflammation and infection sites. Proton density-weighted images produce better contrast between gray and white matter. These multiple outcomes enable tissue and structure identification in three dimensions with slightly poorer resolution than a CT scan but considerably enhanced contrast in soft tissues [17]. In addition to enabling tissue identification, MRI can detect neural activation making it particularly adapted for brain imaging. Using a dedicated sequence named blood-oxygen-level dependent (BOLD) contrast, brain activity associated with blood flow could be measured, yielding functional MRI (fMRI) [18]. Inherently to the use of very strong magnetic fields, MRI prohibits the presence of magnetizable objects near the scanner. Also, patients with implants such as pacemakers and stimulators or implants containing iron cannot undergo an MRI examination. The intraoperative use of MRI thus requires adaptation of the whole surgical workflow and equipment. Additionally, the sequences acquisition is a time-consuming process -typical duration is around 1 hour -and is very sensitive to motion artifacts. Overall, these are detrimental to the patient discomfort in comparison to less constraining methods.

I.2.3. Ultrasound imaging

Mechanical waves also propagate in the body and can alternatively be used to image internal structures of the body. Soundwaves in the megahertz (MHz) range are typically employed, trading-off penetration depth and resolution. An ultrasonography probe is composed of piezoelectric transducers, emitting soundwaves that propagate inside the biological tissues at an average velocity of 1540 m/s. At the interface of two different tissues, a fraction of the wave is reflected back towards the probe, while the rest of the incident wave continues to propagate. This phenomenon stems from the acoustic impedance mismatch between two materials. The impedance is defined as the product of material density and soundwave velocity and is characteristic of each type of biological tissue [21]. Thus, the signal recorded by the receiving transducers in the probe contain depth information about the structure below the probe. More precisely, by analyzing the intensity and time-of-flight (ToF) of the echo waves, the distances between different tissues interfaces along the propagation axis are extracted.

Several imaging modes exist [22]. The A-mode or amplitude mode produces a line scan using a single transducer. The B-mode or brightness mode consists in scanning a line of transducers to create a 2D crosssection image. By extension, an array of transducers enables a 3D reconstruction. Alternatively, by gating the A-mode signal and scanning a region of interest, a normal plane to a B-mode image can be imaged. This way, bi-plane image can be achieved. As A-mode and B-mode signals can be obtained very quickly, videorate imaging can be provided. The M-mode or motion mode allows video capturing. In addition to imaging anatomical structures, flowing blood can be visualized by adapting the B-mode. Indeed, through the Doppler shift induced in the soundwave by the reflectors motion speed, blood flow can be monitored.

Alternatively, in the B-flow mode moving reflectors like red blood cells are highlighted by suppressing stationary components [23].

Ultrasonography produces in-depth imaging for direct viewing of internal structures of the body. As this imaging modality is not based on ionizing radiation, or on the use of strong magnetic fields, its integration in the surgical workflow is straightforward. Moreover, given the simplicity of an ultrasonography setup, very compact and portable system can be implemented. Hence, ultrasound imaging is employed as a routine examination tool, for diagnostic or intraoperative use, but also in a point-of-care setting. It is particularly adapted for assisting procedures such as biopsies and injections. By miniaturizing the probe, major organs of the abdomen can be examined non-invasively in a transesophageal or endorectal fashion. Despite its flexibility and compactness, ultrasound imaging presents drawbacks, especially for intraoperative use. Indeed, given the acoustic mismatch between air and soft tissues such as skin, the probe needs to be placed in contact with the patient, in addition to using a water-based gel as a coupling medium to optimize impedance matching. Acoustic waves also show poor penetration in bone tissue or tissue-gas interfaces, making it challenging to image organs such as brain or pancreas. Moreover, contrast between soft tissues is moderate due to very similar impedances across tissues. Finally, this imaging modality requires training and skill to obtain high-quality images. This outcome is thus operator-dependent, impacting the patient's outcome [26].

I.2.4. Nuclear medicine imaging

Contrary to the previously described tomography techniques, nuclear medicine does not recover the anatomical structures within the body but reveals the spatial distribution of specific tracers instead. This imaging modality is based on radioactive tracers. Radioactive isotopes are unstable nuclide with excessive energy. When undergoing radioactive decay, the energy excess can be emitted from the nucleus as ionizing radiations, including gamma-rays and positrons. Some radionuclides can be incorporated to ligands designed to bind specifically to receptor systems in the body, while others are simply included in physiological activities [27]. This way, specific tissues of interest can be highlighted, or functional imaging can be achieved. Two main imaging methods exist, depending on the type of radioactive decay. Singlephoton emission computed tomography (SPECT) consists in directly imaging gamma-rays emitted by the nuclide [28]. Alternatively, positron emission tomography (PET) employs positron-emitting radiotracers instead. The emitted particle travels in the tissue -typically as far as 1 millimeter -until annihilating with an electron, producing a pair of gamma photons travelling in opposite directions [29]. Consequently, both techniques are based on gamma radiations imaging. Like fluoroscopy, scintigraphy takes advantage of luminescence induced by gamma-rays in specific materials. Digital sensors are built combining these scintillators with photomultipliers or avalanche photodiodes and are commonly referred to as gamma cameras [30]. Yet, SPECT and PET intrinsically represent increased hazards for the patients and operators as both radioactive materials and ionizing radiations are involved. Additionally, the typically low signal-to-noise ratio (SNR) and the spatial resolution limited to a few millimeters. The benefit-risk balance is therefore more prone to be unfavorable in comparison to other methods using ionizing radiations.

I.2.5. Optical imaging

Optical imaging is dedicated to enhancing the sight capabilities of surgeons. The human eye is naturally sensitive to the so-called ''visible'' range (400 -700 nm) of the electromagnetic spectrum. The detection of light by our eyes grants us sight, enabling the viewing of shapes and colors. In turn, surgeons can visually assess the surgical field. Optical imaging encompasses techniques exploiting light-matter interactions across the ultraviolet, visible, and infrared wavelength ranges, typically between 200 nm and 2000 nm.

Reflection and transmission, but also absorption and scattering are commonly observed phenomena within biological tissues, yielding information about biological tissues and physiological activities. This way, tissues can be probed up to several millimeters deep [32]. More theoretical descriptions of light-tissue interactions and biological tissue optical characterization are given in Chapter II. Optical imaging is not only offering a way to extend the eyes detection capabilities to larger wavelength ranges, but also investigating tissues at different scales: macroscopic and microscopic.

In contrast to the previously presented imaging modalities, optical imaging features the use of non-ionizing radiations, high resolution and sensitivity, high portability and represents a moderate investment as the involved technologies are often cost-efficient. This section focuses on clinically approved systems, representing the standard of care currently in use in clinics. Further state-of-the-art imaging techniques are detailed in Chapter III.

White light imaging is the simplest form of optical imaging, where a camera is used to capture visible light from a scene, as human eyes would do. This way, the anatomical view of the surgical field can be recorded and compared to the outcome of concurrent imaging techniques. This also provides guidance during minimally invasive procedures, where the surgical field in accessed through either natural orifices or small ports. In this configuration, a camera system is inserted along with the surgical tools and provides direct guidance. White light imaging is also used in situations where delicate tasks at a small scale need to be performed, as it can offer significant zoom.

While white light imaging is based on capturing separately red, green and blue light, multispectral imaging In order to analyze the tissues at the microscopic scale and further assess their viability, biopsies are performed to collect tissue samples. These are examined under a microscope to produce a histopathological analysis, leading to a medical diagnosis. This process is very time-consuming, and the screening is limited to the number of biopsies taken. For this purpose, confocal microscopy has been incorporated into endoscopes to enable the non-destructive, live tissue examination at the micrometer scale [37]. Endomicroscopy thus grants surgeons access to histology images intraoperatively. Since confocal microscopy offers optical sectioning, in-depth images and 3D reconstructions of tissues are made possible. 

I.3. Summary

The previous section gave an overview of conventional medical imaging techniques in the context of imageguided surgery. A comparison of these imaging modalities is established in Table I.1. The selected criteria are based on the clinical environment and inherent requirements. Medical imaging is designed to improve the patients' outcome throughout their journey. Yet, each phase of surgery sets different requirements in terms of imaging and implementation. For instance, tomography methods such as X-ray, CT, MRI and nuclear imaging are mostly used for preoperative and postoperative purposes. To overcome the limitations of each modality alone, their complementarity is exploited to create hybrid devices. However, the large footprints, higher cost and large number of safety measures to be implemented when using these systems make their intraoperative use challenging. Indeed, adapted facilities and surgical workflow are required, 

••• ••• •• •• • Variable Penetration depth ••• ••• ••• •• ••• • Structural parameters ✔ ✔ ✔ ✔ ✖ ✔ Functional parameters ✖ ✖ ✔ ✔ ✔ ✔ Non-ionizing radiations ✖ ✖ ✔ ✔ ✖ ✔ Real-time capability ✔ ✖ ✖ ✔ ✖ ✔ Portability ✖ ✖ ✖ ✔ ✖ ✔ Cost •• •• ••• • •• • Table I.1

-Medical imaging modalities comparison for image-guided surgery

According to these considerations, the objective of this thesis project is the development of a novel multimodal imaging platform, capable of performing widefield quantitative oxygenation and fluorescence imaging in real-time, as part of the surgical workflow. Using diffuse optical imaging to measure tissues optical properties, oxygenation rate mapping can be achieved and used as an input for blood perfusion assessment. Furthermore, the multimodal feature of the platform enables fluorescence imaging, making possible the direct comparison with oxygenation imaging. This same device offers the possibility to combine 

II. Near-infrared optical imaging

This chapter covers the basics of light-matter interaction and different approaches for modeling light propagation in biological tissues. From this standpoint, the main tissue optical characterization methods are detailed. Focus is made on the near infrared wavelength range which is particularly adapted for biological tissue imaging and spectroscopy.

II.1. Tissue-light interaction II.1.1. Refractive index

The refractive index n of a material is characteristic of its interactions with light. It is defined as the ratio of the speed of light in vacuum c and the phase velocity of light v in this material (EII.1). This index is wavelength-dependent. Typically, the refractive index of water in the visible range is 1.33. For biological tissues, it ranges between 1.33 and 1.65 [1].

𝑛 = 𝑐 𝑣 (𝐸𝐼𝐼. 1)
At the interface of two materials, part of the incident light undergoes refraction depending on the refractive index of each medium and on the angle of incidence at the interface. This results in a change in propagation speed and direction of light according to the Snell-Descartes law (EII.2), where n1 and i1 are the incident refractive index and angle of incidence, and n2 and i2 are the refractive medium index and angle of refraction.

𝑛 1 . sin(𝑖 1 ) = 𝑛 2 . sin(𝑖 2 ) (𝐸𝐼𝐼. 2)
The part of light which is not refracted is reflected within the incidence plane with an angle ir = i1. This 

𝑅 0 = | 𝑛 1 -𝑛 2 𝑛 1 + 𝑛 2 | 2 (𝐸𝐼𝐼. 3)
A special case of refraction is observed for n2 < n1. When reaching a critical angle of incidence ic, the refracted angle i2 increases up to 90°. Past that angle given by sin (𝑖 𝑐 ) = 𝑛 2 𝑛 1 ⁄ , the light is entirely reflected in the incident medium. This phenomenon is named total internal reflection. 

II.1.2. Absorption

In its complex form, the refractive index n is composed of a real part n and an imaginary part κ. The latter represents the extinction coefficient of the material. Given the electric field E of a plane electromagnetic wave propagating in the z-direction, with a pulsation ω and wave number k = 2πn/λ0 (λ0 being the wavelength in the wave in vacuum) the extinction coefficient introduces an exponential decay of the wave intensity throughout the medium of index n (EII.4). This decay is described as absorption of light by the medium at the microscopic scale. Most of the absorbed energy results in vibrations, creating heat [2].

𝑬(𝑧, 𝑡) = 𝑬 𝟎 . 𝑒 𝑖(𝑘𝑧-𝜔𝑡) 𝑬(𝑧, 𝑡) = 𝑬 𝟎 . 𝑒 𝑖( 2𝜋(𝑛+𝑖𝜅)𝑧 𝜆 0 ⁄ -𝜔𝑡) 𝑬(𝑧, 𝑡) = 𝑒 -2𝜋𝜅𝑧 𝜆 0 ⁄ . 𝑬 𝟎 . 𝑒 𝑖( 2𝜋𝑛𝑧 𝜆 0 ⁄ -𝜔𝑡) (𝐸𝐼𝐼. 4)
At the macroscopic level, absorption by the medium is described by its absorption coefficient μa(λ0), often given in mm -1 or cm -1 and function of the wavelength λ. Considering a beam of light of intensity I travelling through a thin slice of a medium, the lost fraction of intensity dI due to propagating through the thickness dL of the slice is given by (EII.5). An illustration of the beam propagation is shown in 

II.1.3. Scattering

As described previously, refractive index mismatch leads to refraction of light. Particles of small sizes may be at the origin of index inhomogeneities inside a medium. When the size of the particles is smaller than the incident wavelength, light is scattered by these particles. In turn, photons are deviated from their incident direction of propagation, while conserving their energy. In biological tissues, typical scatterers include cells and cellular components. Depending on the size and shape of the particles, different models are employed to describe the scattering phenomenon. Rayleigh's scattering describes the scattering of light by particles much smaller than the incident wavelength. This phenomenon is isotropic, and its intensity is inversely proportional to the fourth power of the wavelength. Alternatively, for larger particles Mie's scattering can be employed. Mie scattering mostly results in anisotropic forward scattering. Though this model describes scattering of light by round particles only, it is valid regardless of the particle size, thus representing an alternative to Rayleigh scattering when considering larger particles.

At the macroscopic level, scattering is described by its scattering coefficient μs(λ0), typically given in mm -1 or cm -1 . Given a non-absorbing medium of thickness L, a total incident light of intensity I0 would result as the output intensity I as described in (EII.7). An illustration of scattering through such a medium is shown

in Figure II.3.
𝐼 = 𝐼 0 . 𝑒 -𝜇 𝑠 (𝜆).𝐿 (𝐸𝐼𝐼. 7)

In the case of anisotropic scattering, the trajectory of a photo is deflected with angle ϑ. The phase function p(ϑ) describes the angular dependance of the scattering, while the mean value of cos(ϑ) represents the preferred direction of scattering. The anisotropy factor g is defined by (EII.8). Thus, forward and backward scattering are described by g=1 and g=-1, respectively. For isotropic scattering, g=0. Typically for soft biological tissue g is considered close to 0.9. The scattering anisotropy directly impact the transmission rate through a medium. Consequently, the so-called reduced scattering coefficient µs' includes the anisotropy factor (EII.9). 𝑔 = ∫ 𝑝(cos(𝜃)). cos(𝜃) . 𝑑(cos(𝜃)) The quantum yield η of a fluorophore measures the photon conversion rate as the ratio of the number of absorbed photons Nabsorbed and the number of emitted photons Nemitted (EII.10). For most fluorophores, η is below 10%. If the quantum yield is primarily based on the electronic configuration of the fluorophore, the chemical environment may also affect η. Indeed, dipole-dipole interaction -or resonance energy transfer -may induce additional non-radiative energy transfers [3].

𝜂 = 𝑁 𝑒𝑚𝑖𝑡𝑡𝑒𝑑 𝑁 𝑎𝑏𝑠𝑜𝑟𝑏𝑒𝑑 (𝐸𝐼𝐼. 10)

The molecule de-excitation rate leading to fluorescence emission follows an exponential decay, characterized by the radiative decay rate τrad and non-radiative decay rate τnon-rad. The number of molecules in the excited state N S1 0 at a time t decreases from the initial number of molecules in the excited state N S1 0 (EII.11). The total rate τ -referred to as fluorescence lifetime -is also intrinsic to the electronic configuration of the fluorophore, and is also impacted by its environment. For most fluorophores in the visible range, fluorescence lifetime is in the nanosecond scale [4].

𝑁 𝑆1 (𝑡) = 𝑁 0 𝑆1 . 𝑒 -𝑡 𝜏 ⁄ (𝐸𝐼𝐼. 11)
Fluorescence compounds can be naturally encountered in biological tissues. This endogenous process named autofluorescence enables the imaging of particular biological structures such as the extracellular matrix thanks to the fluorescent properties of collagen and elastin [5]. Alternatively, fluorophores can be synthetized for further use as contrast agent.

II.2. Modeling of light propagation in tissue

When propagating through biological tissues, light undergoes both absorption and scattering processes. In order to model these concurrent phenomena, analytical and statistical approaches have been established.

This section first covers the radiative transfer equation (RTE) and its approximation in the diffusive regime.

Second, the so-called Monte Carlo statistical model is described.

II.2.1. Radiative transfer equation

Standing from a radiometric point of view, light propagation in a medium can be described as a photon flux undergoing absorption and scattering processes. Given a surface element of area dA within a medium, the radiance L represents the power flux Φ through this area per solid angle dΩ per unit projected area dA.cos(ϑ) (EII.12). The radiance L principle is illustrated in Based on the principle of conservation of energy, the radiative transfer equation describes the gains and losses through the area dA located at a position r over time t (EII.13) [6]. It links the radiance from a direction s through a solid angle dΩ to the radiance from a different direction s' through a solid angle dΩ. . 𝑒 -𝜇 𝑎 (𝒓)𝑐(𝑡-𝑡 ′ ) (𝐸𝐼𝐼. 15)

However, solving the equation in the case of complex heterogenous media requires the use of numerical methods such as finite-elements methods. Such implementation is computationally intensive and timeconsuming.

II.2.3. Monte Carlo model

The Monte Carlo (MC) model is a statistical approach used for modelling the photon transport. Light propagation in a medium is thus modeled as individual photons travelling between sites of interaction. In the case of biological tissues, interactions include absorption and scattering processes. Each is represented as an event associated with probabilities, related to the absorption and scattering coefficients. Thus, each movement of the simulated photons is dictated by their probability of being scattered or absorbed. This framework enables the simulation of media with less constraints compared to the diffusion approximation.

Its flexibility also enables the modelling of complex geometries such as multi-layer materials [8].

A typical workflow for a semi-infinite homogenous medium is presented in Figure II.6. The multiple inputs determine the possible interaction and their respective probabilities. When a photon encounters a scattering site, the anisotropy factor determines its scattering angle, defining the next travelling direction.

If an absorbing site is encountered, the photon is considered absorbed, and its location is recorded. In case the photon reaches the medium boundary, the refractive indices from either sides of the interface and the direction of propagation of the photon are taken into account to determine if the photon is reflected internally or exits the medium. Thus, diffuse reflectance can be established from the medium optical properties (OP).

Figure II.6 -Monte Carlo photon propagation simulation flowchart

In order to respect the principle of energy conservation, photons can be terminated using a so-called roulette method. Practically, a weight is assigned to the photon and becomes progressively smaller as propagation through the medium goes on. When this weight drops below a chosen threshold value, the photon is randomly terminated according to a fixed probability. If the photon survives this roulette step, it weight is increased, and its propagation continues.

However, in order to achieve accurate approximations, a large number of samples must be considered.

Typically, millions of photons are launched during one simulation. The MC model is fortunately adapted to parallel computing and graphics processing units (GPU) can be employed to dramatically decrease processing times [9]. The flexibility of the MC model and its ability to decouple degrees of freedom make it advantageous for inverse problem solving. For instance, the optical characterization of biological tissues consists in the estimation of the tissues optical properties based on diffuse reflectance measurements. MC simulations can be performed to create an array of diffuse reflectance values based on pairs of µa and µs' coefficients, which constitutes a look-up table (LUT) to yield an estimate the tissue optical properties from diffuse reflectance measurements [10]. Pre-computed LUTs can thus be employed to optimize processing for tissue optical characterization.

II.3. Tissue optical characterization methods

Three main near-infrared spectroscopy (NIRS) groups of techniques for optical characterization of tissues can be distinguished. First, continuous-wave (CW) NIRS consists in space and time-independent illumination and detection of light reflected by the tissues. Collecting this information over a large spectrum enables the unmixing of contribution from the fluorophore, based on the a priori knowledge of their spectral signature, but does not provide quantitative measurements of tissue optical properties. Separating the absorption from scattering contributions to the remitted light from the tissues requires characterization of the light propagation over time or space.

To this purpose, two groups of quantitative methods were derived, either time-resolved or space-resolved. 

II.3.1. Continuous wave near-infrared spectroscopy

CW-NIRS is solely based on the measurement of diffusively reflected light intensity after illuminating the tissue. The intensity ratio between the source and the diffusively reflected light is directly impacted by absorption and scattering within the tissues, but its measurement is neither time nor space-resolved, and consequently does not yield quantitative measurements of µa and µs' [11]. Collecting this information at several wavelengths over a large spectrum enables the unmixing of contribution from the fluorophore, provided the a priori knowledge of their spectral signature. Although, it does not provide absolute concentration extraction of chromophores but enables the monitoring of trends. A hyperspectral approach can be employed to provide information about the tissue physiology, morphology, and composition [12].

II.3.2. Time domain near-infrared spectroscopy

TD-NIRS consists in following the light propagation over time by registering the time of arrival of reflected photons [13,14]. The travelling time through the tissue between the source and the detector is referred to as time of flight. It is characteristic of the tissue scattering and geometry. The observed intensity losses relate to both scattering and absorption phenomena. In practice, a pulse of light is sent to the tissuetypically at the picosecond scale -and detected after propagation by a synchronized photon counting system. To this purpose, time-correlated single photon counting (TCSPC) are widely employed [15]. Pulses are sent with a high repetition rate -generally in the megahertz range -to obtain significant sampling.

Thus, TD-NIR measures t-PSF of tissues. The light pulse spreads according to the photons travelling paths inside the tissue: the deeper the photons travel, the later they reach the detector. The simple case of a setup with one source and one detector is illustrated in Such implementation enables fast imaging, at the cost of decreased precision due to higher noise levels.

Real-time quantitative mapping of optical properties and quantification of hemodynamics were demonstrated using multispectral FD-NIRS [20]. Although 2D mapping is achieved, the reconstructed images are limited to small areas of tens of cm² with a spatial resolution in the millimeter scale.

II.3.4. Spatial domain near-infrared spectroscopy

SD-NIRS is commonly used for blood perfusion monitoring through the assessment of hemoglobin concentration in tissues. This method relies on the injection of light in the tissue and collection of the diffusively reflected light using a source-detector pair [21,22]. Measurements at different source-detector separations yield the s-PSF, characteristic of the optical properties of the medium. Multiplying the number of detectors enables the mapping of relative chromophore concentration, resulting in spatially resolved spectroscopy (SRS), and yielding functional NIR (fNIR) imaging [23]. Additionally, specific spatial arrangement of the detectors enables tomography [24].

In practice, the source-detector pairs need to be placed in contact with the tissue. In order to prevent electrical hazards when placing devices directly on the patient, the source and detectors are generally fiber- Overall, the three presented fNIR imaging technologies are not optimal solutions for intraoperative use.

Indeed, their limited spatial resolution and their cumbersome implementation requires an array of detectors across the region of interest which must be placed in contact with the patient. However, fNIRbased wearable devices are developed for use in more naturalistic environments, improving patient comfort [26].

II.3.5. Spatial frequency domain imaging

SFD-NIRS, also referred to as SFDI, is a technique using spatial modulation of light to measure the s-MTF of tissues [27][28][29]. Similarly to FD-NIRS, tissues optical properties impact the spatial modulation amplitude.

The resulting diffuse reflectance is thus recorded to analyze the modulation amplitude attenuation. In practice, SFDI relies on the use of structured illumination to project on the surface of tissues a 2D sinusoidal pattern. A projection system -typically based on a digital micromirror device (DMD) coupled to a narrowband light source -creates a large illumination field. The illumination spatial frequency is analogous to the source-detector separation in the previous presented NIR spectroscopy techniques. Reflectance images are then collected using a camera. This way, widefield imaging can be achieved with high resolution, from a large working distance. Crossed polarizers are placed in the projection and detection paths to eliminate the specular reflection from the reflectance, yielding the modulated diffuse reflectance alone. -Acquisition:

Structured light is projected onto the tissues. The resulting reflectance is recorded using a camera.

-Demodulation:

Raw reflectance data is demodulated to extract the amplitude modulation for each pixel of the image.

-Calibration:

A calibration sample with known optical properties is imaged in the same conditions as the tissues.

Using a Monte Carlo-based model, the calibration sample diffuse reflectance is predicted. By comparing the tissue amplitude modulation to that of the calibration sample, the tissue diffuse reflectance is measured.

-Optical properties extraction:

OPs extraction is an inverse problem that solves from the tissue absorption coefficient µa and reduced scattering coefficient µs'. The decoupling of absorption and scattering is performed by measuring the diffuse reflectance at several illumination spatial frequencies.

Acquisition

The illumination part of an SFDI system consists in a light source coupled to a projection system.

Narrowband light sources such as a filtered broadband source, an LED or a laser diode are employed. The projection system typically consists in a DMD-based projector. The micromirror chip is controlled to create a grayscale pattern representing the 2D sinusoidal pattern to be projected. Projection through a lens thus creates a desired structured illumination. Among the several existing demodulation methods, the most standard one is phase-shifting demodulation. This algorithm requires images with several patterns with successive phase-shifts -typically three images with successive 120° phase shifts. Consequently, the input pattern to the DMD is refreshed and images are acquired. As the OPs extraction requires diffuse reflectance measurement at several spatial frequencies, the acquisition is repeated with varying sinusoids periods. The most common implementation of SFDI requires two distinct spatial frequencies. In practice, one is chosen to be 0 mm -1 , while the second is a high frequency -generally ranging from 0.1 mm -1 and 0.5 mm -1 .

Demodulation

The acquired data are then demodulated to extract the amplitude modulation at a given spatial frequency.

Phase-shifting demodulation is a standard method for this purpose. Multiple algorithms exist, requiring different number and values of phase shifts [30]. Three phase shifts of 120° is the most commonly encountered scheme for SFDI. The detected reflected intensity I by the camera can be expressed as the sum of a planar component IDC (DC) and a spatially modulated component IAC (AC). Given the illumination spatial frequency fx along the x direction and φ the pattern phase shift, the AC component is expressed as follows,

with MAC being the modulation amplitude of the detected signal (EII.16):

𝐼 𝐴𝐶 = 𝑀 𝐴𝐶 (𝑥, 𝑓 𝑥 ). cos(2𝜋. 𝑓 𝑥 . 𝑥 + 𝜙) (𝐸𝐼𝐼. 16)
With three phase shifts φ1, φ2 and φ3 of 0°, 120° and 240°, respectively, the corresponding recorded images I1, I2 and I3 can be manipulated to calculate the modulation amplitude for each pixel of the image (EII.17).

