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4D exploration of the retina for adaptive optics-assisted laser photocoagulation

Pedro Baraçal de Mecê

frame delay. The bandwidth is defined by the temporal frequency crossing 0 dB. The higher is the gain, the larger is the bandwidth. However, a high gain can provoke instability since the overshoot, just after the bandwidth at 0 dB, is increased, characterizing a higher influence of high-temporal frequencies [Credits: Jean- 

General introduction

The macular edema is the leading cause of blindness among working-age adults in developed countries [1]. The most common cause of macular edema is the diabetic retinopathy, a degenerative disease of retinal vessels occurring in a person with diabetes, which results from the increase of permeability of retinal vessels leading to fluid and lipoproteins leakage into retinal layers [2]. Given the increasing number of individuals with diabetes worldwide (today approximately 347 million [3]), diabetic macular edema will continue to be a major cause of vision loss. A hallmark of diabetic macular edema is the emergence of focal vascular abnormalities such as microaneurysms [4], which have a typical size of 70 µm and are mostly located in the deeper capillary plexus [5]. The reference treatment for macular edema is the laser photocoagulation. It consists of projecting a fine and intense laser beam on the therapeutic target (microaneurysm) to cauterize it, stopping the fluid leakage and reducing the macular swelling.

Although progress has been made towards a less painful and more accurate laser treatment, the current state-of-the-art laser photocoagulation systems [6] still have critical limitations, making it impossible to prevent some degree of damage to healthy neighboring tissues in the macula region. First, whereas the eye is constantly in motion, even during fixation [7], and it undergoes significant focus variations [8], current laser systems do not offer any control of the 3D position of the laser impact in the retina during photocoagulation. Second, current laser systems do not offer any control of the longitudinal confinement of the laser impact, since they deliver a laser beam with a typical longitudinal extension of approximately 300 µm, which is more than the total retinal thickness. This inability to confine the laser impact in the retina is inherent to the small aperture of current laser systems. However, by increasing the system's aperture, the laser confinement is limited by another factor: ocular aberrations. Ocular aberrations are commonly induced by the cornea surface irregularities, crystalline lens, and other time-varying ocular components.

Recently, the use of Adaptive Optics (AO) assisting laser photocoagulation system, with a larger aperture, was suggested as a solution to control the longitudinal confinement of the therapeutic laser [9]. Indeed, AO is a technology used to dynamically sense and correct for the wavefront aberrations induced by the system and by the sample. This technique inherited from Horace W. Babcock [10] and astronomy [11], is broadly used, since 1997, to measure and correct for ocular aberrations [12]. Retinal imaging systems benefiting from AO, such as flood-illumination ophthalmoscope and scanning laser ophthalmoscope, already demonstrated their importance to diagnose retinal disorders at the earliest stages, to monitor the progression of retinal diseases as well as the effects of new and conventional therapies, thanks to their capacity to resolve the main retinal structures (cellular and vascular) [13].

Ideally, an AO-assisted laser photocoagulation system would benefit from the 3D control of the laser impact confinement in the retina, and from high-resolution retinal images, which could be used to detect therapeutic targets and to control the 3D position of the laser impact in the retina, making it possible to produce a genuine "3D laser bistoury" with a micrometer precision. Indeed, microaneurysms could be precisely detected using AO-corrected noninvasive angiography [14], and eye movements could be compensated using AO-assisted eye trackers, which provide micrometer precision [15].

Nevertheless, a great effort still has to be made to meet laser photocoagulation requirements, i.e. ensure the highest performance for any patient and for 100% of the laser impacts. First, the design of a robust AO-system must rely on the knowledge of the ocular static and dynamic aberrations. However, whereas static aberrations are well documented [16], the characterization and the understanding of the time-varying component of ocular aberrations was still incomplete before the beginning of my thesis, which was a limiting factor for a therapeutic application. Second, the main developments of AO-corrected noninvasive angiography and eye tracker were done in scanning laser ophthalmoscope systems, which presents inherent limitations, such as small field-of-view, image distortion artifacts, and low imaging frame rates, making it difficult to be applied in patients with poor vision, as fixational eye movements can be amplified. Third, there was not a technique which provides the control of the axial position of the laser impact in the retina, increasing the chances to provoke undesirable side effects.

As a part of the ANR CLOVIS3D project whose aim is to build an ophthalmological laser system that integrates a real-time 3D visualization and an AO system in order to better control the laser delivery, the main scientific goals of this thesis can be defined as follow:

(A) High spatiotemporal resolution characterization of the 3D PSF evolution within the eye, enabling to conclude on the design of an optimal AO-control strategy to compensate for ocular aberrations (static + dynamics) (corresponding to Part II);

(B) Development of novels methods enabling a high-resolution 4D exploration of the retina (volume + time) in real-time using an Adaptive Optics Flood-Illumination Ophthalmoscope (corresponding to Part III);

(C) Design and realization of the first 3D high-resolution image-guided Adaptive Optics Laser Photocoagulation system for retinal microsurgery using previous proposed systems and methods (corresponding to Part IV).