The amplitude of the DC component can be extracted from any illumination frequency (EII.18), yielding the amplitude modulation for fx = 0 mm -1 . In practice, it is instead preferable to acquire a separate set of images with fx = 0 mm -1 and use (EII.17) to obtain the DC component, as this operation eliminates features common to all three images such as dark noise or constant ambient light. Indeed, the DC component obtained using (EII.18) contains the mean of background and noise components present in I1, I2 and I3, which must not be taken into account as contribution to the reflectance.

𝑀 𝐴𝐶 = 2 1 2 ⁄ 3 [(𝐼 1 -𝐼 2 ) 2 + (𝐼 2 -𝐼 3 ) 2 + (𝐼 3 -𝐼 1 ) 2 ] 1 2 ⁄ (𝐸𝐼𝐼. 17) 𝑀 𝐷𝐶 = 1 3 . (𝐼 1 + 𝐼 2 + 𝐼 3 ) (𝐸𝐼𝐼. 18)

Calibration

In such a configuration, the modulation amplitude MAC is the product of the source intensity I0; 

Optical properties extraction

The extraction of the tissue optical properties maps consists in solving the inverse problem for µa and µs' at each pixel of the image, from the measurements of diffuse reflectance at different spatial frequencies. A popular solution employed is the generation of lookup tables using Monte Carlo models. Such LUTs are built by generating an array of diffuse reflectance based on pairs of µa and µs' coefficients over large ranges. LUTs can be efficiently pre-computed using GPUs. A set of two diffuse reflectance measurements at two distinct spatial frequencies is thus sufficient to determine a unique solution for µa and µs'. An interpolation step is involved to estimate the coefficients, since the LUTs are generated with a finite sampling rate. This step is computationally inexpensive and enables fast processing of the images.

In practice, this workflow produces valid measurement only in the case where the measured sample is flat and placed at the same working distance the calibration was performed. Indeed, varying working distance within the field of view would introduce bias in the modulation amplitude, thus distorting the optical properties maps. To this purpose, profilometry measurements and a height calibration can be introduced in the workflow [31]. An illustration of profile-corrected SFDI is shown in Overall, the processing steps are not computationally intensive, leading to fast image processing. Moreover, workflow can be optimized using highly parallelized computing on GPUs. However, the multiple image acquisition is time consuming and as such SFDI is not real-time compatible, thus unsuitable for intraoperative use.

An alternative implementation of SFDI named Single Snapshot imaging of Optical Properties (SSOP) has been derived, reducing the number of required images to only one high frequency image by performing the demodulation in the Fourier space [33]. An adapted SSOP workflow for profile-corrected measurements has also been proposed [34]. A pair of low-pass and high-pass filters are used for filtering the DC and AC components, respectively. The Fourier space filtering being prone to creating artifacts and causing resolution loss in the images, a combination of anisotropic filters has been proposed, increasing the image quality [35]. Finally, an approach using deep learning (DL) for demodulation has been developed, yielding high-quality, profile-corrected imaging also from a single high frequency image input [36].

For more practical information about SFDI, an open-source guide for building a low-cost, compact, multispectral SFDI system has been proposed, along with a dedicated website providing detailed assembling instruction and comprehensive resources to operate the system. In Chapter III, the applications of SFDI for endogenous functional and structural imaging are detailed [37].

III. Intraoperative guidance using near-infrared optical imaging

In this chapter, the use of advanced diffuse optical near-infrared imaging for intraoperative guidance is discussed. Endogenous imaging is first described, presenting the use of SFDI for the extraction of absolute chromophore concentration, but also physiological parameters and structural parameters. This label-free method has the potential to yield crucial information for intraoperative tissue status assessment. Second, the use of exogenous fluorescence imaging for routine clinical care is discussed. Finally, current commercially available imaging devices are presented. The data were compiled from various sources [1][2][3]. These constituents include: hemoglobin (Hb), water and lipids.

-Hemoglobin

Hemoglobin is a metalloprotein found in red blood cells responsible for oxygen transport from the lungs to the rest of the body. Within hemoglobin are four heme groups based on an iron (Fe) ion.

Dioxygen molecules (O2) can bind to this site and consequently be carried through the body. The captured oxygen is then released to enable cellular respiration and metabolic functions. When carrying oxygen, hemoglobin is referred to as oxyhemoglobin (HbO2) whereas without bound oxygen it is called deoxyhemoglobin (HHb). Typically for a healthy human individual, hemoglobin concentration per liter of whole blood is around 150 g/L. Hemoglobin represents 35 % of the red blood cells' content, while most of the rest in mainly water [4]. Given its high content within blood, the hemoglobin concentration is thus a good indicator for blood perfusion monitoring. The significant spectra differences yield the ability to optically distinguish HHb from HbO2 enables the assessment of cellular metabolism and consequently tissue viability [5,6].

-Water

Water is a major constituent of the human body. It constitutes a solvent in which metabolic functions occur. This molecule is also itself involved in metabolic functions such as respiration. Its The inversion of Beer's law requires a multispectral measurement of absorption, consequently requiring extensive data acquisition. If SFDI is capable of imaging µa in real-time quantitatively over large FOVs with high spatial resolution, the acquisition of images at several wavelengths considerably slows down the imaging process, compromising the real-time capabilities of the method. The next sub-section presents approaches to achieve real-time chromophore concentration imaging with SFDI, along with applications to functional imaging.

III.1.2. Functional imaging: physiological parameters monitoring

Physiological activities within the body can be monitored through the evolution of molecular concentrations or indicators derived from these concentrations. For instance, tissue oxygen saturation (StO2) represents the fraction of oxyhemoglobin relative to the total hemoglobin in the blood. Its value -usually expressed in percents -is calculated as the ratio of the HbO2 concentration [HbO2] and the total Hb concentration

[HbT] = [HHb] + [HbO2] (EIII.4).

The oxygenation rate in tissues being directly related to the blood flow and cellular respiration, it represents a major indicator of blood perfusion. For instance, a decrease in StO2 is characteristic of a lack of blood supply to the tissue -referred to as ischemia. In complement to StO2 monitoring, variations in oxyhemoglobin and deoxyhemoglobin concentrations may reflect occurring arterial and venous occlusions [7].

𝑆𝑡𝑂 2 = [𝐻𝑏𝑂 2 ] [𝐻𝐻𝑏] + [𝐻𝑏𝑂 2 ] (𝐸𝐼𝐼𝐼. 4)
In practice, [HHb] and [HbO2] are extracted from absorption coefficients measured in the 650nm to 900nm range. This window features low absorption from most of the biological tissues constituents, enabling indepth probing. HHb and HbO2 being the main absorbers in this range, Beer's law can be extracted from µa measured at two wavelengths. For an accurate separation of the two contributions, the wavelengths must be chosen in accordance with the individual spectra of HHb and HbO2. An optimal wavelength pair of 670 nm and 850 nm wavelengths for in-vivo hemodynamic tissue measurements has been proposed [8].

SFDI-based StO2 imaging has been demonstrated in human studies for skin flap oxygenation assessment during reconstructive breast surgery [7]. The measured StO2 rate was proven to be accurate, showing results within 10 % of those made with an independent FDA-approved local probe device (ViOptix).

Additionally, the visualization of oxygenation over large areas of tissue comforts the added value of using SFDI for StO2 imaging. Although the employed imaging system was based on several cameras for performing fast multispectral acquisitions, the standard implementation of SFDI did not yield real-time imaging.

Temporal modulation of illumination has been proposed to achieve wavelength multiplexing as an alternative for achieving multispectral acquisition of SSOP data with a fast framerate [9]. In complement, In practice, the model fitting can be achieved from the measurement of µs' at three different wavelengths, yielding scattering amplitude and power maps. The scattering amplitude is directly related to the density of scatterers, while the scattering power is related to the size distribution of the scatterers.

In turn, SFDI is capable of providing contrast imaging based on the scattering power b and amplitude A of tissues. Its ability to characterize structural microscopic changes within the tissues make it a powerful tool for various clinical applications, such as the prevention of chronic foot ulceration in patients with diabetes, the monitoring of tumor treatment response or the time categorization of burn wounds severity [13][14][15].

III.2. Exogenous near-infrared imaging

While endogenous imaging takes advantage of light interaction with the tissues structural features and molecular constituents, exogenous imaging makes use of contrast agents to highlight structural features within the body including vasculature or the lymphatic system, but also lesions such as tumors of all types.

This section focuses on the use of near-infrared fluorescent contrast agents in macroscopic NIR fluorescence imaging.

III.2.1. Fluorescent contrast agents

Similarly to other medical imaging modalities, fluorescent contrast agents are employed in optical imaging to enhance the detection of structures of interest or highlight physiological activities. These agents are injected preoperatively or intraoperatively depending on the application and the molecule's characteristics.

Both targeted and non-targeted fluorophores exist.

Two of the most frequently employed non-targeted fluorophores for fluorescence image-guided surgery (FIGS) are methylene blue (MB) and indocyanine green (ICG). Both of these agents are approved by United

States Food and Drug Administration (FDA) and the European Medicines Agency (EMA). MB and ICG are respectively referred to as 700 nm and 800 nm dyes in relation to their emission spectra located in these ranges. Since these fluorescent dyes feature peak excitation and detection in the NIR range, they enable indepth assessment of structures of interest [16]. Moreover, these radiations being invisible to the surgeon, no interference with clinical workflow is noticeable. The use of such contrast agents for structural imaging is detailed below.

Targeted fluorescent agents are the combination of a fluorophore and a targeting agent such as antibodies or peptide fragments. Popular fluorescent tracers include 800 nm dyes such as cRGD-ZW800-1, bevacizumab-800CW and SGM-101, all currently involved in advanced clinical trial phases [17]. Their promising application to cancer surgery comforts the need for fluorescence imaging in the operating room [18].

III.2.2. Structural features imaging

NIR FIGS can be used as an alternative to other medical imaging modalities for structural imaging. There are numerous applications in cancer surgery, from the tumor detection and margin assessment to the reconstruction procedures. Another use of fluorescence imaging is dedicated to preserving vital structures from damage during surgery by highlighting them. A non-exhaustive list of examples is presented below.

-Sentinel lymph nodes mapping A sentinel lymph node (SLN) is the first lymph node draining a tumor. This site is thus most prone to the development of lymphogenic metastases and must generally be resected. The use of fluorescence imaging enables inspection of the lymph drainage and accumulation in the lymph node after peritumoral injection of a fluorophore. In turn, the SLNs can be mapped, and resected while preserving as much as healthy tissue as possible [19]. ICG and MB have been widely used for this application.

-Hepatic metastases imaging:

Hepatic metastases can be delineated using ICG. This compound is exclusively cleared by the liver, where lesions might be located. Their presence perturbates the excretion of ICG into bile, causing the ICG to accumulate around the tumor. A rim of fluorescence is thus visible around the tumor site, enabling margin assessment [20].

-Ureter imaging:

The ureter can be highlighted during distal colon and rectum surgery to avoid any accidental damage to it. The use of dyes such as MB, ZW800-1, IS-001 and IRDye-800BK have been reported for this application [21]. Alternatively, the use of a fluorescent coated catheter has been reported, enabling constant visualization of the ureter as opposed to injected dyes [22].

-Anastomotic perfusion:

ICG fluorescence angiography can be performed to assess blood perfusion during reconstruction procedures [23,24]. In bowel surgery, anastomoses are prone to leakage if the reconstruction includes ischemic tissue. Anastomotic leakage is a frequent complication inherent to colorectal cancer surgery that can benefit from enhanced blood perfusion assessment.

-Nerves imaging:

Using targeted agents, nerves imaging can be achieved during surgery in order to preserve them during resection procedures. Fluorescent probes are in development but still need to be translated to the clinic [25].

III.2.3. Fluorescent tumor tracers

A very promising application for targeted fluorescent agents is tumor surgery. By employing tracers targeting tumor cells, fluorescence imaging yields enhanced tumor detection and margin assessment. Such tracers are obtained by the combination of a fluorophore and an antibody or peptide fragment, capable of binding to tumor cells or compounds overexpressed by these cells. This aims at achieving more complete resections, while preserving healthy surrounding tissue. Typically, these tracers exhibit higher signal at the tumor site with a tumor-to-background ratio (TBR) over 2. Currently undergoing clinical translation fluorophores include: cRGD-ZW800-1, SGM-101, IS-002 and bevacizumab-800CW [26][27][28]. The ONM-100 tracer offers a slightly different approach for tumor targeting. It consists in a pH-sensitive nanoparticle conjugated with ICG which exploits the metabolic microenvironment of solid tumors to create an activable fluorophore [29].

Therefore, the concurrent development of fluorescent agents and fluorescence imaging systems bears potential to enhance intraoperative guidance, consequently improving the patient's outcome [30].

III.3. Commercially available imaging systems

Considering the growing number of applications for NIR optical imaging for intraoperative guidance, the market for imaging devices is expanding rapidly. This section presents a non-exhaustive panel of commercially available systems, their capabilities to assist procedures in a clinical environment and their impact on specific surgical procedures. First, exogenous fluorescence imaging systems are discussed. This technology being more mature, it is currently involved in routine clinical care. Second, functional endogenous imaging devices are presented. Based on a more recent technology, these have the potential to yield more objective and accurate tissue status assessment.

III.3.1. Fluorescence imaging

The deployment of NIR fluorescence image-guided surgery has intensified with the multiple developments of fluorophores and imaging systems [31]. Their use in clinical routines ranges from blood flow and tissue perfusion imaging, transfer circulation imaging in free flaps, plastic surgery, reconstructive surgery, or lymphatic imaging. While ICG is almost the only fluorophore used in the clinic, NIR fluorescence imaging systems are also extensively use for the clinical translation of new molecules, especially the emerging targeted agents [32].

Several key features can be set as desirable criteria for such imaging devices [33]:

-Real-time overlay of visible and fluorescence images

The overlay in real time of color images and fluorescence images is important to easily associate the anatomical view with fluorescence signals. This directly improves the surgical field navigation.

To this purpose, imaging systems feature processing including co-registration of images, color mapping and overlay algorithms. Guidelines for overlaying visible and fluorescence images have been proposed to optimize the visualization [34].

-Operation with ambient room light Ambient room lightning can feature a strong emission in the NIR spectral range. Consequently, background noise in the fluorescence images can rise, leading to decreased sensitivity for the imaging device. If simply switching off the operating room lights is a solution, it greatly interferes with the surgical workflow. Alternatively, ambient light can be provided by white LEDs that feature low NIR light emission. Technical solutions can be implemented as well to circumvent this issue:

imaging devices exist with parasite light rejection systems such as excitation modulation paired with lock-in detection.

-High sensitivity

The ability to image fluorescence emissions efficiently while maintaining a large working distance and high framerate is inherent to the sensitivity of an imaging system. High sensitivity along with suitable imaging conditions results in high signal-to-background ratio (SBR), enabling a better appreciation of contrast and finer structures details retrieval. Moreover, high sensitivity is key when using targeted agents, as their concentration in tissue is typically low. To this purpose, imaging systems can be equipped with high performance sensors, coupling high efficiency, low noise levels and gain control ability.

-Multiple fluorophores imaging Multiple fluorophores imaging is typically interesting when imaging a combination of targeted and non-targeted agents, highlighting vital structures and diseased tissues for instance. This multichannel functionality requires the implementation of multiple excitation sources combined with a multiple detection system, featuring complex sensors and filtering configurations. This criterium represents additional hardware and software requirements, especially considering overlaying images.

-Ergonomic use

Even if such systems are designed to be integrated to the surgical workflow with minimum interference, different ergonomics approaches can be distinguished. A few handheld devices exist in very compact and portable forms, suitable for providing access to complex geometries. However, such systems show limited capabilities due to design compromises. The majority of systems consist in wheel-based platforms with larger footprints but also extended capabilities in terms of acquisition, processing and visualization. Finally, laparoscopic implementations are emerging, introducing fluorescence guidance into minimally invasive surgical workflows, where the visual capabilities of the surgeons are very limited, in addition to being deprived of palpation for navigation.

A non-exhaustive list of FDA-approved devices is presented in Table III -Visceral surgery

The vascularization and integrity of tissues can be assessed to assist anastomoses procedures, as HSI produces inputs to determine the optimal resection line or anastomotic region. The intraoperative feasibility was demonstrated for various organs across the abdominal cavity such as the esophagus, pancreas, small bowel, colon and liver [41,42].

-Transplantation surgery

The use of HSI for assessment of donor kidney quality and function in human kidney allotransplantation was demonstrated, enabling the prediction of delayed graft function, but also providing information about the kidney parenchyma and ureter viability throughout the surgical procedure [43].

However, due to the extensive data acquisition and processing inherent to HSI, such devices do not enable -Reconstructive surgical flaps

Reconstructive flap procedures following mastectomies or other surgeries require accurate oxygenation and perfusion assessment. In contrast to the current standard of care relying on the subjective evaluation of tissue discoloration and temperature, SFDI provides clinicians with objective metrics of tissue oxygenation and perfusion [45].

-Burn wounds

The diagnosis of burn wounds is based on visual inspection of wound coloring, tissue necrosis, burn surface area, and edema. This subjective assessment makes it difficult to assess the severity of the wound and apply an adapted treatment. SFDI has been proven to improve the burn depth assessment [46]. Although this technology provides objective quantitative imaging of physiological parameters, its implementation does not allow real-time imaging. Recent developments of SFDI introduced alternative approaches to achieve oxygenation imaging, but also structural and functional imaging in real-time, paving the way for its clinical translation to intraoperative use [START_REF] Gioux | Spatial frequency domain imaging in 2019: principles, applications, and perspectives[END_REF].

III.4. Conclusion

Based on the fundamental principles of NIR optical imaging described in Chapter II, this chapter detailed the current use of exogenous and endogenous imaging technologies in the clinic. Commercially available systems were presented along with their respective applications. However, encountered limitations restrain their impact on surgical guidance. Specifically, the subjectivity inherent to fluorescence imaging and the absence of real-time imaging capability for functional endogenous imaging greatly impact their suitability for intraoperative use. Limitations of these commercially available systems are further discussed in Chapter IV. For this standpoint, the objectives of this thesis work will be detailed.

IV. Doctoral work objectives

The previous chapters offered an overview of current medical imaging technologies deployed at the service of surgeons, with a focus on the intraoperative phase of the patient's surgical journey. Considering the respective strengths and weaknesses of conventional imaging technologies, near-infrared optical imaging was identified as a promising candidate for providing guidance through surgical acts. After covering the basics of topical light-matter interaction and light propagation modeling in biological tissues, advanced NIR optical imaging technologies were presented. Their relevance for specific clinical applications were demonstrated along with related commercially available imaging devices. Although part of them is currently involved in routine clinical care, these imaging technologies suffer from critical limitations, representing as many obstacles in their way of being adopted as standard of care. This chapter reports these limitations and presents the work axes and objectives of this thesis work.

IV.1. Overall objective

The end goal of this project is to bring the latest suitable imaging modalities for tissue status assessment to the clinic. To this purpose, a first objective is the development of a clinically-compatible imaging platform.

This device should be capable of widefield, high quality, real-time imaging of tissue oxygenation parameters implementing the latest advances in SFDI. In addition, the imaging system design should be compatible with fluorescence imaging in order to provide validation of oxygenation imaging against blood perfusion assessment with fluorescence angiography. Validation of the capabilities and performances of this imaging platform is expected in multiple scenarii of preclinical trials, paving the way to its clinical translation. A second objective is the demonstration of the combination of endogenous and exogenous imaging to produce widefield, high quality, quantitative fluorescence imaging using the multimodality of the platform.

Fluorescence quantification is expected to enhance tumor margin assessment and resection procedures by providing objective visualization. Validation is expected through preclinical trials.

IV.2. Limitations of standards of care

The motivation for this work stems from the limitations of the current standards of care. The management of diseases and surgical procedures is often reported to be inconsistent, because of a lack of consensus-driven clinical data. Besides the lack of performing tools for intraprocedural guidance, the subjectivity of existing solutions impacts the navigation and decision-making through surgical acts.

Blood perfusion is a longstanding issue that still suffers from unmet clinical needs. The ability to assess macro and microcirculation together with oxygen delivery yields tissue viability assessment or organ function monitoring. However, perfusion assessment is mostly based on visual inspection, empirical indices and contrast estimations. A non-exhaustive list of such inputs include:

-Visual inspection

A disturbed blood perfusion in tissue can be detected by eye, judging by the discoloration of tissues.

Since oxygenated and deoxygenated hemoglobin feature significant absorption in the visible range resulting in coloring the tissues, it is possible to locate and analyze blood perfusion perturbation in surface tissues. For instance, patches pattern of discoloration of the skin -or skin mottling -has been described in the case of decreased peripheral hypoperfusion [1].

-Clinical metrics Perfusion indices based on clinical evaluation and biomarker measurements may be used as indicators.

A large number of indices have been derived to categorize perfusion disorders [2]. Lactate is the most frequently monitored biomarker for this application [3]. Its concentration reflects cellular hypoxia, that may be linked to ischemia. In particular, local capillary lactates represent the tissue microcirculation state. However, this approach requires blood sampling and available blood gas analysis, producing a one-time one-location measurement.

Capillary refill time is a widely employed metric to rapidly assess capillary blood flow [4]. It represents the time for tissues coloration to return the baseline after application of blanching pressure. Typically ranging from 2 to 5 seconds, it provides a rule of thumbs for perfusion investigation.

StO2 represents the hemoglobin oxygen saturation in tissue and can be used as an indicator of hypoperfusion and hypoxia. Currently, point-measurement devices using NIR spectroscopy can deliver

StO2 assessment [3].

-Contrast imaging Blood flow imaging by taking advantage of red blood cells light scattering. Two similar technologies exist, producing real-time imaging of blood flow. Laser Doppler flowmetry measures the Doppler shift induced by the blood cell moving speed. Although useful for revascularization monitoring applications, it is limited by its small field of view and strongly impacted by the presence of heterogeneities in the tissues [5]. Laser speckle imaging is an alternative implementation with larger field of view but providing contrast measurements only [6].

Differently, NIR fluorescence angiography can be employed to monitor blood perfusion in real-time over large areas. However, the qualitative assessment inherent to fluorescence images introduces subjectivity bias in the decision-making.

NIR fluorescence imaging along with the development of new targeted agents also represented a breakthrough for tumor resection procedures. The ongoing clinical translation of such novel tracers could initiate a paradigm shift in cancer surgery standards of care. However, the same qualitative assessment on fluorescence contrast can lead to uncomplete resections. Moreover, varying tissue optical properties across tissues induce fluorescence distortions, introducing additional bias in the images assessment. Multiple correction algorithms have been proposed, mostly demonstrated to the case of single point probes [7].

IV.3. Work axis 1: Novel imaging system development

There is currently no existing imaging system capable of performing real-time widefield oxygenation and fluorescence imaging. Thus, the first set of objectives of this work is the design, implementation and testing of such an imaging system. The system architecture will be based on previously described systems for similar clinical applications. Hence, the device should feature one visible channel dedicated to anatomical imaging and two NIR channels for widefield endogenous and exogenous imaging, including assorted multicamera detection and illumination systems. A cart-based embodiment of the platform would allow a modular implementation, and ergonomic use. Instrumentation control, data processing and output visualization should be managed by a computer integrated to the device.

First in-vitro tests and following in-vivo preclinical trials will demonstrate the performances of the device, featuring the latest SFDI developments for real-time oxygenation parameters extraction but also fluorescence imaging. The validation by comparison with conventional methods will be a first step in the clinical translation of the device, proving its added value for blood perfusion assessment.

Clinical translation is a very demanding, labor-intensive and time-consuming process. Introduction to this process and guidelines specific to the case of NIR imaging have been previously proposed [8]. Fortunately, several advantages alleviate constraints in the case of this device: the imaging platform is used for observational purposes and not for diagnosis or treatment; no contact with the patient is needed; the use of selected contrast agents has already been approved for the specific same clinical applications.

IV.4. Work axis 2: Blood perfusion assessment for ischemia monitoring

If the suitability of SFDI for blood perfusion assessment and the feasibility of implementing SFDI-based oxygenation imaging in real-time have been demonstrated, the latest available technologies have not been tested in preclinical trials yet. The ad-hoc design of the developed platform enables the use of state-of-theart SFDI technology in a clinical environment, yielding widefield, high-quality oxygenation imaging in realtime. Preclinical trials with large animal models are expected to validate the performances of the imaging system by confronting its outcomes to standard perfusion assessment methods. To this purpose, ischemia models have been designed in various organs of the abdomen. StO2 rates extracted from the images are expected to correlate with fluorescence angiography, lactate concentrations, blood gas analysis and histopathological scores, confirming the ischemia detection and quantification by SFDI. Moreover, the realtime capability of the imaging system should exhibit the dynamics of the ischemia.

IV.5. Work axis 3: Tumor detection and margin assessment for cancer surgery

In the case of fluorescence-assisted tumor resection procedures, margin detection is based on a qualitative analysis of contrast images. A misinterpretation of this contrast could lead to an incomplete resection, or inversely to excessive removal of healthy tissue. The quantification of the presence of tumor tissue can consequently be key to finding a golden mean. While fluorescence quantification models have been derived

and applied to single-point probes, there are few reported translations of these methods to widefield imaging, and none feature a clinically-compatible implementation for macroscopic imaging using SFDI [9].

The implementation of such quantitative fluorescence imaging on the developed imaging platform will be assessed through preclinical trials. The fluorescence quantification is expected to produce a more accurate representation of the tumor tracer distribution, thus improving the interpretation of fluorescence images.

IV.6. Conclusion

Next chapters of this manuscript will detail the contributions related to the different work axes described in the previous sections. The development of a novel imaging platform as described in section 3 is described A novel multimodal imaging platform for intraoperative blood perfusion assessment is presented in this chapter. Its design, characterization and validation are detailed. This imaging device is capable of highquality, widefield oxygenation imaging in real-time as part of the surgical workflow for blood perfusion assessment. By design, it is also capable of NIR fluorescence imaging for direct comparison of current imaging standards with state-of-the-art oxygenation imaging. The underlying technology is first detailed.

Second, the imaging platform is described, with a focus on each subsystem. In-vitro characterization results are showed for optical properties imaging and fluorescence imaging. Finally, the validation of the imaging system for in-vivo use in a preclinical trial is detailed.

V.1. Context and motivation

The capabilities of NIR imaging greatly expanded over the past few years, providing feedback for tissue status assessment during surgery, and particularly blood perfusion assessment. There is currently no available tool capable of quantitative imaging of hemoglobin concentrations for blood perfusion assessment in clinical settings. Based on previously described imaging systems for NIR fluorescence and SFDI-based oxygenation imaging, a novel imaging platform integrating the latest SSOP developments for producing real-time oxygenation imaging is proposed [7,10,11]. In addition, the described platform is capable of performing NIR fluorescence imaging. This imaging modality being considered cutting-edge standard of care for perfusion assessment, the ability to perform both oxygenation and fluorescence imaging with the same device facilitates their comparison.

The system design is first detailed, with a description of each subsystem being part of the platform. Next, in-vitro characterization is presented, showing the performances of the devices for optical properties imaging and fluorescence detection. Finally, in-vivo validation demonstrates the ability of the imaging platform to dynamically detect ischemia in the small bowel by measuring tissue oxygenation in real-time.

V.2. Materials and methods

V.2.1. Oxygenation imaging

Spatial frequency domain imaging is a technique using structured light illumination and detection of diffusely back reflected light to optically characterize a sample [12]. Images are acquired while projecting sinusoidal patterns with several spatial frequencies, repeated for multiple phase shifts. Typically, a total of six patterns are employed: three 120° phase-shifted patterns at a 0 mm -1 spatial frequency (or CW patterns)

and at a non-zero high frequency. The data demodulation yields the modulation amplitude for both frequencied, also referred to as DC and AC components. A calibration step involving a sample with known optical properties produces diffuse reflectance maps of the sample from the DC and AC extracted components. Finally, an inverse solver enables the decoupling of the absorption and scattering contributions to the recorded reflectance of the sample, yielding quantified mapping of the absorption coefficient µa and reduced scattering coefficient µs'.

Alternatively, Single Snapshot of Optical Properties (SSOP) imaging relies on a single high spatial frequency frame, making its acquisition process compatible with real-time imaging [13]. This particular implementation of SFDI differs in its demodulation step, performed by filtering in the Fourier space.

Optimized filtering has been designed to reduce the inherent image degradation, and parallel computing has been employed to demonstrate real-time optical properties imaging using SSOP [8]. In order to further reduce remaining artifacts, a deep learning-based approach has been developed for the demodulation [9].

Moreover, this approach integrates tridimensional profilometry, yielding high-quality profile-corrected optical properties maps in real-time [9,14].

According to this method, two distinct convolutional neural networks (CNN) based on a U-Net architecture were established for data demodulation and profilometry purposes in the imaging workflow. The networks were trained based on high-quality imaged obtained from 7 phase-SFDI acquisition sequences. A total of 200 datasets were acquired: 40 images of tissue-mimicking phantoms with optical properties ranging from µa = 0.005 mm -1 to 0.05 mm -1 and µs' = 0.005 mm -1 to 0.05 mm -1 ; 52 in-vivo images of hands from healthy volunteers -Caucasian men and women -placed in various geometrical settings; 108 ex-vivo and in-vivo images of swine organs across the abdomen (stomach, small bowel, colon, kidney, pancreas, liver and spleen). This way, the imaging platform is equipped to extract optical properties maps with spatial resolution of 1 megapixel in real-time. From the absorption maps acquired at several wavelengths, chromophore concentrations such as oxyhemoglobin and deoxyhemoglobin can be measured by inverting Beer's law. Consequently, the oxygen saturation rate can be mapped.

V.2.2. System design

This section describes the imaging platform design by presenting each subsystem. An overview of the complete system is given in Figure V.1. This medical cart-based platform features a three channel-imaging head, fiber-coupled white light sources and laser sources, and a workstation.

V.2.2.1. Cart and arm

The platform is built upon a customized medical cart (Symbio cart, ITD, Neubiberg, Germany). This wheeled base is equipped with an isolation transformer to regulate power supply to the device and counterweights to safely balance the assembly. Two articulated arms bear display screens both for the surgeons and the operator. A third articulated arm (Elite 5220, ICW, Medford, OR, USA) is fixed to the central column to accommodate the imaging head. Its large reach enables a user to operate the system while keeping away from the sterile field. Cables can be guided from the devices through the central column. Inside is placed a 24V AC/DC converter (AKM90PS24, XP Power, Singapore) to provide power supply to the imaging head. The articulated arms conveniently fold for storage. The wide castors and large handle provide good mobility when deploying or rolling out the platform.

V.2.2.2. Imaging head

The imaging head is depicted in 

V.2.2.3. White light source & illumination

Two LED-based lamps (LO-35, Fiberoptics Technologies Inc., Pomfret, CT, USA) with custom 650 nm shortpass filters and fiber bundles provide a bright illumination of the surgical field. Though the LEDs emit low amounts of infrared light, the additional filter ensures an optimal visible illumination while preserving the NIR channels from background noise. The two fiber bundles split in two outputs each to produce a multiangle illumination from the imaging head over a large area -over 50 cm diameter at a 45 cm working distance.

V.2.2.4. Laser source

Custom laser sources were designed to equip the platform. A first source is dedicated to the DMD projector illumination to collect reflectance data for optical properties imaging while an adapted replica of it is dedicated to fluorescence imaging. The two sources are referred to as reflectance source and fluorescence source, respectively to their purpose. In order to dissipate the great amounts of heat generated by the laser diode cooling and different drivers, all the heating modules components are mounted on a tunnel heatsink equipped will push-pull fans. This design produces a compact assembly and while limiting noise due to the limited number of fans and their large diameter. Optical properties extraction was characterized by imaging an array of 12 tissue-mimicking phantoms of 6x6x2.5 cm. These cured silicone-base samples were fabricated using varying amounts of alcohol-soluble nigrosine and Titanium dioxide (TiO2) to tune the absorption and scattering of the material, respectively, spanning a large range of optical properties to be measured: µa ranging from 0.013 to 0.08 mm -1 and µs' ranging from 0.75 to 1.8 mm -1 at 665nm. These samples were imaged at 665 nm and 860 nm under a 0.2 mm -1 spatial frequency illumination, and processed using the deep learning-based implementation of SSOP. The measurements were compared to those obtained with a benchtop imaging system using 7 phase-SFDI.

V.2.3.2. Illumination characterization

Peak fluence rates were measured at 45 cm working distance in the center of the field of view using a digital handheld power meter (PM100D, Thorlabs, Newton, NJ, USA) at 665 nm and 860 nm while projecting a continuous wave pattern, and at 760 nm by fiber illumination

V.2.3.3. Noise and sensitivity performances

In order to quantify the background noise in the fluorescence images, the contributions from dark noise and both white light and excitation light leakage were measured. Two different background materials were placed at 45 cm from the imaging head: a large tissue-mimicking phantom with µa = 0.012 mm -1 and µs' = Fluorescence excitation was produced using 760 nm laser light.

V.2.4.3. Oxygenation imaging

A sinusoidal pattern with spatial frequency of 0.2 mm -1 was projected at both 665 nm and 860 nm wavelengths using the DMD projector. Reflectance images from the NIR1 and NIR2 channels were acquired, as well as color images from the VIS channel for anatomical reference. Images were recorded starting 2 minutes before occlusion to establish the oxygen saturation baseline, and during 12 minutes after occlusion.

After performing fluorescence imaging, oxygenation imaging resumed to record for 3 minutes during the end of the reperfusion phase.

V. A set of 12 tissue-mimicking phantoms was imaged first with a benchtop imaging system using 7 phase-SFDI as reference. The images produced by the clinical platform were processed using deep learning-based SSOP. High image quality and good accuracy with respect to optical properties extraction were achieved. Errors in µa and µs' measurements were respectively below 2.7 % and 2.7 % for both 665 nm and 860 nm oxygenation imaging wavelengths.

V.3.1.2. Illumination characterization

A continuous-wave illumination was produced using the DMD at both 665 nm and 860 nm oxygenation imaging wavelengths. At 45 cm working distance, a power meter probe was placed in the center of the fieldof-view. Fluence rates of 0.93 mW/cm² at 665 nm and 1.51 mW/cm² at 860 nm were measured. The fluorescence excitation field at 760 nm showed a peak fluence rate of 31.51 mW/cm².

V.3.1.3. Noise and sensitivity performances

Background noise in the NIR2 channel was measured using successively a tissue-mimicking phantom and a sheet of white paper placed at 45 cm working distance. 

V.3.1.1. Fluorescence imaging outcome

At 12 minutes into the occlusion phase, a dose of ICG was intravenously injected. Images from the NIR2 and VIS channels were recorded at 12 frames per second with 50 ms exposure time and 2x2 sensor binning while illuminating the surgical field with 760 nm laser light. Fluorescence intensity was monitored in a 120x180 pixels region of interest (ROI) located in the ischemic area and in a 50x50 pixels ROI located in a perfused area. The fluorescence signal reached its peak in the perfused area 35 seconds after injection before decreasing and stabilizing at 58 % of the peak intensity 1 minute later.

After 14 minutes of occlusion, the clamp was released. The fluorescence intensity immediately increases in the ischemic area, as the perfusion resumes. When stabilizing, the intensity reaches 72 % of the intensity in the control area.

V.3.1.2. Oxygenation imaging outcome

Oxygenation imaging was achieved at 12 frames per second using structured illumination at 0.2 mm -1 spatial frequency at 665 nm and 860 nm. 

V.4. Discussion

The in-vitro characterization of the imaging device demonstrates its performances for optical properties Overall, the design of the imaging platform ensured minimal interference with the surgical workflow by maintaining a long 45 cm working distance, providing bright white light illumination of the surgical field, and by featuring ergonomic handling of the device. However, the presented results were obtained through post-processing. Real-time processing and visualization need to be implemented for use in clinical settings.

V.5. Conclusion

In conclusion, the design, characterization and validation of a novel multimodal imaging platform for oxygenation and fluorescence imaging in real-time in a clinical environment were presented. The validation of the imaging device was achieved in-vitro before demonstrating its performances in-vivo in a preclinical study for blood perfusion monitoring in the small bowel.

In Chapter VI and Chapter VII, the capabilities of performing oxygenation imaging for blood perfusion monitoring will be demonstrated, in the cases of ischemia in the small bowel and in the stomach, respectively. These preclinical studies demonstrate the use of oxygen saturation mapping as a reliable indicator to detect and quantify ischemia of tissue, while highlighting the benefits of widefield, real-time imaging. Finally in Chapter VIII, the capabilities of the imaging platform will be extended to quantitative fluorescence imaging. Its impact on tumor surgery will be assessed through a preclinical study.

VI. Quantification of bowel ischemia using real-time SSOP imaging

In the previous chapter, a novel imaging system for oxygenation imaging in real-time was presented and characterized. This chapter aims at the validation of this device by validating the measurement of StO2 rates for the detection and quantification of ischemia in the small bowel. A preclinical study was performed for the assessment of blood perfusion in both pure ischemia and ischemia followed by reperfusion settings.

The extracted oxygenation rates were shown to be correlated to the capillary lactates concentrations measured by blood sampling. Further confirmed was obtained by histological analysis of the bowel tissues.

The need for blood perfusion assessment during bowel surgery is first detailed, along with currently available tools. Oxygenation imaging and the use of the previously detailed imaging system are briefly presented before introducing the surgical workflow for pure ischemia, and ischemia followed by reperfusion protocols. The correlation between the extracted StO2 rates and sampled capillary lactates concentration is established. Ischemia is then confirmed by histology analysis. Finally, the strengths of oxygenation imaging as a tool for real-time ischemia detection and quantification are discussed.

VI.1. Context and motivation

Anastomotic leak (AL) is a major complication in digestive surgery accountable for considerable morbidity and mortality [1,2]. The AL incidence is particularly high after esophageal (20-35%) and colorectal resections (4-19%), and in cases which require extraperitoneal anastomosis [3,4]. The pathophysiology of AL is multifactorial and includes patient non-modifiable factors such as comorbidities, nutritional score, and oncological status including neoadjuvant treatment. On the other hand, there are surgical modifiable factors which influence the incidence of AL such as the level of transection ensuring optimal perfusion.

Adequate perfusion is a key component of the anastomotic healing process. However, an intraoperative evaluation of perfusion is mostly based subjective clinical criteria, namely serosal discoloration, blood flow from the marginal artery, and pulsatile bleeding at the cut edge of the bowel [5]. As a result, intraoperative technologies which enhance the surgeon's ability to quantify and identify transection and anastomotic sites are strongly required.

Over the past few years, near-infrared fluorescence imaging (FI) based on indocyanine green has been extensively studied as a tool to provide an enhanced evaluation of bowel perfusion in real time [6].

Promising results have been demonstrated in several prospective clinical trials in which ICG-FI improves surgical outcomes by decreasing the incidence of AL [7,8]. However, the diffusion of the fluorophore from perfused to non-perfused areas and the lack of quantification of fluorescence intensity may lead to an overestimation of marginal zones. Additionally, the estimation of perfusion using fluorescence angiography (FA) mandates the use of an exogenous agent, which is one of the main burdens of exogenous fluorescence [5].

Alternatively to exogenous fluorescence imaging, non-invasive label-free real-time optical imaging technologies have been developed. They are promising tools since they allow for an adequate surgical workflow without the constraints of administering external chemical compounds to the human body.

Consequently, the clinical translation of such endogenous optical imaging-based devices can be accelerated and disseminated. In order to obtain physiological local information, most devices used are based on NIR spectroscopy, such as hyperspectral and multispectral imaging technologies [9]. A spectroscopic approach allows for non-contact reading of StO2 with high spatial resolution and with a large field of view (>15x15 cm 2 ), thereby improving intraoperative decision-making by adding quantitative information. Single Snapshot of Optical Properties has recently been developed. It is a contrast-free real-time non-invasive optical imaging technique, which allows to evaluate physiological tissue properties. SSOP is based on the well-known diffuse optimal imaging method named spatial frequency domain imaging which uses light propagation models to quantify optical properties, discriminating light scattering from tissue microstructures from light absorption by tissue molecular constituents [10]. Therefore, SSOP is able to determine tissue oxygenation by extracting the fraction of oxygenated over total hemoglobin in real-time.

It has proven to be an efficient method since it allows the reduction of the number of image acquisitions down to a single frame, enabling real-time imaging. This constitutes a great advantage in the surgical setting, hence preventing from workflow disruption [11]. Its previously evaluated performance during in vivo non-experimental models has proven to achieve a high accuracy (i.e., less than a 10% error) [12]. The aim of this experimental study was to preclinically evaluate the accuracy of SSOP in quantifying bowel perfusion using robust and validated biomarkers such as capillary lactates.

VI.2. Materials and methods

VI.2.1. Real-time oxygenation imaging

SSOP Imaging

Single Snapshot imaging of Optical Properties is based on the projection of spatially modulated patterns of light on the sample and on the acquisition with a camera of the diffused back reflected light. SSOP was developed as a real-time adaptation of the more time-consuming phase-shift SFDI which requires at least six frames for the extraction of the optical properties of tissues. Indeed, in a standard SFDI workflow, two different spatial frequency profiles (e.g., 0 mm -1 and 0.2 mm -1 ) with three-phase shifts for each of them are projected on the sample surface, allowing for the demodulation of the signal into its DC and AC components [13]. Differently, SSOP requires only a single high frequency pattern to be projected on the tissue, thanks to a Fourier's domain filtering approach for the demodulation step, thus reducing from six to one the number of frames needed for the acquisition and enabling for a real-time capability of the imaging system [14]. Following the demodulation, both SFDI and SSOP share the same workflow starting from a calibration step involving the measurement of a calibration phantom with known optical properties. The measurements of this tissue mimicking phantom allows us to to compute the diffuse reflectance maps for the sample, i.e., RDC (0 mm -1 ) and RAC (0.2 mm -1 ). Finally, a Monte Carlo-based look-up table algorithm, allows to retrieve the optical properties of the sample (i.e., absorption and reduced scattering coefficients)

for each pixel of the image [15]. The natural consequences of the single frame approach are a degradation in image quality and the presence of edge artefacts. Nevertheless, significant improvements have been achieved in recent years by first optimizing the filtering technique and by adopting deep neural network approaches for the demodulation [16]. Additionally, the latest developments on SSOP also account for a tridimensional profile correction of the sample in order to reduce the quantification error of SSOP associated with a variation of light intensity across non-flat sample surfaces [12].

Deep Learning Method for SSOP

For this study, the latest SSOP deep learning-based approach replaced the standard Fourier's domain filtering technique to improve the overall image quality, as described by Aguénounon et al. [12]. Briefly, 

VI.2.2. Clinically-compatible imaging system

The imaging system is based on a digital-micro-mirror device (DMD, Vialux GmbH, Chemnitz, Sachsen, Germany) to project structured light in the form of sinusoidal patterns at 45 ± 5 cm working distance. The projection system is fiber-coupled to a dedicated, custom-made, class 3R high-power laser source composed of laser diodes (LDX Optronics, Maryville, TN, USA) and used here to project patterns at 665 nm and 860 nm for oxygen saturation measurements [17]. A white high power LED lamp (LO-35, Fiberoptics Technology, CT, USA) is also used to illuminate the surgical field to provide anatomical visualization specifically filtered to avoid impeding oxygen saturation measurements. The imaging head is built with three CMOS cameras (JAI GO-5000M-USB, JAI Ltd., Kanagawa, Japan; Edge 4.2, Excelitas PCO GmbH, Kelheim, Germany; JAI GO-5000C-USB, JAI Ltd., Kanagawa, Japan,) sharing the same field of view of 15x15 cm 2 for the collection of the NIR1 (665 nm), NIR2 (860 nm) and the RGB channels with a resolution of 1024x1280 pixels. In addition, low-pass and high-pass filters are used in the optical path to isolate the 

VI.2.3. Animal model and bowel ischemia model

Animal models Anesthesia was maintained with 2% isoflurane. At the end of the procedures, pigs were sacrificed with an intravenous injection of a lethal dose of potassium chloride.

A

Pure ischemia model

A central venous line was placed by means of internal jugular vein venodissection. A midline laparotomy was performed using electrocautery. A self-retaining retractor was then placed and a 20cm small bowel loop was exposed in order to create bowel ischemia by diving arcade branches. Five regions of interest were marked with an interrupted suture in the antimesenteric border (ROI 1: central ischemic; ROI 2: left marginal; ROI 3: left vascularized (2.5 cm from ROI 2); and symmetrically ROI 4: right marginal; ROI 5: right vascularized (2.5 cm from ROI 4)). The small bowel was imaged following the SSOP imaging workflow at 665 nm and 860 nm before and after the ischemia at different time points (T0, T15, T30, T45, T60 min). The SSOP image acquisitions were performed in the dark (i.e., with the light turned off in the operating room), in order to reduce the risk of bias from background noise in the raw data. Nevertheless, the system can be also operated in standard ambient light conditions via an adapted calibration routine.

Ischemia / reperfusion model

To assess the accuracy of the imaging system in detecting oxygenation changes a short ischemia/reperfusion model was designed. Same surgical principles were preserved for laparotomy. Six 

VI.2.4. Capillary lactates for ischemia monitoring

Capillary lactates

For the pure ischemia model, local capillary lactates concentrations (mmol/L) were measured at each time points by means of a portable analyzer (EDGE ®lactate analyser, ApexBio, Taipei, Taiwan). Lactate being a product of the glycolysis process, its accumulation reflects a lowered mitochondrial activity in the presence of reduced O2 concentration. This method has been described earlier in studies on the metabolic effect of bowel resection [19,20]. Systemic lactates were also measured in venous blood retrieved from the central line and using the EPOC® Blood Analysis System (Siemens Healthcare, Germany), a portable blood analyzer.

Histological analysis

For the pure ischemic model, full thickness biopsies were retrieved at the end of the procedure, specimens were fixed in a 4% formalin solution for at least 24 hours. Four μm thick sections were cut from paraffinembedded tissues and stained with hematoxylin and eosin. Biopsies were taken from each ROI after 60 minutes of ischemia and one from a distal part before the creation of the ischemic loop, which served as a control. A microscopic assessment was made (Leica 2000 LED, Leica Biosystems GmbH, Wetzlar, Germany)

using Park/Chiu's scoring system of intestinal ischemic damage [21,22].

Statistical analysis

All statistical analyses were performed using the GraphPad Prism software for macOS (GraphPad Software, Inc. USA), version 9.1.1. Data are shown as mean and standard deviation (SD) unless otherwise indicated.

Local capillary lactates were normalized by the systemic lactates concentrations to reduce better reflect the local variations of lactates within the bowel tissue. In order to assess the correlation between normalized lactates and SSOP-StO2, a Pearson's rank correlation coefficient was calculated. A Student's t test was used to compare continuous variables after confirmation of a parametric distribution using the Kolmogorov-Smirnov normality test. A p value < 0.05 was considered statistically significant.

VI.3. Results

VI.3.1. In-vivo oxygenation imaging outcome

Pure ischemia model

The mean value of SSOP-StO2 in ROI 1 was 30.08 % ± 6. 

Ischemia / reperfusion model

In the short ischemia / reperfusion model we found that ROI 1 has a mean 57.54 ± 5. 

VI.3.2. Capillary lactates and oxygenation correlation

The oxygenation rates and capillary lactates measurements and correlation are compiled in 

VI.4. Discussion

In the presented experimental pure bowel ischemia model, the imaging platform could provide accurate quantification of tissue StO2, which is a useful indicator of tissue viability. Additionally, the extracted StO2 values were correlated with a validated marker of tissue perfusion such as strip-based capillary lactates [20]. Local bowel capillary lactates were normalized via systemic lactates to reduce the variability between animals. The high number of paired normalized capillary lactates and StO2 datasets (175) at different time points allowed to compute a statistically significant negative correlation between those two parameters.

Additionally, StO2 images from the imaging platform were also correlated with the histopathological ischemic score. The Park/Chiu's score used in this experiment was based on all intestinal layers. Although is well-known that the intestinal mucosa and submucosa are the first ones affected by impaired perfusion since they receive most of the mesenteric blood flow (70%), the muscularis and serosal layers can also be damaged during ischemic periods [23]. Ischemic ROIs mostly presented with denuded villi and dilated capillaries. However, the evaluation of the StO2 images was performed in the serosal side and consequently, histopathological repercussions in external layers are definitely elements of interest. Nevertheless, one must stress that this was a short-term ischemia model (1 hour), and transmural necrosis is mostly developed after longer ischemic periods (6 hours) [23]. In fact, the higher Park/Chiu's score of 6, which represents crypt layer injury was found in one case only. To verify the accuracy of the imaging system a short ischemia / reperfusion model was employed in which the device was able to detect the decrease of StO2 as soon as the clamping occurred. As for the reperfusion, once the bulldog clamp was released the imager was able to detect an StO2 improvement in the ischemic area.

Intraoperative perfusion assessment constitutes a critical issue during digestive surgery. In NIR-FA, ICG has been so far the most commonly used fluorophore to evaluate local microperfusion [25]. ICG-FA has been rapidly expanded by the increasing availability of optical imaging systems [26][27][28]. However, ICG-FA has limitations, most ICG-FA optical systems are based on relative fluorescence intensity without considering diffusion, since perfusion is a dynamic process in which the fluorophore tents to distribute into ischemic areas overtime, the static evaluation can lead to an overestimation on non-perfused areas. Secondly, the fluorescence intensity is inversely correlated to the source-to-target distance, this fact makes those structures closer to the source brighter than areas faraway. To prevent from distance bias, distance standardization between the NIR-endoscope and the surgical field and/or the use of a reference calibration tool must be performed during image acquisition [29].

In order to overcome ICG-FA drawbacks, quantification methods which are independent of distance have been developed to obtain a perfusion cartogram based on the dynamic uptake of the fluorophore over time such as fluorescence-based enhanced reality (FLER) or Q-ICG [25,30,31]. Although the use of quantitative methods offers significant improvement as a reproductible and robust solution, at present they have not been extensively adopted. Despite exogenous fluorescence is a well-established intraoperative technology to assess gastrointestinal perfusion, there is still no standardized approach regarding its use as reported in the IHU-IRCAD-EAES EURO-FIGS registry recently [32]. Certainly, the highest level of evidence holds promising result regarding the impact of ICG-FA in decreasing AL, nevertheless the quality of nonrandomized retrospective clinical studies included in the latest meta-analyses must be considered, as well as non-quantitative methods used to estimate perfusion [33][34][35][36].

As compared to FA, endogenous imaging methods including SSOP can provide a greater amount of quantitatively significant data by characterizing several tissue components including StO2 which reflects intracellular metabolic changes induced by ischemia. HSI is an eminent well-known example of endogenous imaging technology, as previously discussed data extraction by means of HSI is based on NIR spectroscopy.

The accuracy of HSI to evaluate perfusion has been studied during esophagectomy, in 22 patients HSI was able to discriminate between gastric conduits with and without laparoscopic ischemic preconditioning (StO2 66% vs 78%, p = 0.03) [37]. Additionally, perfusion assessment in colorectal surgery has been compared between HSI and FA showing comparable results in detecting the optimal demarcation line [38].

Although HSI is a promising technology, it does not allow for a video rate acquisition and the large datasets require post-processing algorithms to discriminate features according to spectral curves. To overcome this limitation, a novel method named HYPerspectral Enhanced Reality (HYPER) was proposed. HYPER has shown in a preclinical trial superior results in detecting tissue oxygenation as compared to quantitative fluorescence angiography [9]. However, HYPER requires images superimposition using augmented reality onto real-time videos to achieve real-time intraoperative guidance making its use currently limited [3]. At present, SSOP is a more adapted surgical navigation system method since it allows for a video rate noninvasive, wide-filed (> 100 cm 2 ), quantitative multispectral characterization of metabolic properties through a single frame acquisition [39]. As previously stressed, SSOP is based on SFDI which is a noncontact multispectral optical imaging method that allows for accurate measurement of tissue optical properties over large fields of view [14,40]. The importance of SFDI lies on the independent measurement of light absorption and scattering.

In the first in-human pilot trial which evaluate three patients, SFDI proved to be accurate in assessing oxygenation of microsurgical deep inferior epigastric perforator flaps during reconstructive breast surgery [41]. Nevertheless, SFDI is time consuming since it requires the acquisition of several images (i.e., at least 6)

being inconvenient for the surgical workflow. To address these constraints SSOP was developed as enhanced fast optical intraoperative navigation tool. However, with the conventional process with images reduction SSOP initially suffered from degraded visual quality as compared to the 7-phase SFDI. Artificial intelligence has been used to overcome these issues, using a GPU-accelerated deep learning algorithm.

SSOP GPU-accelerated DL evaluation of in vivo human hands and ex vivo animal organs showed superiority in terms of image resolution and degradation as compared to classical SSOP-filtering approach. Errors as low as 7.5 ± 2.7 % were presented with this DL processing methodology [12].

VI.5. Conclusion

Herein, the imaging platform uses SSOP GPU-accelerated-DL using Convolutional Neural Networks (CCNs)

and allows for a non-contrast physiological real-time assessment in an in vivo one-hour ischemic model.

Additionally, the use of artificial intelligence helped to maintain high image quality comparable to the 7phase SDFI. The promising results presented in this article of SSOP-StO2 can be potentially expanded into other fields for surgical guidance.

This study relies on a robust methodology. The limited number of animals represents a limitation since six pigs were only studied, which could account for the inter-animal variation in terms of capillary lactates and StO2 values. Another downside of the present study lies in its non-survival design, which does not make it possible to evaluate the impact of SSOP on anastomotic healing. Consequently, future studies should include a survival anastomotic model to fully assess the potential of SSOP-based oxygenation imaging for improving the outcome of anastomotic procedures.

In conclusion, the design of the imaging device made its integration into an open-surgery workflow effortless. Oxygenation mapping was performed safely, and the operating conditions were comfortable.

Based on standardized metabolic biomarkers, SSOP-StO2 allows for a contrast-free accurate assessment of small bowel perfusion identifying physiological tissue properties.

Anastomotic leakage is a common complication related to surgery throughout the abdominal cavity. This includes esophagectomy procedures, which are considered in the next chapter.

VII. SSOP imaging for perfusion assessment during gastric conduit creation for esophagectomy

This chapter presents a second study aiming at the validation of SSOP-based oxygenation imaging for blood perfusion assessment. While the previous chapter focused on the small bowel with pure ischemia and ischemia with reperfusion settings, the following study is centered on the stomach ischemia monitoring.

Consistently, the StO2 rates measured with SSOP were correlated with lactates measurements to validate the ability of oxygenation imaging to quantify ischemia. A reinforced histological analysis including comprehensive blood gas analysis confirmed the conclusions drawn from the extracted correlations. This second study strengthens the position of oxygenation imaging as an ideal candidate for perfusion assessment.

The clinical need and current standard of care and state-of-the art imaging modalities are first detailed in the context of esophagectomy procedures. The imaging system and protocol used for the study are briefly described as well as the surgical procedure and ischemia assessment workflow, including blood sampling and histological sampling and their respective analysis. The StO2 rates are compared to the extracted 

VII.1. Context and motivation

On a worldwide scale, esophageal cancer is ranked eighth in terms of occurrence among all cancers, making it the sixth most common cause of cancer-related mortality [2]. Multimodal treatment includes surgery, radiotherapy, and chemotherapy. Surgery remains the best curative modality for patients with resectable esophageal cancer [3], although the 5-year survival rate ranges from 5 to 47% [4]. Two-stage Ivor Lewis esophagectomy was described for the first time in 1946 [5], becoming the most frequently performed surgical treatment for esophageal cancers located in the medial, distal, or esophagogastric junction of the esophagus [6]. Following this technique, esophagogastric continuity is restored through the anastomosis between the gastric conduit (GC) obtained from the tubulization of the stomach and the remaining esophagus. One of the most serious complications of this type of surgery is anastomotic leakage, occurring in up to 53% of all cases [7,8]. It is associated with a mortality rate of up to 35% [9] and with adverse effects on short-term and long-term outcomes [10][11][12], resulting in an increased recurrence of tumors [13].

Although the etiology of AL is multifactorial [14,15], an insufficient perfusion of the anastomotic site is considered to be a significant and independent predicting factor to determine anastomotic failure [16,17].

Currently, the adequate perfusion of GC is clinically assessed by surgeons using indicators such as serosal color or pulsatile flow of vessels. However, these parameters are subjective and inaccurate to rule out a marginally perfused anastomosis [18]. During the last two decades, several intraoperative optical imaging techniques have been developed and tested to monitor the perfusion of the gastric conduit [19], including laser Doppler flowmetry, near-infrared spectroscopy, laser speckle contrast imaging, infrared thermographic imaging, optical coherence tomography, and ICG fluorescence imaging. However, those methods lack reproducibility and/or provide operator-dependent results and/or lengthen the surgical workflow [20,21]. New technologies based on optical properties including multispectral and hyperspectral imaging are progressively implemented in image-guided surgery. This increased interest can be partly explained by the enhanced ability of those endogenous imaging methods to quantify tissue optical properties in terms of physiology and morphology, allowing for improved and reproducible information during interventions, which can influence the surgical decision-making process [21]. Our group has recently assessed gastric tubulization via hyperspectral imaging (HSI) in a survival study on hybrid ischemic preconditioning of the stomach [22]. Additionally, the feasibility and potential interest of HSI during gastrointestinal surgeries, including esophageal resections, has been recently evaluated in preliminary clinical studies [23][24][25]. HSI is a contrast-free technology which can provide a chemical quantification of tissue compounds, allowing to quantify tissue oxygen saturation rates, among others. Although HSI showed encouraging and consistent results, its main downside remains the lack of video rate, which greatly limits its usability as a real-time surgical navigation tool. Spatial Frequency Domain Imaging is an optical technique that can provide a 3D corrected profile and quantitative information of optical properties (i.e., absorption and reduced scattering coefficients) of biological tissues over a large field of view [26,27]. The potential of SFDI to provide information related to tissue oxygenation has been demonstrated in the past at both preclinical and clinical levels [28][29][30][31][32]. However, the standard embodiment of SFDI requires several frames to be acquired and it does not provide images in real-time. For this reason, Single Snapshot imaging of Optical Properties was developed to enable a video rate imaging capability in the SFDI, by limiting the number of required frames to only one [33][34][35][36]. The natural drawbacks of this single snapshot technique include a loss of image resolution and the presence of edge artifacts. Nevertheless, with the implementation of the latest convolution neural network architectures [36] and the use of state-of-the-art GPU computing, it was possible to achieve significant improvements in the overall image quality and profile correction, while maintaining real-time capabilities [36]. In the present study, our aim is to perform a preliminary validation of SSOP camera to intraoperative quantify serosal StO2% in an experimental gastric conduit (GC) model.

VII.2. Materials and methods

VII.2.1. Real-time oxygenation imaging

SFDI is based on the projection of spatially modulated patterns of light on the sample (typically using a DMD system) and on the acquisition with a camera of the diffused backscattered light arising from it. In its simplest configuration, SFDI requires at least six frames: two different spatial frequency patterns (e.g., fx = 0 mm-1 , fx = 0.2 mm-1 ) and three-phase shifts for each of them. The phase-shifted sequence is then used to demodulate the signal, hence obtaining the modulation amplitude maps of the given sample at each spatial frequency [26]. Using a calibration step involving the measurement of a calibration phantom with known optical properties, it is then possible to compute the diffuse reflectance maps, i.e., RDC (fx = 0 mm-1

) and RAC (fx = 0.2 mm-1 ). Finally, solving the inverse problem using a light propagation model, here a Monte Carlo-based LUT [38] algorithm, allows to retrieve the optical properties of the sample (i.e., absorption and reduced scattering coefficients) for each pixel of the image. Due to the need for at least six frames, SFDI cannot perform in real-time. Instead, SSOP allows to sensibly reduce acquisition time and to reach video rate performances, thanks to a single high spatial frequency frame required to extract the optical properties of the sample. The main difference in the workflow in comparison with SFDI consists of using a Fourier transform-based filtering technique for the demodulation step [34]. After the extraction of the modulation amplitude maps, the processing workflow is the same as for SFDI. It is worth noticing that degradation in image quality and the presence of edge artifacts are the main consequences of the use of a single frame. However, significant improvements have been achieved in recent years by first optimizing the filtering technique [39] and by adopting deep neural network approaches for the demodulation [36].

Additionally, the latest developments on SSOP also account for a tridimensional profile correction of the sample in order to reduce the quantification error of SFDI associated with a variation of light intensity across non-flat sample surfaces [36].

In this study, the latest deep learning optimized SSOP workflow was adopted, as described by Aguénounon et al. [36]. In a nutshell, the standard Fourier domain filtering demodulation was replaced by two dedicated CNNs based on a U-Net architecture as follows: the former was dedicated to the extraction of the modulation amplitude of the signal for each spatial frequency, and the latter was used for the profilometry analysis. Both networks were trained using high quality images obtained with SFDI acquisition sequences (with 7 phase shifts instead of 3 to enhance quantification accuracy and image quality) and optimized for efficient and low-cost computation performances, by reducing the number of parameters and layers involved at a minimum, and subsequently allowing for a real-time high visual quality optical property quantification for up to 1 MP images. The training dataset consisted of a total of 200 high quality images divided into n = 40 images of tissue-mimicking silicone phantoms with different optical properties ranging from µa = 0.005 to 0.05 mm-1 for absorption and from µ's = 0.5 to 3 mm-1 for reduced scattering; n = 52 images of hands from different Caucasian men and women in various configurations; n = 108 images from ex vivo and in vivo swine organs in several orientations (stomach, small bowel, colon, kidney, pancreas, liver, and spleen).

VII.2.2. Clinically-compatible imaging system

The The imaging head was based on a 3-channel architecture: 2 near-infrared monochrome cameras (PCO.edge 5.5 and PCO.pixelfly USB, Excelitas PCO GmbH, Kelheim, Germany) were used for the acquisition of the SSOP frames with 1024 × 1280 pixel resolution at 665 and 860 nm, and an RGB camera (JAI GO-5000C-USB, JAI Ltd., Kanagawa, Japan) was also added to record the surgical field (Figure VII.1). The co-registration of the scene by the cameras was obtained thanks to a customized optomechanical system in which optical filters were included to separate the 3 channels at the collection side. In addition, a pair of linear polarizers (PPL05C, Moxtek, Orem, UT, USA) were used in crossed configurations at the projection and camera sides to reject the specular reflections originating from the sample surface. The working distance of the imaging system was 45 ± 5 cm, hence offering a comfortable operating condition for the physicians during acquisition. Oxygenation computation was achieved applying Lambert-Beer's law for chromophore absorption inside the biological tissue [40].

VII.2.3. Animal model and stomach ischemia model

Animal model

The present study, which was part of the QuantSURG COLORECTAL project (Imagerie optique quantitative pour le guidage du geste chirurgical dans le cancer colorectal), was approved by the local Ethical Committee on Animal Experimentation (ICOMETH 38.2019.01.121) on 3 September 2019, as well as by the French Ministry of Superior Education and Research (MESR) (APAFIS#20819-2019052411591088v3). All animals used in the experiment were managed according to French laws for animal use and care, and according to the directives of the European Community Council (2010/63/EU) and ARRIVE guidelines [37]. Six adult pigs (Sus scrofa ssp. domesticus, mean weight: 36.5 ± 3.3 kg) were housed and acclimatized for 48 h in an enriched environment, respecting circadian cycles of light-darkness, with constant humidity and temperature conditions. They were fasted 24 h before surgery, with ad libitum access to water, and finally sedated (zolazepam + tiletamine 10 mg/kg IM) 30 min before the procedure in order to decrease stress.

Anesthesia was performed intravenously (18-gauge IV catheter in-ear vein) with Propofol 3 mg/kg and maintained with rocuronium 0.8 mg/kg along with inhaled isoflurane 2% via the automatic standard respiratory system. Vital parameters were monitored through a mechanical ventilator machine. Heartbeat was monitored with a pulse oximeter (Mindray PM-60). At the end of the protocol, pigs were euthanized with a lethal dose of Pentobarbital Sodium (40 mg/kg) (Exagon, Axience SAS, Pantin, France).

Experimental workflow

Through a median laparotomy, the stomach was prepared leaving only the right gastroepiploic and pyloric vessels for its vascular supply. Gastric vessels were ligated using surgical clips (LIGACLIP Multi-Patient-Use Single Clip Appliers, Ethicon, Endosurgery Inc., Cincinnati, OH, USA). Successively, an approximately 4 cm wide GC was created, starting from the greater curvature, and using a surgical stapler (ENDO GIA™ linear stapler equipped with 45 mm black reloads, Medtronic, Minneapolis, MN, USA)

(Figure VII.2).
First of all, laparotomy was performed and the GC was prepared. After tubulization, the resected region of the stomach was maintained near the GC, still connected to the esophagus. Four ROIs were manually selected as follows: ROI-A (antrum), ROI-C (greater curvature/corpus), ROI-F (fundic region/future anastomotic site), and ROI-R (the resected upper part of the stomach). The post-procedural observational phase was held for 60 min, at 15 min time points (T0, T15, T30, T45, and T60). Following this timeline, for each ROI, the SSOP system was used to detect StO2% values and local capillary lactates (LCL) were measured as biological "ground truth", together with systemic blood gas analysis (BGA). At the end of the 60 min observation period, histopathological evaluation and scoring were performed in the same four ROIs. Each animal served as its own control. The study aimed to predict gastric conduit viability through the analysis of SSOP images in order: (i) to recognize perfused from non-perfused stomach, using ROI-R as ischemic control, (ii) to predict the level of gastric perfusion during the postoperative phase, and (iii) to predict biological data. The hypercube extracted from SSOP images was used to train two CNNs. 

VII.2.4. Tissue viability assessment: blood sampling and histology analysis

Blood gas analysis

LCLs were obtained through a full-thickness puncture of the gastric wall, in correspondence with the preselected ROIs. A blood drop was obtained and a portable strip-based lactate analyzer (EDGE, Apex Bio, Taipei, Taiwan) was used to quantify LCL levels, with a margin error of 0.35 mmol/L. The correlation analysis of data was performed between StO2% parameters detected via the SSOP system and LCLs concentration.

Systemic blood was sampled through a central catheter placed in the right external jugular vein (6 French IV catheter) and evaluated through a handheld wireless blood tester (Epoc® Blood Analysis System, Siemens Healthcare GmbH, Erlangen, Germany). These systemic BGA were used to monitor the surgical intervention to rule out any bias in the post-procedural observation of the GC. BGA measured pO2, pCO2, pH, base excess, bicarbonate, hemoglobin, hematocrit, glucose, creatinine, urea, BUN, electrolyte, and lactates.

Histology analysis

A first gastric full-thickness biopsy was taken before the surgical procedure as healthy control. This control biopsy (CB) was removed from the posterior side of the future removed region of the stomach while the other four biopsies were collected in the selected ROIs 60 min after the GC formation. Sections of 5 µm were taken from formalin-fixed paraffin-embedded blocks and were dewaxed and rehydrated before staining at room temperature. A treatment with a hematoxylin Harris formula (Leica Biosystems, Nussloch GmbH, Heidelberg, Germany) for 10 min and then a wash with acid alcohol for 2 s and tap water for 2 min were performed. Eosin staining with Eosin 0.5% (Leica Biosystems) for 3 min was performed before washing with tap water for 30 s. Finally, the sections were dehydrated with ethanol 100% and placed in xylene until their mounting with coverslips. A semi-quantitative blinded analysis was performed by an expert pathologist using the following score and variables: necrosis, neutrophils infiltration, and congestion, with a score from 0 to 3 (none, mild, moderate, and severe, respectively).

Sample size calculation

Sample size calculation was performed using the correlation between optical and biological data. The calculation derived from previous publications on bowel ischemia, which showed a ρ correlation coefficient of -0.7 [24,25]. The required sample size in terms of paired values was 4, considering α = 0.05 with power

(1 -α) = 0.9. In the present study, 120 paired values of StO2% and lactates values were obtained in a total of 6 pigs.

Statistical analysis

Statistics were performed using GraphPad 8.3 (GraphPad Software, San Diego, CA, USA). A Pearson's rho was analyzed to perform the correlation between optical and biological data. All data were expressed as means ± standard error (SEM). One-way and Cancers 2021, 13, 6079 8 of 15 two-way ANOVA with Dunnett's multiple comparisons were performed for parametric tests to calculate differences in continuous paired variables. A two-tailed p-value < 0.05 was considered statistically significant. Principal component analysis (PCA) was used to cluster the population of data from 4 ROIs. StO2% and LCL variables were used for the analysis. The PCA method was based on pre-standardization of the data with the largest eigenvalues.

Finally, data were labeled as from the experimental design (ROI-A, ROI-C, ROI-F, and ROI-R). A1.4).

VII.3. Results

VII.3.1. In-vivo oxygenation imaging outcome

VI.3.2. Capillary lactates and oxygenation correlation

Local capillary lactates quantification

Mean LCL values were not significantly different between the four ROIs at T0, upon the formation of the GC, as expected. ROI-A had similar LCLs for each time point, while ROI-C and ROI-F showed significant differences in terms of T0 vs. T15 (1.00 ± 0.28 mmol/L vs. 1.54 ± 0.18 mmol/L, p = 0.0307) and T0 vs. T60

(1.00 ± 0.24 mmol/L vs. 1.53 ± 0.22 mmol/L, p = 0.0451) respectively. Regarding ROI-R, LCL levels obtained at T15, T30, T45, and T60 were statistically significantly higher than T0 (p < 0.0001) (Figure VII.3).

The comparison performed between different ROIs showed that mean lactate levels collected at ROI-A were significantly lower than those sampled at ROI-R at T15 (0.95 ± 0.24 mmol/L vs. 5.31 ± 0.89 mmol/L, p = 0.0091), T30 (1.06 ± 0.15 mmol/L vs. 6.44 ± 0.56 mmol/L, p = 0.0003), T45 (1.25 ± 0.17 mmol/L vs. 6.91 ± 0.69 mmol/L, p = 0.0007), and T60 (1.02 ± 0.20 mmol/L vs. 9.11 ± 0.76 mmol/L, p = 0.0002) (Figure VII.3).

The same statistical relationship was shown by ROI-C and ROI-F when compared to ROI-R. Instead, lactate levels were not significantly different between ROI-A vs. ROI-C, ROI-A vs. ROI-F, and ROI-C vs. ROI-F (Figure

VII.3).

LCLs were standardized for ROI-A lactate values at T0. Statistical analysis is reported in Table A1.3. 

Correlation between StO2 and LCLs

VII.3.3. Histologic analysis

Blood gas analysis

The systemic blood gas analysis supported the consistency of the experimental workflow and the healthy condition of pigs, showing only minimal changes over time when compared to T0. The full dataset and comparison are available in Table A1.1.

Histologic analysis

Histological analysis of the biopsies of the selected ROIs showed a progressive alteration of the cell morphology of the gastric wall layers. This aspect was more evident in the mucosa, characterized by superficial erosions and strong congestion, edema, and inflammatory components such as neutrophils and eosinophils, especially in ROI-R (removed region). Muscularis mucosae presented light and homogeneous alterations due to inflammation. Edema and congestion were present in the submucosae, while in ROI-R the muscularis externa presented a higher inflammatory infiltration which involved the serosa too. 

VII.4. Discussion

In the current experimental study, the SSOP imaging system was used to evaluate StO2% values corresponding to selected ROIs, using the resected upper part of the stomach (ROI-R) as ischemic control.

ROI-R showed lower StO2% values when compared to other ROIs. Interestingly, the corpus and fundus maintained StO2% values higher than the antrum, probably due to the inflammatory process activated during the manipulation of the stomach. Gastric manipulation, the sequential ligation of vessels and the division of the stomach, are factors which can affect the physiology of healthy gastric tissue. Akiyama et al. proteins such as tyrosine phosphatases [42]. The presence of ROS together with the increased permeability of vessels could account for higher StO2% values detected by the present experimental model, reflecting the growing trend of inflammation along time and from the antrum to the fundus. As described above, inflammation is part of the regular process of healing. However, persistent inflammation led to excessive quantities of pro-inflammatory macrophages, whereas the number of macrophages with anti-inflammatory phenotypes became lower. As a result, the establishment of a highly inflammatory environment with an overabundance of inflammatory mediators promotes the degradation of the extracellular matrix, preventing anastomotic healing [43]. The StO2% values provided by means of SSOP negatively correlated with LCL values, confirming the biological validity of the method. Instead, no correlation was found between StO2% and the histopathologic analysis. The limited period of ischemia (60 min), together with the residual perfusion of ROI-R from esophageal vessels, were probably accountable for non-significant histological changes in the gastric tissue. Nevertheless, this time frame is consistent since it is similar to the time between GC formation and the packing of the esophagogastric anastomosis in the Ivor Lewis procedure performed in humans. The use of HSI and a system called HYPER (HYperspectral-based Enhanced Reality)

was previously described to assess StO2% and intraoperatively localize preselected ROIs during esophagectomy [44], small bowel ischemia [25], and hepatectomy [45]. HYPER allowed to compare HSI to LCLs and mucosal scan with confocal laser endomicroscopy (CLE) on the same ROI [44] with high accuracy.

However, the time currently necessary for HSI acquisition is around 10 s and still not yet fully "real-time".

Instead, fluorescence angiography with ICG allows for the real-time visualization of tissue vascularization,

showing promising results for the evaluation of perfusion in numerous surgical procedures, hence leading to modifications in the surgical strategy and consequently to a decrease in the rates of AL [46,[START_REF] Blanco-Colino | Intraoperative use of ICG fluorescence imaging to reduce the risk of anastomotic leakage in colorectal surgery: A systematic review and meta-analysis[END_REF]. However, the ICG interpretation is subjective while the quantitative evaluation of ICG is a widely unexplored field. In addition, serious adverse events after intravenous application of ICG are described, such as anaphylactic shock, up to sudden deaths in very rarely reported cases [START_REF] Hope-Ross | Adverse reactions due to indocyanine green[END_REF]. Several other methods for perfusion assessment are reported in the literature. However, they lack in terms of quantitative parameters, provide arbitrary perfusion units, and are influenced with vascular heterogeneity [19]. As a result, non-invasiveness, the absence of adverse events, quantification properties, and the video rate acquisition of the SSOP technology are advantages worthy of being highlighted. The real-time imaging capabilities of SSOP have already been demonstrated [40]. However, the configuration used for the present experiment did not allow to reach minimum requirements required for high frame rate acquisitions. It was due to the high integration times required on the imaging side (>100 ms). Further development of the laser sources has already been started to achieve better performance on the illumination side, hence allowing shorter exposure times during acquisitions in the next experimental steps. Additionally, the potential SSOP system's ability to detect and quantify inflammation could make this new technology a useful tool to screen suffering tissues that are more likely to develop delayed anastomotic healing, moving beyond the concept of perfusion alone. The main limitations of this study lie in the animal model, the very limited sample size, and the acute nature of the experiment. In addition, the absence of gold standard values of tissue oxygenation and inflammation makes it difficult to compare SSOP with other methods. Finally, SSOP has not yet been adapted to endoscopic systems, resulting in a lack of potential usefulness for an increasingly widespread minimally invasive surgery (MIS). Actually, a prototype based on a laparoscopic surgical instrument is being developed to bring SSOP to MIS, and it is soon going to be ready for validation via pre-clinical trials on other swine models.

VII.5. Conclusion

The it emits photons which are likewise partly lost due to scattering and absorption before exiting the tissue and traveling a distance to reach the detector. Thus, the intrinsic tissue optical properties play a significant role in the light entering and exiting the tissue. Thus, when imaging two tissues with exactly the same amount of fluorophore but different scattering and absorption properties, different raw fluorescence images will be displayed consequently to the different amounts of generated and detected fluorescence photons. In addition to the intrinsic tissue optical properties that impact the detected fluorescence, other external factors can be considered, including but not limited to illumination light source power, quality of optical components such as filters, and detection efficiency of the camera [4].

Consequently, all current in-vivo fluorescence imaging systems that are commercialized today perform qualitative, subjective assessments of tissue fluorescence, thus fluorophore accumulation in tissue.

Markedly inaccurate estimates of the actual levels of fluorophores can ultimately lead to incomplete tumor resection, as in the case of tumor surgery [5][6][7][8]. For example, Valdes et al studied patients undergoing brain tumor surgery in which patients underwent fluorescence-guided surgery using the fluorescent agent protoporphyrin IX (Pp IX) and a state-of-the-art fluorescence imaging microscope performing herein called qualitative fluorescence imaging [9]. Images were first acquired, followed by in-vivo tissue measurements using a handheld quantitative spectroscopy probe that performed quantitative fluorescence measurements, followed by histological evaluation. A radical improvement by almost 20% of the detection of tumor tissue was reported using the quantitative approach, by detecting tumor tissues that would have been otherwise gone undetected (i.e., false negatives). Thus, a quantitative fluorescence imaging approach can improve the accuracy of fluorescence assessments in-vivo, leading to improved tumor tissue detection and ultimately, clinical outcomes.

VIII.2. Materials and methods

VIII.2.1. Quantitative fluorescence imaging

Normalization approaches have been established to compensate for part of these bias sources [10,11]. An commonly used empiric method, which is considered in this study is the normalization of the detected raw fluorescence Fx,m by the reflectance at the excitation wavelength Rx. The normalized fluorescence maps denoted F/R are thus obtained by ratio of Fx,m over Rx (VIII.E1).

𝐹/𝑅 = 𝐹 𝑥,𝑚 𝑅 𝑥 (𝑉𝐼𝐼𝐼. 𝐸1)

While this method enables partial compensation for the loss of excitation light from the tissue, it is an incomplete method that does not fully account for the complex interplay of absorption and scattering at both the excitation and emission wavelengths. Thus, a correction of the distorting effects of optical properties on the detected fluorescence is needed to enable quantitative estimates of the true amount of fluorophores. To this purpose, a previously validated algorithm that takes into account both scattering and absorption at the excitation and emission wavelengths is considered for this study [12]. From measurements of the diffuse reflectance of the tissue at the excitation Rd,x and emission Rd,m wavelengths and the absorption coefficient at the excitation wavelength µa,x, the raw fluorescence Fx,m can be corrected to extract a quantitative estimate of the tissue fluorescence fx,m (VIII.E2).

𝑓 𝑥,𝑚 = 𝐹 𝑥,𝑚 . µ 𝑎,𝑥

(1 -𝑅 𝑑,𝑥 ) . 𝑅 𝑚 (𝑉𝐼𝐼𝐼. 𝐸2)

This approach has been first validated for contact, spectroscopy point probe-based systems, but has recently been adapted in a widefield and real-time form, namely quantitative fluorescence Single Snapshot imaging of Optical Properties (qF-SSOP) [13].

SSOP is a method based on Spatial Frequency Domain Imaging, which consists in using spatially modulated light where the projection of sinusoidal light patterns at different frequencies and with several phase shifts is used to measure the diffuse reflectance of the sample, as well as optical properties over a large field of view [14]. SFDI is particularly is particularly suitable for use in the presented correction algorithm as it outputs each of the optical properties components required for the fluorescence correction (E2). A 7 phaseimplementation of SFDI has been selected for this study as the resulting images present little to no artifacts compared to SSOP. Further phase-shifting profilometry included in the SFDI workflow enables the correction of optical properties maps to compensate for the profile of the sample under study [15].

Using the previously validated multimodal imaging system for fluorescence imaging and optical properties imaging, quantitative fluorescence imaging could be performed by extracting optical properties at wavelengths close to the excitation and emission peaks to enable the correction of the raw fluorescence images. This clinically-compatible imaging platform is equipped with custom laser sources for tissue simultaneous characterization and fluorescence excitation. A mounted imaging head integrating 3 optical channels provides illumination through a digital micromirror-based projection system and detection by two NIR cameras that produce reflectance images for SFDI and fluorescence images, and one color camera that produce images for anatomical reference. The optical properties of these phantoms were measured using SFDI at 0 mm -1 and 0.15 mm -1 spatial frequencies with 7 phase shifts of 90°, at 760 nm and 808 nm. The fluorescence excitation was performed at 760nm using a CW illumination from the DMD projector, and 808 nm illumination switched off.

VIII.2.3. Pancreatic and colorectal tumor models

Cancer cell lines

In this study, two different human tumor cell lines were employed to produce colorectal cancer tumors and pancreatic cancer tumors in small animal models. The HT29-luc2 cell line (HT29 cells transfected by luciferase-2) was selected for the colorectal model and the BxPC3-luc2 (Perkin Elmer, Waltham, MA, USA)

was selected for the pancreatic model. Both cell lines were put in culture in RPMI 1640 (Gibco Invitrogen, Carlsbad, CA, USA) for 1 week until sufficient amounts of cells were obtained (> 3 million cells). Cells were free of mycoplasma species as verified by polymerase chain reaction (PCR) tests.

Animal models

Six-week-old athymic female nude mice (CD1-Fox1nu, Charles River Laboratories) were used to produce both orthotopic colon and pancreatic cancer models [16,17]. For the colon tumor models, subcutaneous tumors were first implanted after injection of a suspension of half a million HT29-luc2 cells in the lower back of one mouse. Approximately two weeks later, once reaching a size of about 5 mm diameter, these tumors were harvested, cut into small fragments (of approximately 3x3x1 mm in size), and then implanted in the wall of the cecum in 6 different mice after midline laparotomy. For the pancreatic models, an incision was performed in the left flank of 6 mice to expose the pancreas, followed by an injection of a suspension of cells -half a million in 50µL PBS solution -into the body of the pancreas. For the orthotopic tumor implantation procedures, the mice received painkilling medication by subcutaneous injection -0.1 mg/kg buprenorphine every 8 hours as needed during and after surgery.

The tumor growth was regularly monitored through bioluminescence using a dedicated imaging system (IVIS Spectrum, Perkin Elmer, MA, USA) until reaching a sufficient size for the experiment -i.e., at least 5 mm diameter -approximately 4 weeks later.

VIII.2.4. Fluorescent tumor tracers

Two different fluorescent tracers were used, one for each tumor cell lines. Both tracers consist in a combination of an 800 nm-dye and a tumor targeting agent. For the colorectal model, the EpCAM-f800 tracer was employed. This tracer is composed of an antibody fragment (EpCAM-f) that binds to the overexpressed EpCAM fragments found in epithelial cancers, conjugated to an 800 nm fluorophore (IRDye800CW) with peak excitation and emission wavelengths at 773 nm and 792 nm, respectively [18,19].

For the pancreatic tumor models, the cRGD-ZW800-1 tracer, currently undergoing clinical translation, was employed. This tracer consists of a cyclic pentapeptide (cRGD) that binds to the overexpressed integrins found in tumor cells, conjugated to a zwitterionic 800 nm fluorophore (ZW800-1) with peak excitation and emission wavelengths at 770 nm and 788 nm, respectively [20].

VIII.2.5. Imaging protocol

Once the tumors were sufficiently large (above 5 mm in width), mice in each group were injected with their corresponding tracers, before sacrificing and imaging. Mice from the colorectal group were injected in the tail vein with 2 nM of the EpCAM-F800 tracer 48 hours prior to sacrifice. Mice in the pancreatic group, were injected in the tail vein with 10 nM of the cRGD-ZW800-1 tracer 8 hours prior to sacrifice. Immediately after sacrifice, the mice were imaged with the abdomen exposed, revealing primary tumors and possible metastasis. Reflectance images from SFDI sequences with spatial frequencies 0 mm 1 and 0.15 mm -1 and 7

phase shifts of 90° were acquired at 760 nm and 808 nm, fluorescence images under CW excitation at 760 nm were collected, and color images for anatomical reference were collected.

Following these acquisitions, a set of organs was harvested and placed on a sheet of black paper before repeating the imaging sequence for assessment of the biodistribution of the tracers. Harvested organs include: heart, lungs, livers, stomach, pancreas, spleen, kidneys, small intestines, large intestines, muscle, skin and any metastasis found. The primary tumors were left in their implantation site for this step.

Finally, the primary tumors were resected. All tumors were fixed in formalin and embedded in paraffin for further histological analysis. After sectioning, 800 nm fluorescence microscopic fluorescence imaging was performed (Odyssey, LI-COR Biosciences, Lincoln, NE, USA). Hematoxylin-eosin (HE) staining was also performed and images acquired under white light illumination using a digital pathology slide scanner (IntelliSite Ultra Fast Scanner, Philips, Eindhoven, The Netherlands).

The macroscopic fluorescence images -raw fluorescence, F/R normalized fluorescence and quantitative fluorescence maps -were analyzed to determine the respective performances of theses imaging modalities in terms of signal to background ratio and tumor to background ratio. Next, based on the color images of the mice abdomen, ROIs were selected in areas judged to be at the tumor location, in a healthy area of the organ of implantation surrounding the tumor and in a healthy skin area located around the throat of neck respectively for colorectal and pancreatic models. Tumor ROIs were defined to follow the visible contours of the tumor in order to encompass most of it. ROIs in the tumor surrounding were defined to be as close as the tumor as possible, while only considering healthy tissue of the organ of implantation of the tumor.

The size of the selected ROIs at the tumor locations and their surroundings were dependent on each case.

The healthy skin area ROIs were consistently taken as a 4 mm x 4 mm square.

Signal to background ratio was defined as the peak value in the tumor ROI divided by the mean value in the skin ROI, as a general metric for tumor imaging contrast irrespective of organ specific tissue properties.

Similarly, tumor-to-background ratio was defined as the peak value in the tumor ROI divided by the mean value in its surrounding ROI, as a metric within organ of tumor contrast dependent on specific tissue properties.

VIII.2.6. Biodistribution analysis

ROIs were selected based on the color images of the harvested organs inside each organ. Values were extracted and compared for each imaging output, producing estimates of the tracers biodistribution based on the different imaging modalities.

VIII.3. Results

VIII.3.1. In-vitro validation

The range of optical properties covered by the array of the tissue-mimicking phantoms was measured ranging from µa = 0.04 mm -1 to 0.10 mm -1 and µs' = 0.86 mm -1 to 1.71 mm -1 at 760 nm. Table VIII 

VIII.3.2. Typical cases study: fluorescence maps comparison

Next, following the imaging protocol presented above, acquisitions were performed to produce raw fluorescence, F/R normalized fluorescence and quantitative fluorescence images of the mice abdomen.

Here, illustrative cases are shown for both colorectal and pancreatic groups (Figure VIII.3). The three different imaging outputs were used to compare the estimated distribution of tracers by each method. By comparing the images, the impact of tissue optical properties on the fluorescence estimates could be determined. As expected from prior experience with these tracers, the raw fluorescence images showed high fluorescence intensities in tumors. Further, high fluorescence intensities were also observed in organs such as the kidneys, and liver for the colorectal models and kidneys and spleen for the pancreatic models.

These results are expected as tracers are processed in these organs. When examining the F/R normalized fluorescence, fluorescence levels were relatively higher in organs with high tissue absorption such as the spleen and liver. These results showed how the tracer levels can be underestimated by using the raw fluorescence images in these high absorbing areas.

Quantitative fluorescence images demonstrated more marked differences of tracer estimates across organs when compared to the raw fluorescence. First, organs with high tissue absorption (liver, spleen) showed higher tracer concentration than those found in tumors. These results were different than the estimates from the raw fluorescence, which showed higher fluorescence intensities in tumors than in high absorbing organs. Second, organs with high tissue scattering (e.g., skin or bowel) showed lower tracer concentrations.

Third, quantitative images also demonstrated a lower background signal from healthy tissues, enabling a clearer delineation of tumors in most cases. Finally, the quantitative tracer concentration images were able to show more anatomical details than the raw fluorescence maps. The following sections provide a quantitative analysis of these findings, demonstrating the differences between raw, F/R and quantitative fluorescence images.

VIII.3.3. Biodistribution analysis

The the colorectal primary tumors and metastasis, respectively, and 20% (p < 0.0005) and 21% (p < 0.0006) for the pancreatic primary tumors and metastasis, respectively. However, quantitative fluorescence produced an increase in SBR of 492% (p < 0.0011) and 189 % (N=2, not statistically significant) for the colorectal primary tumors and metastasis, respectively, and of 60 % (p < 0.012) and 52 % (p < 0.027) for the pancreatic tumors, respectively.

The TBR demonstrated similar trends as the SBR estimates, but to a lesser extent. F/R normalization produced TBR gains of 10 % (p > 0.10), 5 % (p > 0.8) for the colorectal primary tumors and metastasis, respectively, and 10 % (p > 0.14) and 13 % (p < 0.43) respectively for the pancreatic tumors, respectively.

Correspondingly, the quantification led to TBR improvements of 15 % (p > 0.18), 88 % (p > 0.16), for the colorectal primary tumors and metastasis, respectively, and 33 % (p < 0.048) and 57 % (p < 0.012) for the pancreatic tumors, respectively. These results demonstrated significant increase in SBR using F/R normalized fluorescence and quantitative fluorescence imaging, in accordance with the background reduction previously observed. Lower SBR were observed in the pancreatic group, corresponding to higher background fluorescence inherent to the tracer employed. Raw fluorescence levels from healthy skin areas were measured to be on average 3.6 times higher in the pancreatic group compared to the colorectal group.

VIII.4. Discussion

These results demonstrate in phantom an animal studies the impact of tissue optical properties on the detected fluorescence by using a multimodal imaging platform that enables co-registered imaging of endogenous optical properties and exogenous fluorescence imaging. Phantom studies demonstrate that significant distortions on the detected fluorescence observed with raw fluorescence measurements, the partial correction with the F/R approach, and the significant correction for these effects using quantitative fluorescence.

Next, ex-vivo animal studies clearly demonstrated a markedly different biodistribution when estimating tracer levels using the conventional, raw fluorescence approach compared to a quantitative approach. In the quantified fluorescence maps, not only high absorption was compensated for, highlighting higher concentrations in organs that showed low raw fluorescence, i.e., that were estimated to have low tracers levels according to raw fluorescence images. Further, residual background in healthy tissues was also reduced, which explained how in later studies quantitative fluorescence showed significantly improved SBRs and TBRs. Additionally, the quantified fluorescence maps appeared to contain a greater amount of details, showing clearer delineations between tissues and structures of interest.

These observations were confirmed by the biodistribution analysis where the retrieved signals from highly absorbing or lowly scattering organs were higher in the F/R and quantified fluorescence maps. However, the measured concentrations would need to be validated by comparison to a standard concentration estimation method, such as tissue solubilization.

The increased SBR and TBR values represent an additional asset for tumor detection and delineation. F/R images produced a more modest improvement due to the relatively low differences in absorption between the tumors and healthy tissues. Overall, the lower SBR and TBR values observed in the pancreatic group could stem from the employed tracer. Indeed, its relatively low molar weight favors its diffusion across the body. However, an additional validation step would be required to confirm the detected concentrations at the tumor sites. A cell-counting method such as flow cytometry could provide a ground-truth measurement.

SFDI does not enable real-time imaging because of the large number of images to be acquired. Using a state-of-the-art deep learning-based SSOP alternative implementation would make the optical properties imaging workflow real-time compatible while preserving accuracy and image quality [21]. An additional obstacle to the real-time implementation of this technique is the common use of the 800 nm imaging channel of the system for both optical properties imaging and fluorescence imaging. A possible solution would integrate an additional imaging channel, at the cost of losing detection efficiency and adding complexity to the imaging system.

VIII.5. Conclusion

This study demonstrated to combination of endogenous optical properties imaging using SFDI with exogenous fluorescence imaging using targeted agents for quantified fluorescence imaging of colorectal and pancreatic tumors. Using the previously described imaging platform, high-quality, widefield, quantitative fluorescence imaging was achieved. The ability to extract tracer concentration maps represents a great improvement in the reproducibility and objectivity of fluorescence imaging for tumor resection procedures. In particular, even though optical properties may vary drastically across organs, the correction of induced fluorescence intensity distortions provided by the quantification process alleviates misinterpretations in the biodistribution analysis. Additionally, reduced background and sharper imaging greatly improves contrast between tumors and healthy tissues.

Conclusion

The lack of objective, reliable tools to assess tissues status in real-time, or their nonexistence in a clinically compatible implementation were the primary motivations for this thesis project. Consequently, the main contribution of this work has been the development of a clinically compatible multimodal imaging platform capable of real-time widefield oxygenation and fluorescence imaging as part as the surgical workflow. In order to further validate the reliability of StO2 for ischemia quantification, additional preclinical trials were designed to confront the oxygenation imaging outcome with robust biomarkers such as local capillary lactates. As presented in Chapter VI, a first study in the small bowel with total occlusion and reperfusion showed strong negative correlation between the lactates levels and StO2 rates, confirming the ability of the platform to not only detect but also quantify the level of ischemia. Histological analysis further confirmed the ischemia. Secondly, the ability of the platform to quantify ischemia in the stomach was validated in Chapter VII, using again confrontation to lactates levels and histological analysis. These sets of experiments constitute a demonstration of the suitability of oxygenation imaging for blood perfusion assessment. In particular, its use during colorectal surgery and esophagectomy procedures might lead to reducing the risk for anastomotic leakage, by identifying insufficiently perfused area within the anastomotic site.

Ultimately, the capability of the platform to perform high-quality widefield quantified fluorescence imaging 

Perspectives

Perspectives for future work can be decomposed in several axes: reinforcing the validation of the employed methods or extending their application to different frameworks; improving the integration to the surgical workflow and the usability in the operating room; enhancing the technology capabilities or adding new functionalities. The next paragraphs offer suggestions for future work per work axis, as defined in Chapter IV:

Work axis 1: Imaging platform development

The images presented in this work were all obtained by post-processing the data. The integration of realtime processing and visualization would be an additional step towards a more complete imaging system, making full use of the high-performance workstation integrated to the platform. Moreover, in order to provide a more user-friendly experience, the platform should be equipped with a straightforward yet comprehensive user interface, allowing direct visualization of the imaging outcome, tuning of the overlay with the anatomical view, and recording of the data. As the visualization on remote display might disrupt the surgical workflow, the integration of an augmented reality device to the imaging could greatly enhance the user's experience. The addition of foot switch controls and touchscreens to interact with the interface would be suitable in a clinical environment.

To further enhance the usability of the imaging system in the operating room, the imaging head could be upgraded with motorized lenses and aperture controls for remote control of the focusing. The mobility of the platform could also be improved for easier handling in the operating room by miniaturizing the system, including the imaging head, laser sources and the cart base itself. A smaller footprint and improved ergonomics would further minimize the interferences with the surgical workflow.

The adaptation of the imaging device into an endoscopic form would greatly impact minimally invasive surgical procedures, as the possible interactions surgeons can have with the tissues are even more limited compared to open surgery. Such a device could share the same instrumentation base as described, including the laser and white light illumination solutions, as well as the integrated workstation for data acquisition, processing and storage.

If the platform integrates the latest SSOP developments for real-time high quality oxygenation imaging, the presented results were limited to optical properties characterization at only two wavelengths. Incrementing the number of wavelengths by implementing time modulation would enable the extraction of additional chromophores such as water and lipids, but also structural parameters including scattering power and amplitude. Increasing the number of wavelengths per channel while producing real-time imaging can be achieved by means of temporal modulation of the illumination. Such extra information could thus be used to further characterize the status of tissues. Moreover, similarly to hyperspectral approaches, this greater amount of information represents possible input to a tissue recognition algorithm, paving the way for the use of such technology for diagnosis purposes.

The integration of advanced SFDI-based technologies such as multifrequency illumination would add the ability to investigate different tissue layers. The use of neural networks for processing such data might be a suitable solution.

Structural imaging capabilities could also be extended by implementing laser speckle imaging, revealing blood flow in addition to oxygenation parameters for blood perfusion assessment. Finally, by adding a camera sensitive to the short-wave infrared wavelengths in the 900nm -1700nm range (also referred to as the NIR-II range) increased penetration depth for fluorescence imaging could be achieved.

Work axis 2: Blood perfusion assessment

This work focused mainly on ischemia quantification using the StO2 rate as metric. Validation was given by comparison against standard biomarkers assessment such as local capillary lactates or histological analysis.

A further validation step would include the comparison with other optical NIR spectroscopy-based instrument such as StO2 point probes and hyperspectral devices. Additionally, while the conducted studies were limited to total occlusion settings, partial occlusions -venous or arterial -were not considered.

Additional studies could demonstrate the full potential of the platform by exploiting all of the extracted oxygenation parameters: StO2, [HHb], [HbO2], total hemoglobin; for further hemodynamics analysis.

Additionally, ischemia quantification was performed in priority in the small bowel for practical reasons.

Indeed, the good accessibility of this organ and of its vasculature make it an ideal test subject for ischemia monitoring. However, real-time blood perfusion assessment could be demonstrated for a variety of other surgical procedures such as reconstructive surgery and transplantation surgery (e.g. liver and kidney), requiring additional imaging protocols.

By increasing the number of wavelength acquisitions, additional chromophores relevant to blood perfusion assessment could be extracted. In particular, methemoglobin is a form of hemoglobin which cannot bind to oxygen, therefore not participating to the oxygenation process. For healthy subjects, the fraction of methemoglobin is low and is in practice neglected, but its quantification could lead to the investigation of oxygenation disorders such as methemoglobinemia, where the fraction of methemoglobin is considerably higher than normal, reducing the oxygen transport to the tissues. Additionally, melanin would be a chromophore of interest when investigating blood perfusion in the skin. Indeed, depending on the skin type, varying amount of melanin can be found and introduce bias in the hemoglobin concentrations extraction. This would be particularly relevant in a point-of-care approach, for instance for the diagnosis of peripheral vascular diseases such as critical limb ischemia.

Ultimately, provided the capability of the imaging platform to identify tissue types, the a priori knowledge of the investigated organ type could be paired with the extracted oxygenation parameters to provide automatic detection of optimal resection lines, or tissue viability scores previously established. 

:

  Figure I.1-A typical C-arm fluoroscopy device ............................................................................................... Figure I.2 -A full-body CT scanner device ...................................................................................................... Figure I.3 -MRI multiple outputs comparison of hepatic metastatic melanoma. ......................................... Figure I.4 -A typical full-body MRI scanner .................................................................................................. Figure I.5 -Two ultrasound imaging devices ................................................................................................ Figure I.6 -A hybrid SPECT / PET / CT scanner ............................................................................................. Figure I.7 -A multispectral narrow-band imaging column. .......................................................................... Figure I.8 -An interventional fluorescence imaging device ......................................................................... Figure I.9 -An endomicroscopy platform ..................................................................................................... Figure I.10 -Augmented-reality assisting a surgical procedure using a headset device ..............................

Figure II. 1 -

 1 Figure II.1 -Refraction of light at the interface of two media with n1 > n2. ................................................

Figure II. 2 -

 2 Figure II.2 -Light propagation through an absorbing medium. ................................................................... Figure II.3 -Light propagation through a scattering medium. ..................................................................... Figure II.4 -A conceptual Jablonski diagram. ............................................................................................... Figure II.5 -Radiance from a surface dA into a solid angle dΩ. .................................................................... Figure II.6 -Monte Carlo photon propagation simulation flowchart ........................................................... Figure II.7 -Time-domain NIR spectroscopy principles. ............................................................................... Figure II.8 -Time frequency-domain NIR spectroscopy principles. .............................................................. Figure II.9 -Spatial-domain NIR spectroscopy principles. ............................................................................ Figure II.10 -Typical workflow for spatial frequency domain imaging. ....................................................... Figure II.11 -Profile-corrected SFDI workflow. ............................................................................................ Figure III.1 -Absorption spectra of selected chromophore present in biological tissue. ............................. Figure III.2 -SSOP imaging using spatio-temporal modulation of light ....................................................... Figure III.3 -A selection of various fluorescence image-guided surgery devices ......................................... Figure III.4 -Commercially available SFDI devices ........................................................................................ Figure V.1 -Multimodal imaging platform architecture ............................................................................... Figure V.2 -Modular and controllable laser source. .................................................................................... Figure V.3 -In-vitro optical properties imaging characterization. ................................................................ Figure V.4 -In-vitro fluorescence imaging characterization. ........................................................................ Figure V.5 -In-vivo oxygenation and fluorescence imaging. ....................................................................... Figure VI.1 -Imaging system illustration. .................................................................................................... Figure VI.2 -Pure ischemia model oxygenation imaging outcome. ............................................................. Figure VI.3 -Ischemia / reperfusion model oxygenation imaging outcome. ............................................... Figure VI.4 -StO2 correlation with normalized lactates in the pure ischemia model. ................................. Figure VII.1 -Clinically-compatible imaging for SSOP-based oxygenation imaging. .................................... Figure VII.2 -SSOP imaging experimental workflow. ................................................................................... Figure VII.3 -LCLs and StO2% quantification and analysi ........................................................................... Figure VII.4 -Histopathological assessment. .............................................................................................. Figure VIII.1 -Quantitative fluorescence imaging setup and workflow. .................................................... Figure VIII.2 -in-vitro imaging of tissue mimicking phantoms ................................................................... Figure VIII.3 -Ex-vivo fluorescence images comparison............................................................................. Figure VIII.4 -Biodistribution estimation comparison. ............................................................................... Figure VIII.5 -SBR and TBR analysis ............................................................................................................ Figure A1.1 -Control biopsy of the stomach ................................................................................................xvi Figure A1.2 -Neutrophils distribution and quantification ...........................................................................xvi Figure A1.3 -StO2% temporal trends for all subjects.................................................................................. xvii

  oriented optimally. For this reason, they are commonly referred to as C-arm systems. Many fluoroscopy imaging systems are nowadays commercially available, to name a few: Allura Xper FD10 By Philips, Innova TM IGS 540 by GE Healthcare and Alphenix Core+ by Canon. Illustrations of such devices is shown in Figure I.1.
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 18 Figure I.1-A typical C-arm fluoroscopy device. (Allura Xper FD10 By Philips) [8]

Figure I. 2 -

 2 Figure I.2 -A full-body CT scanner device. (Aquilion LB by Canon) [12]

Figure I. 3

 3 displays examples of reconstructed slices from different MRI sequences exhibiting the different purposes of each contrast image [19].

Figure I. 3 -

 3 Figure I.3 -MRI multiple outputs comparison of hepatic metastatic melanoma. The lesions appear bright in the T1-weighted image (left) and dark in the T2-weighted image (right) [19].

Figure I. 4 -

 4 Figure I.4 -A typical full-body MRI scanner. (SIGNA TM Explorer by GE Healthcare) [20]

  Highly portable and user-friendly systems are widely available on the market, including MyLab TM X8 Platform by Esaote, Aplio a by Canon and T-lite by Sonoscanner. Typical imaging devices are depicted in Figure I.5.

Figure I. 5 -

 5 Figure I.5 -Two ultrasound imaging devices. An imaging platform (left: Aplio α by Canon) and a handheld device (right: T-lite by Sonoscanner) [24,25]

  SPECT imaging consists in recording 2D projections of the region of interest. A complete 3D scan can be achieved using a setup with multiple cameras, reducing the acquisition time to around 15 minutes. PET imaging slightly differs as facing sensors and additional gating devices are employed. Both methods are complementary with CT and MRI techniques, making it possible to merge functional imaging with anatomical imaging. Overall, this yields full body scanning for applications including bone structures assessment, brain perfusion imaging or tumor screening and staging. Commercially available options offer different combinations of these imaging technologies. For instance, AnyScan by Mediso is a hybrid SPECT / PET / CT scanner. This imaging device is shown as an example in Figure I.6.
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 6 Figure I.6 -A hybrid SPECT / PET / CT scanner. (AnyScan by Mediso) [31]

(

  MSI) consists in imaging several wavelength bands -typically up to a dozen -including outside of the visible range. The selection of these spectral bands is based on the optical behavior of molecular compounds of interest within the tissues. This way, narrow-band imaging (NBI) has been used for highlighting the presence of hemoglobin, revealing vasculature. This way, the use of NBI for gastric cancer diagnosis was demonstrated [33]. Olympus released the EVIS EXERA III, an imaging platform featuring white light imaging and NBI for endoscopy -shown in Figure I.7. Blood perfusion can also be assessed by thermography using longer infrared wavelengths -typically around 10 micrometers. Increasing the spectral resolution improves the capacity to distinguish different chromophores. Hyperspectral imaging (HSI) further increases the number of observed spectral bands up to several hundreds.
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 7 Figure I.7 -A multispectral narrow-band imaging column. (EVIS EXERA III by Olympus)[34] 

Figure I. 8 -

 8 Figure I.8 -An interventional fluorescence imaging device; including its endoscopic implementation (Quest Spectrum® by Quest medical imaging) [36]

  Cellvizio by Mauna Kea and Convivo by Zeiss are two commercially available platforms. An illustration is shown in Figure I.9. Additional imaging technologies are being implemented in this framework such as optical coherence tomography (OCT), already widely used for retinal imaging or coronary artery imaging [38,39,40].

Figure I. 9 -

 9 Figure I.9 -An endomicroscopy platform. (Convivo by Zeiss) [41]

Figure I. 10 -

 10 Figure I.10 -Augmented-reality assisting a surgical procedure using a headset device (Hololens2 by Microsoft) [43]

  diffuse optical imaging with conventional fluorescence imaging, yielding widefield quantitative imaging. The increased objectivity granted by the quantitative feature aims at making more reliable the use of fluorescence imaging, especially during tumor resection procedures. More detailed objectives are presented in Chapter IV. The next chapter introduces the basics of NIR optical imaging. Tissue-light interaction and the modeling of light propagation are first covered. Second, methods for tissue optical characterization are presented.

1 .

 1 mechanism is commonly referred to as specular reflection. An illustration of the refraction phenomenon is shown in Figure II.The amount of reflected light depends on the angle of incidence and refractive indices of both media, according to the Fresnel equations. For a normal incidence, the reflectivity R0 is only function of the refractive indices (EII.3).
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 1 Figure II.1 -Refraction of light at the interface of two media with n1 > n2.
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 22 Figure II.2 -Light propagation through an absorbing medium.
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 3 Figure II.3 -Light propagation through a scattering medium.
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 4 Figure II.4 -A conceptual Jablonski diagram.

FigureFigure II. 5 -

 5 Figure II.5 -Radiance from a surface dA into a solid angle dΩ.

  Time-domain (TD) NIRS is based on measuring the temporal point-spread function (t-PSF) by analyzing the spread of a pulse of light over time as it propagates through the tissues. Reciprocally, time frequencydomain (TFD) NIRS consists in measuring the temporal modulation transfer function (t-MTF) by characterizing the attenuation and phase delay over time of an oscillating wave propagating through the medium. By analogy with time-resolved measurements, spatially-resolved measurements can be broken-down into two reciprocal approached. In space-domain (SD) NIRS, the measurement of the spatial point-spread function (s-PSF) is performed by measuring the spread of a point-like illumination from multiple distances. Reciprocally, spatial frequency-domain (SFD) NIRS consists in measuring the spatial modulation transfer function (s-MTF) by using spatially structured illumination and analyzing the modulation induced by the propagation in tissue.
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 7 Figure II.7 -Time-domain NIR spectroscopy principles.

Figure II. 8 -

 8 Figure II.8 -Time frequency-domain NIR spectroscopy principles.

  photomultiplier tubes (PMT)[25]. An illustration in the simple case of a homogenous diffusive and absorbing medium with one source and one detector is given in Figure II.9.

Figure II. 9 -

 9 Figure II.9 -Spatial-domain NIR spectroscopy principles.

Figure II. 10 -

 10 Figure II.10 -Typical workflow for spatial frequency domain imaging. The projected spatial frequencies are 0 mm -1 and 0.2 mm -1 . Illumination wavelength is 665 nm.

Figure II. 11 .

 11 Taking advantage of the projection system, a phase shifting-profilometry can be implemented. An additional set of images is acquired and demodulated to extract the phase shift profile of the sample, with respect to the reference calibration plane. The phase shift with respect to the calibration plane is proven to be linked to the height shift with a simple relationship[32]. By performing the calibration step at different working distances, the reference modulation amplitude can be adapted to compensate for varying working distances, given the topography of the sample. Thus, height-corrected MAC maps are computed, yielding accurate optical properties extraction.

Figure II. 11 -

 11 Figure II.11 -Profile-corrected SFDI workflow.

III. 1 .

 1 Endogenous near-infrared imaging III.1.1. Chromophore extraction Light absorption in biological tissues is caused by molecular constituents. Each molecule has a unique spectral signature characterized by its extinction coefficient. Thus, the optical absorption results in the combined contributions of each chromophore contained in the tissues. A combined plot of the most represented chromophores with significant absorption in the visible and NIR ranges is shown in Figure III.1.

  negligeable contribution in tissue optical absorption in the visible and NIR ranges is offering a transparency optical window to observe tissue. Water absorption significantly increases past 1000 nm.-Lipids Lipids designate macromolecules such as fatty acids, phospholipids, triglycerides. These are main components of cellular and intracellular membranes. Lipids also constitute the majority of adipose tissue -or fat -generated for energy storage. Being irrelevant for most clinical applications, their absorption is considered a constant contribution to the overall absorption of the tissues. As such, the presence of lipids does not interfere with other dynamic relative measurements of chromophores such as Hb or HbO2.

Figure III. 1 -(𝐸𝐼𝐼𝐼. 3 )

 13 Figure III.1 -Absorption spectra of selected chromophore present in biological tissue.

  the development of a dedicated GPU processing implementation demonstrated the extraction 1 mega-pixel (MP) oxygenation images in 1.6 milliseconds, making the whole imaging process real-time compatible [10]. This workflow is illustrated in Figure III.2. The remaining image artifacts inherent to the SSOP processing and lack of profile-correction may be addressed by employing a deep learning-based approach for spatial demodulation [11].

Figure III. 2 -Figure III. 2

 22 Figure III.2 -SSOP imaging using spatio-temporal modulation of light [9].

Figure III. 3 -

 3 Figure III.3 -A selection of various fluorescence image-guided surgery devices [35-39].

  real-time monitoring of the forementioned parameters and indices, as the acquisition time alone is approximately 6 seconds long. Since the emergence of SFDI a decade ago, its relevance for various clinical applications has been demonstrated. Two SFDI-based devices are currently commercially available, both developed by Modulim (Irvine, CA, USA) as shown in Figure III.4. Clarifi® is a multispectral imaging platform capable of non-invasive transcutaneous measurements of five biomarkers as metrics for oxygenation and perfusion, including StO2, [HbO2],[HHb] but also total hemoglobin concentrations in either superficial or deeper tissues. Clinicians are thus able to assess non-invasively within seconds the microvascular system. Its primary clinical application is the prevention of diabetic foot ulcers and peripheral arterial diseases, and the monitoring of post-surgery recovery[44]. Reflect RS® is a customizable research platform for academia and industry, with similar features than the Clarifi system. The Clarifi system received in 2018 FDA clearance for determining oxygenation levels in superficial tissues for patients with potential circulatory compromise. The use of such technology extends to several clinical applications, as demonstrated in human studies:-Diabetic foot ulcers Poor peripheral circulation in diabetes patients accentuates silent vascular changes, possibly leading to a diabetic foot ulcer and peripheral arterial disease. The lack of non-invasive testing can lead to underdiagnosed diseases and eventually amputation. SFDI was used to identify unique signatures of compromised circulation in patients, providing a non-invasive way of assessing risks[44].

Figure III. 4 -

 4 Figure III.4 -Commercially available SFDI devices [47,48].
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  Chapter V. Application to blood perfusion assessment in ischemic small bowel and stomach are presented respectively in Chapter VI and VII. A pilot study for the use of quantified fluorescence for tumor detection and margin assessment is detailed in Chapter VIII. Finally, a conclusion chapter summarizes this work and elaborates perspectives for future works. This chapter describes the main contribution of this doctoral work. Currently, there are no available devices capable of real-time widefield oxygenation imaging for intraoperative use in open-surgery. Recent development in the field of NIR imaging for tissue oxygenation monitoring demonstrated the ability to measure hemoglobin concentration within tissues over large areas, providing a reliable objective metric of tissue viability for a variety of surgical procedures. State-of-the-art implementations showed the ability to perform oxygenation imaging in real-time, making this technology well-suited for intraoperative use. Yet, the implementation of these advances in a clinically-compatible device and preclinical validation were required.

  development of fluorescence imaging for clinical applications accelerated with the growing number of available contrast agents and the development of new imaging technologies[1][2][3]. However, the lack of quantitative capabilities leads to subjective assessment of fluorescence images, introducing variability in the surgical outcome. Alternatively, the ability of hyperspectral imaging to extract functional parameters for clinical applications has been reported[4][5][6]. Yet, it suffers from the lack of quantitative extraction of tissue constituents concentrations, and cannot provide real-time feedback intraoperatively.The development of SFDI enabled the quantitative extraction of hemoglobin concentrations, and in turnthe imaging of tissue oxygenation over large fields of view (> 100 cm²)[7]. Recent development in the realtime implementation of SFDI -namely SSOP -described dedicated acquisition and processing workflows, and the use of parallel computing to provide real-time imaging capabilities to the technique[8]. With the most advanced form of SSOP including deep learning-based processing, high-quality images can be produced while preserving the real-time capabilities of the method[9].

Figure V. 1 .

 1 This three channel-optical system features one visible light channel (VIS) and two NIR channels (NIR1, NIR2). These channels are co-registered using a custom optomechanical device equipped with tilting mirrors, producing a field of view of 12 cm x 15 cm. The detection optics enable fine focusing and individual aperture control. An RGB camera (GO-5000C-USB, JAI Ltd., Kanagawa, Japan) and two monochrome cameras (GO-5000M-USB, JAI Ltd., Kanagawa, Japan; Edge 4.2, Excelitas PCO GmbH, Kelheim, Germany) are used for the detection in the VIS, NIR1 and NIR2 channels.Custom filter sets (Chroma Inc., Bellows Falls, VT, USA) provide wavebands selection for optical properties imaging with minimized crosstalk between channels.
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 1 Figure V.1 -Multimodal imaging platform architecture. The platform is built onto a medical cart equipped with light sources, a computer, mounted displays and a mounted imaging head (a). The imaging head is composed of an optomechanical device offering three imaging channels: VIS, NIR1 and NIR2; and illumination systems for oxygenation imaging, fluorescence imaging and white light illumination of the surgical field (b), (c). The detection optical filtering is adapted to reflectance imaging at 665 nm and 860nm, and fluorescence imaging using 800 nm dyes (d).

Figure V. 2

 2 presents one complete source. Such a source houses six independent modules that can be loaded with different laser diodes (LDX Optronics, Maryville, TN, USA) to achieve multispectral imaging, or to match the excitation of fluorophores of interest. Identical laser diodes can also be combined to provide higher illumination power. For optimized oxygenation imaging, a combination of four 665 nm (2 W each) and two 860 nm (5 W each) laser diodes equip the reflectance source. In order to excite 800 nm fluorophores -especially ICG -six 760 nm, (6 W each) laser diodes are mounted in the fluorescence source.Each diode is thermally regulated by a thermoelectric cooler (TEC) (TEC-15.4-3.9-33.4-72-40-CH4,7, Arctic TEC Technologies, Dortmund, Germany) and a thermistor placed on the laser diode chassis (TH10K, Thorlabs, Newton, NJ, USA). Individual TEC drivers (PTC5K-CH, Wavelength electronics, Bozeman, MT, USA) enable temperature regulation and monitoring of the diodes. Similarly, laser diode drivers (LD10CHA, wavelength electronics, Bozeman, MT, USA) control the laser output power, and monitoring of the integrated photodiode feedback. A custom optomechanical assembly featuring optical filters (Chroma Inc., Bellows Falls, VT, USA) and graded-index lenses (Newport, Irvine, CA, USA) performs the laser output coupling into a dedicated fiber bundle (CeramOptec, Bonn, Germany). In the case of the reflectance source, the modules are coupled into a 6-legged fiber bundle which regroup in a single output for illuminating the DMD. In the fluorescence source, the 6 legs of the bundle contain multiple fibers which are randomized and redistributed into 6 legs that are plugged in the illumination ring. In addition, each module is interfaced with USB analog input/ouput modules (USB-202, Measurement Computing, Norton, MA, USA) to control the modules and record feedback signals from a computer. The interfacing of a single module is depicted in Figure V.2.

Figure V. 2 -

 2 Figure V.2 -Modular and controllable laser source. The sources are designed to sit on the cart shelves. On its front face an interlock system enables the optical output while status LED exhibit the lasers state (a). The 6 modules are placed around a heat sink providing heat dissipation while optimizing space (b,c). The modules are interfaced with USB modules for remote control of the sources (d).

1 .

 1 08 mm -1 at 665nm and a sheet of white paper. Images from the NIR2 channel were acquired with varying exposure settings -exposure time, sensor binning -with successively all lights switched off, and white light and excitation laser light switched on. Finally, the sensitivity of the NIR2 channel for fluorescence detection was assessed by imaging eight different dilutions of ICG diluted in dimethyl sulfoxide (DMSO) at concentrations ranging from 25 nM/L up to 800 nM/L. The vials were placed onto the previously mentioned background materials and imaged with varying exposure settings. Average fluorescence signals were extracted and compared to the noise floor level for sensitivity assessment. Sensitivity was defined as the concentration producing an intensity twice as high as the noise floor level. V.2.4. In-vivo ischemic small bowel imaging V.2.4.1. Bowel ischemia model One large swine was involved in this non-survival study, which received full approval from the local Ethical Committee on Animal Experimentation (ICOMETH No. 038.2019.01.121) and by the French Ministry of Superior Education and Research (MESR) under the following reference: APAFIS #20819-2019052411591088 v3.After performing a midline laparotomy, a 20 cm small bowel loop was exposed. A central region was delineated, and corresponding arcade branches were isolated. A clamp was used to create an occlusion on these vessels, causing ischemia on a limited portion of the bowel while the rest of the loop remained perfused. The occlusion was maintained during 14 minutes until release.V.2.4.2. Fluorescence imagingA dose of ICG was injected intravenously 2 minutes before occlusion release. Color images from the VIS channel and fluorescence images from the NIR2 channel were acquired starting from the injection timepoint and for 2 minutes and 30 seconds. The imaging working distance was maintained at 45 cm.

  3. Results V.3.1. System characterization V.3.1.1. Optical characterization At 45 cm working distance and performing 2x2 binning on the camera sensor, the optical system produces images of a 12x15 cm field-of-view, with a resolution of 1024x1280 pixels. The measured lateral resolution with fully open apertures for channels VIS and NIR2 was 5.04 lp/mm and 5.66 lp/mm for the NIR1 channel.

Figure V. 3 -

 3 Figure V.3 -In-vitro optical properties imaging characterization. A matrix of 12 phantoms was imaged using a deep learning-based approached. Absorption and reduced scattering maps at 665 nm and 860 nm obtained from respectively the channels NIR1 and NIR2 show good image quality with few artifacts (a). The measured

Figure V. 3

 3 Figure V.3 presents the extracted optical properties maps and error estimation in comparison to standard SFDI. Errors in µa and µs' measurements were respectively below 2.7 % and 2.7 % for both 665 nm and

Figure V. 4

 4 shows the evolution of dark noise and leakage with exposure settings and background materials. Dark noise was first measured with exposure times ranging from 5 ms to 160 ms and sensor binning factors of 1x1, 2x2 and 4x4. Noise levels representing 0.1 %, 0.6 % and 2.4 % of the dynamic range of the NIR2 camera were measured respectively with 1x1, 2x2 and 4x4 binning factors. The same set of images was acquired with fully open aperture, and both with light and 760 nm laser excitation light switched on. Noise levels were on average 17 % and 46 % higher than the dark noise using a phantom background or a paper background, corresponding mostly to excitation light leakage into the NIR2 channel. A set of 8 ICG dilutions with concentrations ranging from 25 nM/L to 800 nM/L was imaged in the same previously stated conditions. Figure V.4 shows the images from the VIS and NIR2 channels as well as an overlay. Figure V.4 also shows the evolution of intensity in the NIR2 images for each dilution at various exposure times with fixed 2x2 sensor binning and using a silicone phantom as background. The intensity increases linearly with the exposure time until reaching saturation. Sensitivity was estimated by measuring the concentration corresponding to an intensity 2 times higher than the noise floor level, yielding a signal-to-background ratio of 2. At 40 ms exposure time and 2x2 binning factor, the sensitivity was estimated at 18.8 nM/L.

Figure V. 4 -

 4 Figure V.4 -In-vitro fluorescence imaging characterization. A set of 8 dilutions of ICG with concentrations ranging from 25 nM/L to 800 nM/L were imaged (a). The contributions to background noise from dark noise and leakage were measured with varying exposure settings and various background materials (b). The fluorescence intensity was extracted from each dilution vial to assess the sensitivity of the imaging system.

Figure V. 5

 5 shows the oxygen saturation trends for the two ROIs over time. During the baseline phase, both ROIs show stable StO2 rates of 77.9 % and 74.6 % respectively in the control and ischemic areas. While the perfused area remains 4% of its baseline value of StO2, oxygenation in the ischemic area decreases until reaching 63.8 % after 12 minutes of occlusion. From 2 minutes and 30 seconds after the occlusion release, the StO2 rate decreases back its baseline state, reaching 75 % after 5 minutes and 30 seconds of reperfusion.
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 5 Figure V.5 -In-vivo oxygenation and fluorescence imaging. An occlusion of a portion of a bowel loop was performed for 14 minutes. Oxygenation was monitored prior to clamping and during the 12 first minutes of occlusion. Fluorescence images were recorded from the ICG intravenous injection until 30 seconds after release. Oxygenation imaging resumed for the 3 minutes of the reperfusion phase (a). The absence of fluorescence signal in the ischemic area correlates with the low StO2 rates observed. After reperfusion, this area shows fluorescence signal levels and StO2 rates close to those of the perfused areas (b). Oxygenation rates are steady in the control area whereas ischemia could be detected and quantified in the occluded area.

  imaging and fluorescence imaging. First, the comparison between tissue-mimicking phantom optical properties obtained from standard SFDI and state-of-the-art deep learning-based SSOP shows good agreement for both absorption and scattering, at 665 nm and 860 nm, as expected from previous published validation of SSOP. Average error below 2.7 % in absorption and 1.7 % in scattering were observed. The considered optical properties were matching the typical range of those of biological tissues, ensuring similar performances for in-vivo imaging. Second, the characterization studies demonstrate sensitivity for ICG detection at concentrations as low as 19 nM/L with 40 ms exposure time and 2x2 binning factor, corresponding to ideal exposure parameters to produce real-time fluorescence imaging (25 fps) with highresolution (1024 x 1280 pixels). Relatively low noise levels were measured, validating the performances of the implemented optical filtering, and ensuring high signal to background ratios.Next, results from an in-vivo preclinical trial on a small bowel model demonstrate the ability of the platform to produce oxygenation rate mapping in real-time, yielding the monitoring of tissue ischemia. More precisely, the oxygenation dynamics could be observed during the ischemic phase, and during the reperfusion phase. These results are in agreement with the outcome of ICG fluorescence, confirming the suitability of StO2 as a metric for blood perfusion monitoring. However, concurrent oxygenation and fluorescence imaging is currently not possible. To this purpose, adjustments in the acquisition workflow are required by either acquiring sequentially reflectance and fluorescence images, or adding an additional NIR channel to the imaging device.

  two dedicated CNNs based on a U-Net architecture were used for the extraction of the modulation amplitude of the signal for each spatial frequency, and for the profilometry analysis of the surface profile of the sample. Both networks were trained using high quality images obtained with SFDI acquisition sequences (with 7 phase shifts instead of 3 to enhance quantification accuracy and image quality) and optimized for efficient and low-cost computation performances, enabling a real-time capability and achieving high visual quality optical property quantification for up to 1 MP images. The training dataset consisted of a total of 200 high quality images divided into N = 40 images of tissue-mimicking silicone phantoms with different optical properties ranging from μa = 0.005 to 0.05 mm -1 for absorption and from µs' = 0.5 to 3 mm -1 for reduced scattering; N = 52 images of hands from different Caucasian men and women in various configurations; N = 108 images from ex vivo and in vivo swine organs in several orientations (stomach, small bowel, colon, kidney, pancreas, liver, and spleen).

  different wavelengths (Chroma,VT, USA). A pair of linear polarizers (PPL05C, Moxtek, Orem, UT, USA) in crossed configuration are also employed at the projection and imaging sides to reject the contribution from specular reflections at the surface of the sample. A silicone-based optical phantom (21 cm x 21 cm x 2 cm) with known optical properties (μa = 0.01 mm -1 and μs' = 1.1 mm -1 at 665 nm, and μa = 0.01 mm -1 and μs' = 1.1 mm -1 at 860 nm) is used for the calibration of the imaging system. The imaging workflow consists of the simultaneous projection of a high frequency sinusoidal pattern (i.e. 0.3 mm -1 ) at the two wavelengths (665 nm and 860 nm) followed by the three channels acquisition of the images for the extraction of the oxygen saturation level of the tissue. An illustration of the imaging system is shown in Figure VI.1.

Figure VI. 1 -

 1 Figure VI.1 -Imaging system illustration. A: the imaging system provides bright filtered white light for illuminating the surgical field. The large working distance -typically 45cm -ensure minimal interference with the surgical workflow. B: The imaging platform, equipped with a mounted imaging head, mounted displays, white light LED-based lamp, custom laser sources and a working station for device control, data processing and data storage.

  20 cm small bowel loops were exposed in order to create short bowel ischemia by diving the peritoneal layer of the mesentery with sufficient length to apply a bulldog clamp. Similarly, to the pure ischemic model five regions of interest were marked with an interrupted suture in the antimesenteric border (ROI 1: central ischemic; ROI 2: left marginal; ROI 3: left vascularized (2.5 cm from ROI 2); and symmetrically ROI 4: right marginal; ROI 5: right vascularized (2.5 cm from ROI 4) in each loop. Small bowel loops were imaged following the same workflow previously employed, during clamping and after declamping at the reperfusion phase (T0, and T10 and T14 min respectively).

  96 and was significantly lower when compared to marginal ROIs (ROI2 + ROI 4: 45.67 % ± 10.02, p < 0.0001), and to vascularized ROIs (ROI 3 + ROI 5: 48.08 % ± 7.08, p < 0.0001). Although the SSOP-StO2 was higher in vascularized ROIs, this difference was not statistically significant (p = 0.13). Figure VI.2 shows the imaging outcome for one of the subjects.

Figure VI. 2 -

 2 Figure VI.2 -Pure ischemia model oxygenation imaging outcome. Top row: Oxygenation maps are shown at each lactates measurement time points. Bottom row: color images are shown for anatomical reference. The 5 ROIs are represented by color squares in the images. Oxygenation maps show steady high oxygenation rates in the perfused areas and consistently decreasing rates in the ischemic area. A transition zone is shown between the perfused and ischemic areas.

Figure VI. 3 -

 3 Figure VI.3 -Ischemia / reperfusion model oxygenation imaging outcome. Top row: Oxygenation maps are shown at different time points: before occlusion (baseline), after 10 minutes of occlusion (occlusion) and 4 minutes after occlusion release (release). Bottom row: color images are shown for anatomical reference. Similar behavior is exhibited compared to the pure ischemia model until the release of the occlusion. After releasing the occlusion, reperfusion occurs and the formerly ischemic area shows StO2 rates similar to those during of the baseline, and those of the perfused areas.

Figure VI. 5 .

 5 In the pure ischemia model, the mean value of normalized lactates in ROI 1 was 4.80mmol/L ± 2.59 and was significantly higher when compared to marginal ROIs (ROI 2 + ROI 4: 1.03 mmol/L ± 0.47 p <0.0001), and to vascularized ROIs (ROI 3 + ROI 5: 0.75 ± 0.25 mmol/L, p < 0.0001). The difference between marginal and vascularized ROIs also showed a statistically significant difference (p < 0.0001). The cumulative Pearson's correlation analysis between normalized lactates and SSOP-StO2 was -0.589, p<0.0001.As for the histopathological confirmation, the mean Park/Chiu's score at ROI 1 was 4.50 ± 0.84 and was significantly higher than marginal zones (ROI 2 + ROI 4: 1.58 ± 1.10) p < 0.0001 and vascularized (ROI 3 + ROI 5: 0.667 ± 0.650), p < 0.0001. At T65, the Park/Chiu's score correlation between SSOP-StO2 was r= -0.6251, p=0.0002 and between normalized lactates was r=0.710, p < 0.0001.
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 4 Figure VI.4 -StO2 correlation with normalized lactates in the pure ischemia model. A: Normalized lactates (mmol/L) during 1 hour of ischemia: the mean value of normalized lactates in ROI 1 was 4.80 ± 2.59 and was significantly higher when compared to marginal ROIs (ROI2 + ROI 4: 1.03 ± 0.47, p < 0.0001), and to vascularized ROIs (ROI 3 + ROI 5: 0.75±0.25, p < 0.0001). The difference between marginal and vascularized ROIs also showed a statistically significant difference p < 0.0001. B: Kinetics of normalized lactates (mmol/L). C: SSOP-StO2 values during 1 hour of ischemia: the mean value of SSOP-StO2 in ROI 1 was 30.1 ± 6.96 and was significantly lower when compared to marginal ROIs (ROI 2 + ROI 4: 45.67 ± 10.02 p < 0.0001), and to vascularized ROIs (ROI 3+ ROI 5: 48.08±7.08, p=<0.0001). Although SSOP-StO2 was higher in vascularized ROIs, it did not show any statistically significant difference (p=0.1298). D: Kinetics of StO2 cartography in each ROI. E: Pearson's correlation analysis between normalized lactates and SSOP-StO2 in correspondence to all ROIs. F: Histopathological report: the mean Park/Chiu's score at ROI 1 was 4.50 ± 0.84 and was significantly higher than marginal zones (ROI 2 and ROI 4: 1.58 ± 1.097, p < 0.0001) and vascularized (ROI 3 and ROI 5: 0.67 ± 0.65, p < 0.0001).

  lactates and histology scores to validate the performances of oxygenation imaging. Finally, the advantages of SSOP-based oxygenation imaging are discussed.The material for this chapter was extracted from a previously published contribution: ''Single snapshot imaging of optical properties (SSOP) for perfusion assessment during gastric conduit creation for esophagectomy: An experimental study on pigs'' in Cancers ,Volume 13 , Number 23, (2021).[1] 

  imaging system (Figure VII.1) included a white light plasma lamp (Thorlabs Inc., Newton, NJ, USA) for the illumination of the surgical field, together with a fiber-coupled custom-made high-power two wavelengths laser source working at 665 and 860 nm. The projection of sinusoidal patterns on the sample was performed with a Digital Micromirror Device-based projector (Vialux GmbH, Chemnitz, Sachsen, Germany). The field-of-view (FOV) of the system was slightly greater than 15 × 15 cm at a working distance of 45 cm as shown in Figure VII.1.

Figure VII. 1 -

 1 Figure VII.1 -Clinically-compatible imaging for SSOP-based oxygenation imaging. (A) Preclinical cart for fluorescence, SFDI, and SSOP imaging in the operating room. The imaging head is mounted onto an articulated arm for an easy positioning over the surgical table at the desired working distance. The main body of the cart contains the laser sources, the white light lamp, and the PC workstation. (B) Imaging head based on a trident architecture to enclose three separate channels for RGB, NIR1, and NIR2 imaging. A DMD-based projection system is also mounted onto the head for the generation of structured illumination over the FOV. The light source is delivered to the projector via a fiber-based coupling system. An illumination ring is used to homogeneously deliver white light illumination of the surgical field and fluorescence excitation wavelength. (C) Schematics of the imaging bands for the trident, namely: the RGB camera (JAI GO-5000C-USB, JAI Ltd., Kanagawa, Japan) covers the VIS bandwidth (400-650 nm); the NIR1 camera (pco.pixelfly USB, Excelitas PCO GmbH, Kelheim, Germany) covers the first near-infrared bandwidth (centered around 665 nm); and the NIR2

  Finally, the generated artificial intelligence (AI) score for the postoperative phase was generated and the quantitative analysis of SSOP images was correlated with biological and histopathological data (Figure VII.2).

Figure VII. 2 -

 2 Figure VII.2 -SSOP imaging experimental workflow. (A) First of all, the SSOP machine was prepared for data acquisition. (B) Regions of interest (ROIs) were marked with surgical stitches before any dissection in order to obtain StO2% values and correspondent LCLs in the same ROIs along the entire timeline. Preselection of ROIs for antrum (ROI-A), corpus (ROI-C), fundus (ROI-F), and the future removed region (ROI-R) was essential to prevent any possible selection bias related to postoperative selection. (C) The acquisition of data started 5 min before the preparation of the gastric conduit (t-5 ), with the baseline evaluation of the healthy stomach. After gastric conduit (GC) formation, the acquisition proceeded in 15 min time points, for a total of 60 min, which was the clinical estimated time between GC preparation and the packing of the esophagogastric anastomosis. During this period, the upper separated part of the stomach (ROI-R) was supposed to become increasingly ischemic after resection. (D) Normal porcine abdominal anatomy. Gastric vascularization is the same in humans, even if the stomach of the pig is two to three times larger and more bag-shaped. The vena cava (blue) and the biliary tree (green) are highlighted. (E) Ligation of the left gastroepiploic artery (LGEA) and short gastric vessels (SGV). (F) Ligation of the left gastric artery (LGA). (G) After transection, the perfusion of the gastric conduit was maintained via the right gastroepiploic arcade (RGEA); the antrum/duodenum was also perfused by the right gastric artery (RGA). ROI-R, even if partially perfused by distal esophageal vessels, received only a minimum amount of blood, enough to consider it ischemic, but not totally devascularized.

  StO2 quantification SSOP images of StO2% are shown in Figure VII.3. ROI-A had no differences in terms of StO2% for each time point. Instead, ROI-C showed statistically significant lower T0 values than T45 (1.00 ± 0.03 vs. 1.08 ± 0.01, p = 0.0334) and T60 (1.00 ± 0.03 vs. 1.13 ± 0.01, p = 0.0010). Regarding ROI-F, StO2% at T0 remained significantly lower when compared to T15, T30, T45, and T60 values (p = 0.0012, p = 0.0080, p = 0.0181, p = 0.0049, respectively). Regarding ROI-R, StO2% was statistically higher at T0 when compared to T15, T30, T45, and T60 (p < 0.0001) (Figure VII.3). StO2% curves of all pigs are available in Figure A1.3. The comparison between different ROIs showed no differences for T0. ROI-R had statistically significant lower StO2% values when compared to all other ROIs at T15, T30, T45, and T60 (p < 0.0001). However, ROI-C and ROI-F showed higher values than ROI-A at T15 (ROI-C vs. ROI-A, p = 0.0007; ROI-F vs. ROI-A, p < 0.0001), T30 (p < 0.0001), T45 (p < 0.0001), and T60 (p < 0.0001) (Figure VII.3, Table

  LCL values were normalized for LCL measurements of ROI-A at T0. Principal component analysis of StO2% and LCL values after resection showed ROI-R as a separated cluster from the other ROIs. ROI-A and ROI-F appeared as separate groups while ROI-C was overlapped between ROI-A and ROI-F (Figure VII.3). Similarly, data were normalized for ROI-A at T60 to investigate the power of the camera in discriminating between ROIs. As a result, measurements evaluated at ROI-A showed statistically significant differences when compared to ROI-C (p = 0.0013), ROI-F (p = 0.0028), and ROI-R (p < 0.0001). A significant difference was found for ROI-C vs. ROI-R (p < 0.0001) and ROI-F vs. ROI-R (p < 0.0001) while no difference was found regarding ROI-C vs. ROI-F (Figure VII.3). A simple logistic regression analysis was used to find the cut-off value to discriminate ROI-A from ROI-C and ROI-C from ROI-F. The threshold value to discriminate between ROI-C and ROI-F was 72.21%, with an AUC of 0.7274 (95% CI 0.5847 to 0.8702, p = 0.0069) (Figure VII.3) while the threshold value to distinguish between ROI-A and ROI-C was found to be 65.21%, with an AUC of 0.9688 (95% CI 0.9275 to 1.0000, p < 0.0001) (Figure VII.3). StO2% and LCLs were found to be negatively correlated (R = -0.8439, 95% CI -0.9367 to -0.6407, p < 0.0001) (Figure VII.3).
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 3 Figure VII.3 -LCLs and StO2% quantification and analysis. Different colors indicate different ROIs: green (ROI-A), blue (ROI C), fundus (ROI-F), and black (ROI-R). (A) Evolution of LCLs for single ROIs. Only the removed region showed statistically significantly higher values of LCLs for each time point from T15 to T60 when compared to T0; the corpus showed this relationship for T0 vs. T15 and the fundus for T0 vs. T60. Data were normalized for T0 of ROI-A. (B) LCL comparison between ROIs. After gastric conduit formation, the removed region showed statistically significantly higher values of LCLs when compared to the other gastric regions. Data were normalized for T0 of ROI-A. (C) SSOP images showing StO2% of the gastric conduit and the removed region from baseline to T60, and correspondent true color (RGB) images. (D) Oxygenation trends for each region of interest during the full ischemic period with a non-constant sampling rate. Between T0 (when the GC is complete) and T15, the sampling rate is around 10 s to monitor the dynamics of tissue perfusion, whereas for t = -5 min (baseline) and T30, T45, and T60, a single point was sampled. Data were normalized for T0 of ROI-A. (E) Evolution of StO2% for single ROIs. StO2% increased along time in the corpus (T45 and T60) and fundus (T15, T30, T45, and T60). Instead, as expected, StO2% values at T15, T30, T45, and T60 were lower than T0. Data were normalized for T0 of ROI-A. (F) Principal component analysis of the ROIs. The variables selected are LCL and StO2% and the label used is the ROI (A, C, F, R). ROI-R represents a separate cluster from the other ROIs. Principal Component (PC)1 and PC2 contribute to 94.83% of the variance. (G) StO2% comparison between ROIs. After GC formation, the removed region showed lower StO2% values than other gastric districts. Instead, StO2% of the antrum appeared lower when compared to the corpus and fundus. Data were normalized for T0 of ROI-A. (H) Simple logistic regression analysis between ROI-A and ROI-F. (I) Simple logistic regression analysis between ROI-A and ROI-C. (J) Pearson's correlations between LCL and StO2%. Higher LCL measurements correlated with lower StO2% values. Data were extracted at T60 and normalized for the respective ROI-A. All
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 2 Nevertheless, the serosa showed no important alteration between ROIs (Figure VII.4). Control biopsies are available in Figure A1.1. Overall, histological alterations have grown gradually from ROI-A (antrum), ROI-C (corpus), and ROI-F (fundus) up to ROI-R. Statistical analysis was reported in TableA1.After 60 min of ischemia, the serosa showed non-statistically significant alterations in all ROIs (Figure VII.4). The muscularis externa presented a significantly higher damage in ROI-C and ROI-R when compared to ROI-A (p = 0.0004, p = 0.0373, respectively). The submucosa showed a statistically significantly higher histological alteration, mostly due to inflammation in ROI-F and ROI-R (p = 0.0013, p = 0.0073, respectively), while the mucosa showed an increased and significant damage in ROI-C and ROI-R (p = 0.0211, p = 0.0004, respectively). The average of the full-thickness biopsy damage presented a statistically significant increase going from ROI-A to ROI-C (p = 0.0010), ROI-F (p = 0.0187), and ROI-R (p = 0.0003), accordingly with the histopathological observation. Additional analysis on neutrophils infiltration is reported in FigureA1.2.
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 4 Figure VII.4 -Histopathological assessment. (A) ROIs localization map. (B) Hematoxylin and eosin staining of biopsies of all ROIs 60 min after tubulization, green (antrum, ROI-A), blue (corpus, ROI-C), red (fundus-future anastomotic site, ROI-F), black (resected region, ROI-R). Magnification 0.125×. Scale bar 1 mm. Pictures were sampled using microscope Zeiss AXIO scope A1. (C) Statistical analysis of the histology score, per single layer, and full-thickness. Data were expressed as mean and ±SEM and normalized with the antrum dataset. One-way ANOVA was used, ns p > 0.05, * p ≤ 0.05, ** p ≤ 0.01, *** p ≤ 0.001 N = 6.
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 41 already described that the formation of the gastric conduit induces severe changes in microcirculation, particularly in the anastomotic region of the gastric fundus. As a result of this manipulation, immune cells promote the acute inflammatory response by increasing the permeability of vessels and allowing the secretion of various cytokines and chemokines. Neutrophils are the first ones to be involved, by secreting vasoactive and pro-inflammatory mediators, including histamine, platelet-activating factors (PAFs), bradykinin, and thrombin. These mediators increase vascular permeability, promoting fluid accumulation (edema) and leukocyte extravasation (Figure A1.2). Polymorphonuclear neutrophils produce reactive oxygen species (ROS), responsible for endothelial dysfunction by oxidation of crucial cellular signaling

  present study has demonstrated for the first time the safety and reliability of SSOP technology in determining the real-time adequate perfusion of GC when compared to a certain ischemic gastric tissue, providing a quantitative evaluation through StO2% values, without exogenous fluorophores. SSOP is a suitable intraoperative tool which could potentially predict AL in the clinical setting. This preliminary validation provided a robust dataset useful to compare single snapshot images with the video rate as the next experimental step. Further studies are needed to validate the system and to develop a minimally invasive setup, to finally proceed to clinical application. Chapters V, VI and VII demonstrated the use of the presented imaging platform for tissue blood perfusion assessment in the context of reconstructive surgery, by enabling widefield oxygenation and fluorescence imaging in real-time. In the next chapter, the use of the imaging device for tumor resection is studied, by combining fluorescence imaging of targeted agents and endogenous tissue optical characterization to achieve quantitative fluorescence imaging.VIII. Quantified fluorescence imaging for tumor detection and margin assessmentChapter V demonstrated the multimodal capabilities of the developed imaging platform, performing both optical properties imaging and fluorescence imaging for blood perfusion assessment. In Chapter VI and Chapter VII, the integration of the imaging device into the surgical workflow during preclinical trials was demonstrated. This chapter presents a unique application of the imaging platform, in which the combination of both modalities enables quantitative fluorescence imaging.The emerging use of fluorescence imaging for tumor detection purposes is first discussed, followed by the inherent limitations of the use of conventional fluorescence imaging. Quantification of fluorescence is detailed along with its implementation using the developed imaging platform. First, in-vitro results demonstrated the importance of fluorescence quantification to enable accurate fluorescence assessment using fluorescent tissue-mimicking phantoms. Next, preclinical trials with colorectal and pancreatic cancer models and an assortment of fluorescent tracers demonstrated the limitations of conventional -i.e. nonquantitative -fluorescence imaging, and the need for a quantitative approach to fluorescence imaging.VIII.1. Context and motivationNear-infrared (NIR) fluorescence imaging is gaining clinical acceptance for a growing number of surgical procedures due to its ability to enable perfusion analysis and detection of vital structures[1,2]. NIR light offers advantageous penetration depth in biological tissues up to a centimeter, making possible in-depth investigation of tissues. Another advantage of the NIR wavelength range is the low autofluorescence levels of tissues, maximizing the signal-to-background ratio in NIR fluorescence images. Several contrast agents have been deployed and clinically approved for NIR fluorescence imaging, of which ICG is one of the most frequently used. Recently, there has been an emergence of molecular targeted NIR fluorescence imaging applications, where a stable conjugation of a NIR fluorophore to a targeting molecule results in specific accumulation of the tracer in the tissue of interest such as tumor tissues[3]. However, the current approaches to fluorescence imaging are by definition qualitative and subjective, thus leading to variably different and inaccurate assessments of fluorescent agents accumulating in tissue. The two main reasons for it are related to instrumentation and tissue specific. When tissue is illuminated with excitation light, light travels from the source to the tissue. Part of the excitation photons are lost priori to reaching -and exciting -the fluorophore due to scattering and absorption. Once the fluorophore is excited,

  Figure VIII.1 shows a picture of the imaging system and a schematic of the imaging workflow.

Figure VIII. 1 -

 1 Figure VIII.1 -Quantitative fluorescence imaging setup and workflow. (a) A custom setup for dual SFDI and fluorescence imaging was developed. One channel in the visible range (<650nm) provides an anatomical view of the surgical field. Two NIR channels (760nm and <780nm) are used to collect reflectance and fluorescence images. (b) The reflectance data collected at λx = 760nm and λm = 808nm is processed to derive diffuse reflectance and optical properties of the sample. This information is combined with the raw fluorescence signal yields the quantitative fluorescence (qF) images i.e. the tracer concentration maps. The reflectance data at λx can also be used to normalize the raw fluorescence signal using a commonly employed empirical algorithm (F/R).
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 12 details the optical properties of each phantom at 760 nm. Although the fluorophore concentration has been kept fixed across the phantoms, a gradient in the raw fluorescence signal was detected, as shown in Figure VIII.First, a decrease in the raw fluorescence signal was observed with decreasing scattering or increasing absorption. Second, an increase in raw fluorescence signal was observed with increasing scattering and decreasing absorption. These findings demonstrate the significant distorting effects due to changes in optical properties on the detected fluorescence. The mean percentage error (MPE) relative to the known true fluorescence concentration was used as a metric of fluorescence signal variability. Using phantom #4, the raw fluorescence images without any correction for tissue optical properties demonstrated a significant variability with a MPE of 24.2 %. The quantitative fluorescence images demonstrated a correction for the distorting effects of optical properties of the detected fluorescence with a MPE of 15.6 %. The quantitative fluorescence results show fluorophore concentrations estimates closer to the true concentration, despitethe changes in optical properties. First, these results demonstrate in a controlled phantom study the significant impact that the distorting effects of tissue optical properties have on the detected fluorescence, leading to highly inaccurate estimates of the fluorophores present. Second, these results demonstrate the ability of this approach to correct for the distorting effects of optical properties across the phantoms. Third, the quantitative images provide the user with absolute tracer concentration in nM/L units as opposed to raw or normalized fluorescence images which provide relative intensity in arbitrary units.

Figure VIII. 2 -

 2 Figure VIII.2 -in-vitro imaging of tissue mimicking phantoms with equal tracer concentration of 100nM/L but varying optical properties. (a) Distortion of the raw fluorescence signal is demonstrated with increasing absorption -top to bottom -and increasing scattering -left to right. (b) The estimated fluorescence is homogenous across the samples using quantitative imaging. The measured mean raw fluorescence (c) and tracer concentration (d) are compared to the reference true concentration, demonstrating a decrease of the MPE using quantitative imaging.

Figure VIII. 3 -

 3 Figure VIII.3 -Ex-vivo fluorescence images comparison. (a) Typical colorectal case study. Raw fluorescence (top right), normalized fluorescence (bottom left) and quantified fluorescence (bottom right) images are shown for comparison. The anatomical view merged with the raw fluorescence (top left) is shown for reference. The tracer concentration maps exhibits reduced background and a markedly different distribution of tracer compared to the raw fluorescence. (b) Histology images of one primary tumor and one metastasis. Their location in the body is marked on the raw fluorescence image respectively with a 'P' and a 'M' mark. (c) Typical

  average biodistribution was assessed in both colorectal and pancreatic models based on the different imaging outputs as detailed in the charts in Figure VIII.4. The extracted mean values were scaled to match the quantified fluorescence levels in the primary tumors. A multiplicative factor was applied to the raw fluorescence and F/R normalized fluorescence datasets to set the arbitrary units scales to be comparable to the tracer concentration scale. This way, the apparent fluorescence intensity is equal for all imaging outputs, enabling the relative comparison of the qualitative modalities with the quantitative fluorescence. In accordance with the observations based on the abdomen images, the F/R normalization offered a compensation for the absorption of light by the tissues, showing increased signals in the liver, spleen and kidneys for instance.For the colorectal group, quantitative fluorescence levels show an underestimation of 907 % (p < 0.0003) and 606 % (p < 0.0005) of the presence of fluorophore from raw fluorescence for the kidneys and the liver, respectively. For the pancreatic group, tracer estimates were underestimated of 234 % (p < 0.0012) and 159 % (p < 0.0006) by the raw fluorescence in the spleen and kidneys, respectively. These results demonstrate significant underestimation and consequent misinterpretation of the biodistribution in high absorbing organs when based on raw fluorescence estimates.

Figure VIII. 4 -

 4 Figure VIII.4 -Biodistribution estimation comparison. The average biodistribution extracted from the raw fluorescence images (Raw), the F/R normalized fluorescence images (F/R) and quantified fluorescence images (qF) are compared for both colorectal (N=6) and pancreatic (N=6) groups. Error bars show the corresponding standard deviations. A redistribution is suggested by the normalized and quantified fluorescence with regards to the outcome of raw fluorescence imaging.

Figure VIII. 5 -

 5 Figure VIII.5 -SBR and TBR analysis. Average SBR and TBR values are compared separately for primary tumors and metastasis for both groups, based on the ex-vivo abdomen images. Error bars show the corresponding standard deviations. A significant SBR improvement is produced by the F/R normalization and the correction of optical properties as part of the quantification.

  The imaging platform described in Chapter V consists in a medical cart-based device supporting a mounted imaging head. This custom imaging head features illumination and detection paths allowing for both fluorescence and optical properties imaging. Assorted custom laser sources -2 units with 6 interchangeable modules each -are used for tissue optical characterization and fluorophore excitation and bright filtered white light sources ensure illumination the surgical workflow. Finally, a high-performance computer equipped with a purposely developed software has been integrated to the platform for device control, data processing, and visualization. The state-of-the-art SSOP implementation showed optical properties extraction of tissue-mimicking phantoms within less than 2.7 % error compared to standard SFDI, showing good accuracy and ensuring the reliability of the measured StO2 rates. In-vitro tests on fluorescent dilutions showed high sensitivity, necessary for real-time ICG fluorescence imaging. Finally, in-vivo validation during preclinical tests on small bowel total occlusion and reperfusion were performed. Real-time ischemia monitoring was demonstrated based on the extracted StO2 rates, in agreement with ICG fluorescence imaging.

  was investigated in Chapter VIII. In-vitro validation was first performed on fluorescent tissue-mimicking phantoms with varying optical properties but fixed fluorophore concentration. The quantification algorithm showed a correction of the distortions induced in the raw fluorescence signals by the varying optical properties. A following study in mice aimed at evaluating the impact of quantitative fluorescence in tumor surgery. Quantification of fluorescence showed an underestimation tracer concentration in high absorbing tissues. Moreover, quantified fluorescence images benefited from decreased background levels, and a clearer delineation of the tumors. Overall, such technology is expected to provide more objective assessment of fluorescence imaging, for improved surgical field navigation, tumor margin assessment but also increased outcome reproducibility.

Work axis 3 :A1. Appendix 1 Figure A1. 1 -

 311 Figure A1.1 -Control biopsy of the stomach (T0). Hematoxylin and Eosin staining of ROI-R (Pig 1) before the tubulization (T0). Both full thickness (left) and mucosae (right) magnification show no alteration of the tissue before surgery.

Figure A1. 2 -

 2 Figure A1.2 -Neutrophils distribution (A) and quantification (B).The overall neutrophils number in corpus and fundus was 81.3% and 62.5% higher than antrum, respectively. Data are expressed as mean and ± SEM and normalized for ROI-A.

Figure A1. 3 -

 3 Figure A1.3 -StO2% temporal trends for all subjects. StO2% measurements at ROI-R (black) are lower than ROI-A (green), ROI-C (corpus) and ROI-F (fundus) at T15, T30, T45, and T60. Instead, after GC completion, StO2% values increase from corpus to fundus.
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	along with specific staff training. NIR optical imaging seems to be best suited for intraoperative use. It
	features structural and functional imaging, real-time capabilities, portability, cost efficiency, minimal
	interference with the surgical workflow. The use of NIR optical imaging for intraoperative guidance is
	discussed in Chapter III.
	Features	X-

(EII.15). The obtained

  

			-Scattering gains: 𝜇 𝑠 (𝒓). ∫ 𝑝(𝒔, 𝒔 ′ ). 𝑳(𝒓, 𝒔, 𝑡). 𝑑Ω ′ 4𝜋
			-Emission gains: 𝑆(𝒓, 𝒔, 𝑡)	
	The complexity of this equation requires simplifications to be easily solved. Analytic solutions exist that are
	valid for simple cases of homogenous media. For more realistic media modeling, numerical methods are
	employed to derive solutions describing light transport.
	II.2.2. Diffusion approximation
	In most biological tissues, scattering is considered to be predominant. Under such circumstances, the RTE
	can be simplified by admitting approximations. This way, the RTE is reduced to a partial-differential
	equation which solves for the fluence rate Φ. The diffusion approximation (DA) stems from the following
	assumptions:				
			-Scattering is predominant over absorption: 𝜇 𝑠 (𝒓) ≫ 𝜇 𝑎 (𝒓)
			-The scattering phase function p(s,s') depends on ϑ alone
			-The light source is considered isotropic
	Given a light source distribution S(r,t), considering a medium of transport coefficient 𝜇 𝑡𝑟 = 𝜇 𝑎 + 𝜇 𝑠 ′ the
	DA equation is given by (EII.14) [7].
				1 𝑐	.	𝜕Φ(𝒓, 𝑡) 𝜕𝑡	-𝛁. [ 3. 𝜇 𝑡𝑟 1	. 𝛁Φ(𝒓, 𝑡)] + 𝜇 𝑎 (𝒓). Φ(𝒓, 𝑡) = 𝑆(𝒓, 𝑡)	(𝐸𝐼𝐼. 14)
	The DA equation has an analytical solution for Φ considering the simple case of a short-pulsed point-source
	inside an infinite homogenous medium given by 𝑆(𝒓, 𝑡, 𝒓 ′ , 𝑡 ′ ) = 𝛿(𝒓 -𝒓 ′ ). 𝛿(𝑡 -𝑡 ′ ) solution in in accordance with Beer's law, characterized by an exponential decay due to absorption.
					Φ(𝒓, 𝑡, 𝒓 ′ , 𝑡 ′ ) =	𝑐	3	. 𝑒	-[	|𝒓-𝒓′| 2 3𝜇 𝑡𝑟 .𝑐(𝑡-𝑡 ′ ) ⁄ 4	]
							( 4𝜋. 3𝜇 𝑡𝑟 .𝑐𝑡 ⁄	)	2
	1 𝑐	.	𝜕𝑳(𝒓, 𝒔, 𝑡) 𝜕𝑡	4𝜋 = -𝒔. ∇𝑳(𝒓, 𝒔, 𝑡) -[𝜇 𝑎 (𝒓) + 𝜇 𝑠 (𝒓)]. 𝑳(𝒓, 𝒔, 𝑡) + 𝜇 𝑠 (𝒓). ∫ 𝑝(𝒔, 𝒔 ′ ). 𝑳(𝒓, 𝒔, 𝑡). 𝑑Ω ′ + 𝑆(𝒓, 𝒔, 𝑡)	(𝐸𝐼𝐼. 13)
	Thus, the temporal variations of radiance represented by the term	1 𝑐 .	𝜕𝑳(𝒓,𝒔,𝑡) 𝜕𝑡	can be decomposed as the
	sum of the following terms:	

-Divergence losses: -𝒔. ∇𝑳(𝒓, 𝒔, 𝑡) -Absorption and scattering losses: -[𝜇 𝑎 (𝒓) + 𝜇 𝑠 (𝒓)]. 𝑳(𝒓, 𝒔, 𝑡)

  the MTF of the projection illumination and detection systems MTFsystem; and the diffuse reflectance of the tissue Rd (EII.19). Consequently, it is possible to calibrate simultaneously for the source intensity and optical system MTF by measuring the modulation amplitude MAC,ref on a tissue-mimicking phantom with known optical properties as calibration sample. Typically, a Monte Carlo-based model is employed to predict the calibration phantom diffuse reflectance Rd,ref,pred. The diffuse reflectance of the tissue in each pixel of the

image is then computed (EII.20). Rd being a function of fx, the system must be calibrated for every spatial frequency employed.

𝑀 𝐴𝐶 =

𝐼 0 . 𝑀𝑇𝐹 𝑠𝑦𝑠𝑡𝑒𝑚 . 𝑅 𝑑 (𝐸𝐼𝐼. 19) 𝑅 𝑑(𝑓 𝑥 ) = 𝑀 𝐴𝐶 (𝑓 𝑥 ) 𝑀 𝐴𝐶,𝑟𝑒𝑓 (𝑓 𝑥 ) . 𝑅 𝑑,𝑟𝑒𝑓,𝑝𝑟𝑒𝑑 (𝑓 𝑥 ) (𝐸𝐼𝐼. 20)

Table III .1 -Comparison of various fluorescence image-guided surgery devices. Information compiled from various reviews [33,34].

 III 

	Company	product	Mode	NIR channels	Real-time	FDA approval
					overlay	
	Fluoptics	Fluobeam®	Handheld	1	No	
	Hamamatsu	PDE Neo II	Handheld	1	No	
	Stryker	SPY-PHI	Handheld	2	No	
	Stryker	SPY Elite	Open air	2	Yes	
	Medtronic	EleVision TM IR Open air	1	Yes	
	Quest	Spectrum®	Open air	3	Yes	
			Laparoscopy			
	Karl Storz	Vitom® ICG	Open air	2	No	
			Laparoscopy			
	Stryker	Pinpoint	Laparoscopy	1	Yes	
	Intuitive	Firefly	Robotic	1	No	
			laparoscopy			

.1. A selection of devices is shown as illustration in Figure III.3. Fluorescence imaging produces contrast images, representing the presence or absence of fluorophore in the tissue. The qualitative aspect of this imaging modality limits its impacts on consensus finding while investigating new clinical procedures. To this purpose, functional imaging can provide objective, quantitative and reliable inputs for better-founded decision making and improved patient outcome.

  total of six adult swines (Sus scrofa domesticus, Large white) were involved in this non-survival study. The present experimental study is part of the QuantSURG (Quantitative Surgical Guidance for Colorectal Surgery) project, which received full approval from the local Ethical Committee on Animal Experimentation (ICOMETH No. 038.2019.01.121) and by the French Ministry of Superior Education and Research (MESR) under the following reference: APAFIS #20819-2019052411591088 v3. All animals used in the experimental laboratory were managed according to French laws for animal use and care and according to the directives

of the European Community Council (2010/63/EU) and ARRIVE guidelines

[18]

. The animals were fasted for 24 hours with free access to water before surgery. Animals were premedicated, 10 minutes before surgery with an intramuscular injection of ketamine (20 mg/kg) and azaperone (2 mg/kg) (Stresnil; Janssen-Cilag, Belgium). Intravenous propofol (3 mg/kg) combined with rocuronium (0.8 mg/kg) were used for induction.

Table VIII .1 -Optical properties of fluorescent tissue-mimicking phantoms.

 VIII 

	Phantom #	1	2	3	4	5	6	7	8	9
	µa (mm -1 )									
		0.04	0.07	0.09	0.05	0.07	0.10	0.04	0.06	0.07
	at 760nm									
	µs' (mm -1 )									
		1.67	1.71	1.67	1.17	1.07	1.06	0.94	0.89	0.86
	at 760nm									

Dunnett's multiple comparisons test Mean Diff, 95,00% CI of diff, Adjusted P Value

  

	Std. Error of Mean	0,147	0,221	0,186	0,086	0,073
	Dunnett's multiple comparisons test	Mean Diff,	1,001 95,00% CI of diff,	1,001 Adjusted P Value	1,002	1,001
	Std. Error of Mean 0 vs. 15	0,002 0,07735	0,002 -0,7151 to 0,8698	0,002 0,9891	0,002	0,002
	Dunnett's multiple comparisons test 0 vs. 30	Mean Diff, -0,03591	95,00% CI of diff, -0,7287 to 0,6568	Adjusted P Value 0,999		
	0 vs. 15 0 vs. 45	-0,00136 -0,03591	-0,004086 to 0,001368 -0,6719 to 0,6000	0,350 0,9985		
	0 vs. 30 0 vs. 60	-0,00136 -0,01105	-0,004346 to 0,001628 -0,5606 to 0,5385	0,414 >0,9999		
	0 vs. 45 BE(b)	-0,00159 T0	-0,004423 to 0,001253 T15	0,277 T30	T45	T60
	0 vs. 60 Mean	-0,00091 1,000	-0,005884 to 0,004073 0,901	0,914 1,026	1,023	0,984
	pCO2 Std. Error of Mean	T0 0,158	T15 0,214	T30 0,179	T45 0,107	T60 0,087
	Mean Dunnett's multiple comparisons test	1,000 Mean Diff,	0,944 95,00% CI of diff,	0,936 Adjusted P Value	0,980	0,995
	Std. Error of Mean 0 vs. 15	0,025 0,0987	0,043 -0,7036 to 0,9010	0,046 0,9754	0,003	0,031
	Dunnett's multiple comparisons test 0 vs. 30	Mean Diff, -0,0263	95,00% CI of diff, -0,6895 to 0,6369	Adjusted P Value 0,9998		
	0 vs. 15 0 vs. 45	0,0561 -0,0230	-0,06330 to 0,1754 -0,6740 to 0,6280	0,391 0,9998		
	0 vs. 30 0 vs. 60	0,0639 0,0165	-0,09896 to 0,2268 -0,5607 to 0,5936	0,520 0,9999		
	0 vs. 45 CsO2	0,0199 T0	-0,06439 to 0,1041 T15	0,827 T30	T45	T60
	0 vs. 60 Mean	0,0047 1,000	-0,05201 to 0,06136 1,023	0,994 1,050	1,035	1,034
	pO2 Std. Error of Mean	T0 0,028	T15 0,022	T30 0,015	T45 0,030	T60 0,025
	Mean Dunnett's multiple comparisons test	1,000 Mean Diff,	1,043 95,00% CI of diff,	1,143 Adjusted P Value	1,131	1,098
	Std. Error of Mean 0 vs. 15	0,054 -0,0230	0,051 -0,05895 to 0,01299	0,043 0,201	0,075	0,058
	Dunnett's multiple comparisons test 0 vs. 30	Mean Diff, -0,0502	95,00% CI of diff, -0,1233 to 0,02297	Adjusted P Value 0,166		
	0 vs. 15 0 vs. 45	-0,0432 -0,0346	-0,1315 to 0,04523 -0,07627 to 0,007141	0,364 0,095		
	0 vs. 30 0 vs. 60	-0,1429 -0,0344	-0,2630 to -0,02282 -0,06738 to -0,001347	0,026 0,043		
	0 vs. 45 Na++	-0,1308 T0	-0,2387 to -0,02276 T15	0,024 T30	T45	T60
	0 vs. 60 Mean	-0,0978 1,000	-0,1443 to -0,05134 1,011	0,002 1,008	1,001	0,999
	HCO3-Std. Error of Mean	T0 0,011	T15 0,011	T30 0,015	T45 0,011	T60 0,011
	Mean Dunnett's multiple comparisons test	1,000 Mean Diff,	0,982 95,00% CI of diff,	0,991 Adjusted P Value	1,003	1,000
	Std. Error of Mean 0 vs. 15	0,025 -0,011	0,041 -0,03478 to 0,01317	0,044 0,420	0,011	0,010
	0 vs. 30	-0,008	-0,04035 to 0,02354	0,775		
	0 vs. 15 0 vs. 45	0,0180 -0,001	-0,1257 to 0,1617 -0,01479 to 0,01239	0,9738 0,992		
	0 vs. 30 0 vs. 60	0,0095 0,001	-0,1545 to 0,1736 -0,01641 to 0,01881	0,9983 0,997		
	0 vs. 45 K+	-0,0032 T0	-0,1156 to 0,1092 T15	0,9999 T30	T45	T60
	0 vs. 60 Mean	0,0005 1,000	-0,08727 to 0,08833 1,071	>0,9999 1,108	1,146	1,179
	Systemic lactates Std. Error of Mean	T0 0,044	T15 0,072	T30 0,084	T45 0,046	T60 0,057
	Mean Dunnett's multiple comparisons test	1,000 Mean Diff,	1,111 95,00% CI of diff,	1,136 Adjusted P Value	1,182	1,204
	Std. Error of Mean 0 vs. 15	0,113 -0,071	0,075 -0,2752 to 0,1335	0,086 0,606	0,119	0,104
	Dunnett's multiple comparisons test 0 vs. 30	Mean Diff, -0,108	95,00% CI of diff, -0,3420 to 0,1256	Adjusted P Value 0,402		
	0 vs. 15 0 vs. 45	-0,111 -0,146	-0,2503 to 0,02826 -0,2738 to -0,01725	0,107 0,031		
	0 vs. 30 0 vs. 60	-0,136 -0,179	-0,3925 to 0,1207 -0,3124 to -0,04581	0,310 0,016		
	0 vs. 45 Ca++	-0,182 T0	-0,3285 to -0,03453 T15	0,022 T30	T45	T60
	0 vs. 60 Mean	-0,204 1,000	-0,3800 to -0,02872 0,954	0,028 0,951	0,974	0,989
	BE(a) Std. Error of Mean	T0 0,021	T15 0,017	T30 0,024	T45 0,027	T60 0,015
	Mean	1,000	0,923	1,036	1,036	1,011
						xix xix xix

Dunnett's multiple comparisons test Mean Diff, 95,00% CI of diff, Adjusted P Value

  

	0 vs. 15	0,0465	-0,05464 to 0,1476	0,406		
	0 vs. 30	0,0490	-0,07968 to 0,1777	0,541		
	0 vs. 45	0,0264	-0,05388 to 0,1066	0,643		
	0 vs. 60	0,0113	-0,05350 to 0,07611	0,924		
	Cl-	T0	T15	T30	T45	T60
	Mean	1	1,015	1,026	1,012	1,007
	Std. Error of Mean	0,02108	0,01571	0,02578	0,0194 0,0177
	Dunnett's multiple comparisons test	Mean Diff,	95,00% CI of diff,	Adjusted P Value		
	0 vs. 15	-0,015	-0,07158 to 0,04188	0,777		
	0 vs. 30	-0,026	-0,09787 to 0,04506	0,563		
	0 vs. 45	-0,012	-0,05723 to 0,03412	0,794		
	0 vs. 60	-0,007	-0,05418 to 0,04098	0,963		
	tCO2	T0	T15	T30	T45	T60
	Mean	1,000	0,980	0,989	1,001	0,998
	Std. Error of Mean	0,024	0,039	0,042	0,010	0,010
	Dunnett's multiple comparisons test	Mean Diff,	95,00% CI of diff,	Adjusted P Value		
	0 vs. 15	0,0197	-0,1144 to 0,1538	0,955		
	0 vs. 30	0,0112	-0,1428 to 0,1652	0,996		
	0 vs. 45	-0,0005	-0,1066 to 0,1056	>0,9999		
	0 vs. 60	0,0021	-0,08119 to 0,08546	1,000		
	Htc	T0	T15	T30	T45	T60
	Mean	1,000	1,098	1,110	1,129	1,123
	Std. Error of Mean	0,065	0,092	0,092	0,053	0,051
	Dunnett's multiple comparisons test	Mean Diff,	95,00% CI of diff,	Adjusted P Value		
	0 vs. 15	-0,0982	-0,2719 to 0,07562	0,270		
	0 vs. 30	-0,1104	-0,3369 to 0,1161	0,365		
	0 vs. 45	-0,1288	-0,2557 to -0,001946	0,047		
	0 vs. 60	-0,1227	-0,2654 to 0,02005	0,084		
	cHb	T0	T15	T30	T45	T60
	Mean	1,000	1,092	1,110	1,130	1,134
	Std. Error of Mean	0,067	0,093	0,093	0,053	0,053
	Dunnett's multiple comparisons test	Mean Diff,	95,00% CI of diff,	Adjusted P Value		
	0 vs. 15	-0,0921	-0,2598 to 0,07568	0,287		
	0 vs. 30	-0,1101	-0,3263 to 0,1060	0,336		
	0 vs. 45	-0,1300	-0,2671 to 0,007166	0,061		
	0 vs. 60	-0,1336	-0,2763 to 0,009183	0,063		
	Glu	T0	T15	T30	T45	T60
	Mean	1,000	0,943	0,947	1,011	0,977
	Std. Error of Mean	0,149	0,163	0,174	0,215	0,211
	Dunnett's					
						xx xx xx

multiple comparisons test Mean Diff, 95,00% CI of diff, Adjusted P Value

  

	0 vs. 45	-0,0115	-0,2878 to 0,2649	1,000		
	0 vs. 60	0,0229	-0,2280 to 0,2738	0,991		
	BUN	T0	T15	T30	T45	T60
	Mean	1,00	0,94	0,95	1,01	0,98
	Std. Error of Mean	0,15	0,16	0,17	0,22	0,21
	Dunnett's multiple comparisons test	Mean Diff,	95,00% CI of diff,	Adjusted P Value		
	0 vs. 15	0,0573	-0,06392 to 0,1784	0,387		
	0 vs. 30	0,0534	-0,2030 to 0,3099	0,874		
	0 vs. 45	-0,0115	-0,2878 to 0,2649	1,000		
	0 vs. 60	0,0229	-0,2280 to 0,2738	0,991		
	Urea	T0	T15	T30	T45	T60
	Mean	1	1,218	1,277	1,317	1,317
	Std. Error of Mean	0,227	0,291	0,323	0,329	0,327
	Dunnett's multiple comparisons test	Mean Diff,	95,00% CI of diff,	Adjusted P Value		
	0 vs. 15	-0,218	-0,4880 to 0,05231	0,103		
	0 vs. 30	-0,277	-0,7158 to 0,1614	0,206		
	0 vs. 45	-0,317	-0,7217 to 0,08808	0,113		
	0 vs. 60	-0,317	-0,7111 to 0,07740	0,104		
	Crea	T0	T15	T30	T45	T60
	Mean	1,000	1,025	1,096	1,110	0,982
	Std. Error of Mean	0,150	0,154	0,133	0,098	0,223
	Dunnett's multiple comparisons test	Mean Diff,	95,00% CI of diff,	Adjusted P Value		
	0 vs. 15	-0,025	-0,3679 to 0,3169	0,996		
	0 vs. 30	-0,096	-0,5700 to 0,3783	0,884		
	0 vs. 45	-0,110	-0,4458 to 0,2256	0,644		
	0 vs. 60	0,018	-0,7438 to 0,7796	1,000		
	0 vs. 15	0,0573	-0,06392 to 0,1784	0,387		
	0 vs. 30	0,0534	-0,2030 to 0,3099	0,874		
						xxi xxi xxi

Table A1 .1 -Blood gas analysis comparison dataset.

 A1 

	Antrum vs Corpus	-0,429	-1,382 to 0,5248	0,538	
	Antrum vs Fundus	-1,571	-2,525 to -0,6181	0,001	
	Antrum vs Removed region	-1,286	-2,239 to -0,3324	0,007	
	Muscolaris Externa	Antrum	Corpus	Fundus	Removed Region
	Mean	1	8	3,5	5
	Std. Error of Mean	1	1,265	0,922	1
	Dunnett's multiple comparisons test Mean Diff, 95,00% CI of diff,	Adjusted P Value	
	Antrum vs Corpus	-7	-10,79 to -3,210	0,0004	
	Antrum vs Fundus	-2,5	-6,290 to 1,290	0,2505	
	Antrum vs Removed region	-4	-7,790 to -0,2104	0,0373	
	Sierosa	Antrum	Corpus	Fundus	Removed Region
	Mean	1,000	1,167	1,000	1,056
	Std. Error of Mean	0,122	0,075	0,211	0,102
	Dunnett's				
	Mucosae	Antrum	Corpus	Fundus	Removed Region
	Mean	1,000	1,909	1,455	2,455
	Std. Error of Mean	0,168	0,234	0,230	0,234
	Dunnett's multiple comparisons test Mean Diff, 95,00% CI of diff,	Adjusted P Value	
	Antrum vs Corpus	-0,909	-1,692 to -0,1259	0,021	
	Antrum vs Fundus	-0,455	-1,238 to 0,3287	0,343	
	Antrum vs Removed region	-1,455	-2,238 to -0,6713	0,000	
	Sub-Mucosae	Antrum	Corpus	Fundus	Removed Region
	Mean	1,000	1,429	2,571	2,286
	Std. Error of Mean	0,143	0,286	0,221	0,361

Dunnett's multiple comparisons test Mean Diff, 95,00% CI of diff, Adjusted P Value xxii xxii xxii

multiple comparisons test Mean Diff, 95,00% CI of diff, Adjusted P Value

  

	Antrum vs Corpus	-0,167	-0,6597 to 0,3263	0,727	
	Antrum vs Fundus	0,000	-0,4930 to 0,4930	>0,9999	
	Antrum vs Removed region	-0,056	-0,5485 to 0,4374	0,984	
	Histology Score	Antrum	Corpus	Fundus	Removed Region
	Mean	1,000	1,789	1,553	1,895
	Std. Error of Mean	0,078	0,097	0,170	0,153
	Dunnett's				

multiple comparisons test Mean Diff, 95,00% CI of diff, Adjusted P Value

  

	Antrum vs Corpus	-0,790	-1,257 to -0,3220	0,001
	Antrum vs Fundus	-0,553	-1,020 to -0,08511 0,0187
	Antrum vs Removed region	-0,895	-1,362 to -0,4272	0,0003

Table A1 .2 -Histologic analysis comparison dataset. Multiple comparisons ANTRUM vs other ROIs Dunnett's multiple comparisons test Mean Diff, 95,00% CI of diff, Adjusted P Value

 A1 

	Antrum vs. Fundus	-0,673	-1,488 to 0,1435	0,1068
	Antrum vs. Removed Region	-5,009	-6,719 to -3,298	0,0003
	T45 Antrum vs. Corpus	0,301	-0,3981 to 1,001	0,5205
	Antrum vs. Fundus	-0,278	-1,123 to 0,5663	0,6864
	Antrum vs. Removed Region	-5,264	-7,365 to -3,162	0,0007
	T60 Antrum vs. Corpus	-0,104	-0,7503 to 0,5416 0,9375
	Antrum vs. Fundus	-0,673	-1,542 to 0,1975	0,1367
	Antrum vs. Removed Region	-7,548	-9,878 to -5,218	0,0002
	Multiple comparisons CORPUS vs other ROIs			
	Dunnett's multiple comparisons test Mean Diff, 95,00% CI of diff, Adjusted P Value
	T0 Corpus vs. Antrum	-0,012	-0,9424 to 0,9192 >0,9999
	Corpus vs. Fundus	-0,128	-1,170 to 0,9152	0,9734
	Corpus vs. Removed Region	0,035	-0,9222 to 0,9917 0,9992
	T15 Corpus vs. Antrum	0,557	-0,2750 to 1,388	0,2111
	Corpus vs. Fundus	0,081	-0,8635 to 1,026	0,9894
	Corpus vs. Removed Region	-3,490	-6,208 to -0,7715 0,0186
	T30 Corpus vs. Antrum	-0,070	-0,7901 to 0,6510 0,9856
	Corpus vs. Fundus	-0,742	-1,630 to 0,1461	0,1046
	Corpus vs. Removed Region	-5,078	-6,788 to -3,368	0,0002
	T45 Corpus vs. Antrum	-0,301	-1,001 to 0,3981	0,5205
	Corpus vs. Fundus	-0,580	-1,449 to 0,2893	0,2132
	Corpus vs. Removed Region	-5,565	-7,664 to -3,466	0,0005
	T60 Corpus vs. Antrum	0,104	-0,5416 to 0,7503 0,9375
	Corpus vs. Fundus	-0,568	-1,374 to 0,2373	0,1699
	Corpus vs. Removed Region	-7,443	-9,786 to -5,101	0,
	T0 Antrum vs. Corpus	0,012	-0,9192 to 0,9424 >0,9999
	Antrum vs. Fundus	-0,116	-1,015 to 0,7831	0,9674
	Antrum vs. Removed Region	0,046	-0,7201 to 0,8129 0,9965
	T15 Antrum vs. Corpus	-0,557	-1,388 to 0,2750	0,2111
	Antrum vs. Fundus	-0,475	-1,492 to 0,5417	0,4603
	Antrum vs. Removed Region	-4,046	-6,756 to -1,337	0,0091

T30 Antrum vs. Corpus 0,070 -0,6510 to 0,7901 0,9856 xxiii xxiii xxiii

0003 Multiple comparisons FUNDUS vs other ROIs Dunnett's multiple comparisons test Mean Diff, 95,00% CI of diff, Adjusted P Value

  

	T45 Fundus vs. Antrum	0,278	-0,5663 to 1,123	0,6864
	Fundus vs. Corpus	0,580	-0,2893 to 1,449	0,2132
	Fundus vs. Removed Region	-4,986	-7,084 to -2,887	0,0007
	T60 Fundus vs. Antrum	0,673	-0,1975 to 1,542	0,1367
	Fundus vs. Corpus	0,568	-0,2373 to 1,374	0,1699
	Fundus vs. Removed Region	-6,875	-9,201 to -4,550	0,0002
	T0 Fundus vs. Antrum	0,116	-0,7831 to 1,015	0,9674
	Fundus vs. Corpus	0,128	-0,9152 to 1,170	0,9734
	Fundus vs. Removed Region	0,162	-0,7652 to 1,090	0,9281
	T15 Fundus vs. Antrum	0,475	-0,5417 to 1,492	0,4603
	Fundus vs. Corpus	-0,081	-1,026 to 0,8635	0,9894
	Fundus vs. Removed Region	-3,571	-6,277 to -0,8646 0,0155
	T30 Fundus vs. Antrum	0,673	-0,1435 to 1,488	0,1068
	Fundus vs. Corpus	0,742	-0,1461 to 1,630	0,1046
	Fundus vs. Removed Region	-4,336	-6,054 to -2,619	0,0004
				xxiv xxiv xxiv

Multiple comparisons REMOVED REGION vs other ROIs Dunnett's multiple comparisons test Mean Diff, 95,00% CI of diff, Adjusted P Value

  

	T0 Removed Region vs. Antrum	-0,046	-0,8129 to 0,7201 0,9965
	Removed Region vs. Corpus	-0,035	-0,9917 to 0,9222 0,9992
	Removed Region vs. Fundus	-0,162	-1,090 to 0,7652	0,9281
	T15 Removed Region vs. Antrum	4,046	1,337 to 6,756	0,0091
	Removed Region vs. Corpus	3,490	0,7715 to 6,208	0,0186
	Removed Region vs. Fundus	3,571	0,8646 to 6,277	0,0155
	T30 Removed Region vs. Antrum	5,009	3,298 to 6,719	0,0003
	Removed Region vs. Corpus	5,078	3,368 to 6,788	0,0002
	Removed Region vs. Fundus	4,336	2,619 to 6,054	0,0004
	T45 Removed Region vs. Antrum	5,264	3,162 to 7,365	0,0007
	Removed Region vs. Corpus	5,565	3,466 to 7,664	0,0005
	Removed Region vs. Fundus	4,986	2,887 to 7,084	0,0007
	T60 Removed Region vs. Antrum	7,548	5,218 to 9,878	0,0002
	Removed Region vs. Corpus	7,443	5,101 to 9,786	0,0003
	Removed Region vs. Fundus	6,875	4,550 to 9,201	0,0002

Table A1 .3 -Local capillary lactates comparison dataset. Multiple comparisons ANTRUM vs other ROIs

 A1 

	T45 Antrum vs. Corpus	-0,1999	-0,2971 to -0,1028 <0,0001
	Antrum vs. Fundus	-0,2263	-0,3235 to -0,1292 <0,0001
	Antrum vs. Removed Region	0,3289	0,2318 to 0,4261		<0,0001
	T60 Antrum vs. Corpus	-0,2416	-0,3387 to -0,1444 <0,0001
	Antrum vs. Fundus	-0,2421	-0,3393 to -0,1450 <0,0001
	Antrum vs. Removed Region	0,3231	0,2260 to 0,4203		<0,0001
	Multiple comparisons CORPUS vs other ROIs			
	Dunnett's multiple comparisons test	Mean Diff, 95,00% CI of diff,	Adjusted P Value
	T0 Corpus vs. Antrum	0,062	-0,03515 to 0,1591 0,2996
	Corpus vs. Fundus	-0,01279	-0,1099 to 0,08436 0,9792
	Corpus vs. Removed Region	0,005903	-0,09125 to 0,1031 0,9979
	T15 Corpus vs. Antrum	0,1549	0,05778 to 0,2521 0,0007
	Corpus vs. Fundus	-0,12	-0,2172 to -0,02289 0,0111
	Corpus vs. Removed Region	0,4133	0,3162 to 0,5105		<0,0001
	T30 Corpus vs. Antrum	0,1918	0,09464 to 0,2889 <0,0001
	Corpus vs. Fundus	-0,04358	-0,1407 to 0,05357 0,5771
	Corpus vs. Removed Region	0,5046	0,4075 to 0,6018		<0,0001
	T45 Corpus vs. Antrum	0,1999	0,1028 to 0,2971		<0,0001
	Corpus vs. Fundus	-0,02643	-0,1236 to 0,07072 0,854
	Corpus vs. Removed Region	0,5288	0,4317 to 0,6260		<0,0001
	T60 Corpus vs. Antrum	0,2416	0,1444 to 0,3387		<0,0001
			-0,09770	to
	Corpus vs. Fundus	-0,0005538	0,09660		>0,9999
	Corpus vs. Removed Region	0,5647	0,4676 to 0,6619		<0,
	Dunnett's multiple comparisons test	Mean Diff, 95,00% CI of diff,	Adjusted P Value
	T0 Antrum vs. Corpus	-0,062	-0,1591 to 0,03515 0,2996
	Antrum vs. Fundus	-0,07479	-0,1719 to 0,02236 0,1686
	Antrum vs. Removed Region	-0,0561	-0,1532 to 0,04105 0,3784
	T15 Antrum vs. Corpus	-0,1549	-0,2521 to -0,05778 0,0007
	Antrum vs. Fundus	-0,275	-0,3721 to -0,1778 <0,0001
	Antrum vs. Removed Region	0,2584	0,1612 to 0,3555		<0,0001
	Antrum vs. Removed Region	0,3128	0,2157 to 0,4100		<0,0001
					xxv xxv xxv

T30 Antrum vs. Corpus -0,1918 -0,2889 to -0,09464 <0,0001 Antrum vs. Fundus -0,2354 -0,3325 to -0,1382 <0,0001

0001 Multiple comparisons FUNDUS vs other ROIs Dunnett's multiple comparisons test Mean Diff, 95,00% CI of diff, Adjusted P Value

  

	Fundus vs. Corpus	0,02643	-0,07072 to 0,1236 0,854
	Fundus vs. Removed Region	0,5553	0,4581 to 0,6524		<0,0001
	T60 Fundus vs. Antrum	0,2421	0,1450 to 0,3393		<0,0001
			-0,09660	to
	Fundus vs. Corpus	0,0005538	0,09770		>0,9999
	Fundus vs. Removed Region	0,5653	0,4681 to 0,6624		<0,0001
	Multiple comparisons REMOVED REGION vs other ROIs		
	Dunnett's multiple comparisons test	Mean Diff, 95,00% CI of diff,	Adjusted P Value
	T0 Removed Region vs. Antrum	0,0561	-0,04105 to 0,1532 0,3784
	Removed Region vs. Corpus	-0,005903	-0,1031 to 0,09125 0,9979
	Removed Region vs. Fundus	-0,01869	-0,1158 to 0,07846 0,9402
	T15 Removed Region vs. Antrum	-0,2584	-0,3555 to -0,1612 <0,0001
	Removed Region vs. Corpus	-0,4133	-0,5105 to -0,3162 <0,0001
	Removed Region vs. Fundus	-0,5334	-0,6305 to -0,4362 <0,0001
	T30 Removed Region vs. Antrum	-0,3128	-0,4100 to -0,2157 <0,0001
	Removed Region vs. Corpus	-0,5046	-0,6018 to -0,4075 <0,0001
	Removed Region vs. Fundus	-0,5482	-0,6453 to -0,4510 <0,0001
	T45 Removed Region vs. Antrum	-0,3289	-0,4261 to -0,2318 <0,0001
	Removed Region vs. Corpus	-0,5288	-0,6260 to -0,4317 <0,0001
	Removed Region vs. Fundus	-0,5553	-0,6524 to -0,4581 <0,0001
	T60 Removed Region vs. Antrum	-0,3231	-0,4203 to -0,2260 <0,0001
	Removed Region vs. Corpus	-0,5647	-0,6619 to -0,4676 <0,0001
	Removed Region vs. Fundus	-0,5653	-0,6624 to -0,4681 <0,0001
	T0 Fundus vs. Antrum	0,07479	-0,02236 to 0,1719 0,1686
	Fundus vs. Corpus	0,01279	-0,08436 to 0,1099 0,9792
	Fundus vs. Removed Region	0,01869	-0,07846 to 0,1158 0,9402
	T15 Fundus vs. Antrum	0,275	0,1778 to 0,3721		<0,0001
	Fundus vs. Corpus	0,12	0,02289 to 0,2172 0,0111
	Fundus vs. Removed Region	0,5334	0,4362 to 0,6305		<0,0001
	T30 Fundus vs. Antrum	0,2354	0,1382 to 0,3325		<0,0001
	Fundus vs. Corpus	0,04358	-0,05357 to 0,1407 0,5771
	Fundus vs. Removed Region	0,5482	0,4510 to 0,6453		<0,0001
	T45 Fundus vs. Antrum	0,2263	0,1292 to 0,3235		<0,0001
					xxvi xxvi xxvi

Table A1 .4 -StO2 comparison dataset.

 A1 
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 Journal Publications Cinelli L., Felli E., Baratelli L., Ségaud S., Baiocchini A., Okamoto N., Rodriguez-Luna M.R., Elmore U., Rosati R., Partelli S., Marescaux J., Gioux S., Diana M., ''Single snapshot imaging of optical properties (SSOP) for perfusion assessment during gastric conduit creation for esophagectomy: An experimental study on pigs'', Cancers , Volume 13 , Number 23, 2021. (In preparation) Rodriguez-Luna M.R., Okamoto N., Cinelli L., Baratelli L, Ségaud S., Rodriguez-Gomez A., Bannone E., Zonoobi E., Keller D.S., Marescaux J., Diana M., Gioux S., ''Quantification of bowel ischaemia using real-time single snapshot imaging of optical properties'' (In preparation) Ségaud S., Baratelli