This manuscript can be divided into four parts. Part I is an introductory part comprising three chapters. Chapter 1 presents a general overview of the human eye, retinal cellular and vascular organization. Furthermore, this chapter also introduces the main ocular perturbations for high-resolution imaging and laser therapy application, such as ocular movements and aberrations, where the lack of a statistical model of ocular dynamic aberrations and its origin is exposed. Chapter 2 introduces the backgrounds of 3D imaging formation and adaptive optics, mainly when applied to the retina. This chapter also highlights the lack of technical advances using AOcorrected conventional imaging systems which benefits from distortionless, wide field-ofview images acquired at a high-speed rate, and a lack of AO-corrected ophthalmoscopes able to reliably correct for dynamic aberrations. Finally, Chapter 3 introduces the background of the laser photocoagulation system, such as the thermal light-tissue interaction and main technical advances to achieve a less painful and accurate therapy. This chapter also introduces to the problematic of the laser photocoagulation systems and their limitations, preventing it to preserve healthy neighboring tissues and only targeting microaneurysms.

Part II is based on scientific objective (A) and it is split into two chapters. Chapter 4 introduces a high spatiotemporal resolution characterization of ocular aberrations and an analysis of the real contribution of eye movements on the origin of dynamic aberrations. Chapter 5 presents a study of the 3D PSF temporal evolution and behavior within the

Part I

Human retina: in-vivo optical imaging and therapeutic techniques

Several groups have been interested in tracking and quantifying fixational eye movements. Since these movements are essentially rotational movements, with an average center of rotation located at a half distance between the eye's pupil and the retina (i.e. around 10.5 mm), all eye structures undergo this movement. Therefore, these movements can be described by tracking the pupil [26], the cornea and crystalline lens [27], and the retina displacement [28]. Other groups have investigated post-micro-saccadic movements, such as pupil position oscillations in comparison with the iris [29], and crystalline oscillations (also called lens wobbling) [30].

Ocular aberrations

In a perfect imaging system, all the wave points, from an optical wavefront, would have identical phase, or geometrically speaking equal optical path length from the source. The image of a point source would be a point spread function (PSF) at the diffraction limit. However, a realistic imaging system presents aberrations due to the inhomogeneity of the light propagation medium, causing the real wavefront to deviate from the perfect wavefront with an identical phase. In this case, the image of a point source is no longer a PSF at the diffraction limit, but a distorted PSF. In the case of the eye, as its optics and geometry are far from perfect, and due to the inhomogeneity of the light propagation medium, aberrations are present. Since the eye's pupil can be considered approximately as circular, one of the most common ways to describe ocular aberrations is the orthonormal Zernike polynomials [31,32].

Optical aberration description

Any wavefront aberration function (W), in a circular pupil, can be decomposed into a linear combination of Zernike polynomials as:

W(ρ, θ) = ∞ ∑ i=0 a i Z i (ρ, θ) (1.1)
Where ρ is the normalized pupil radius, θ the azimuth angle, Z i (ρ, θ) are the Zernike polynomials and a i the Zernike coefficients which determine the error in wavelength of each Zernike polynomial. Thanks to the orthonormality, the Zernike coefficients can be expressed as:

a i = 1 π 2π θ=0 1 ρ=0 W(ρ, θ)Z i (ρ, θ)r dr dθ (1.2)
Another way to represent optical aberration is by the point spread function (PSF), which gives the response of an imaging system to a point object or point source. In a perfect imaging system, i.e. without optical aberrations, the PSF can be expressed as:

PSF(x ′ , y ′ ) ∝ |FT[U Σ (x, y)]| 2 (1.3)
Where U Σ is the pupil function of a Σ aperture. In the case of a perfect eye (without aberrations), considering a circular aperture, the PSF is an Airy pattern. In the presence of aberrations, the PSF is expressed with a phase term (φ(x, y)), at the pupil plane, as follows: PSF(x ′ , y ′ ) = |FT[U Σ (x, y)e jφ(x,y) )| 2 (1.4)

Open questions on ocular dynamic aberration

Whereas ocular static aberrations are well documented, and with a statistical model obtained over a large population, the same cannot be said for the ocular dynamic aberration. Indeed our knowledge on dynamic aberrations spatial and temporal statistics is still incomplete, as only a few of studies on dynamic aberration have collected high spatial and temporal resolution data, and, up to now, not enough measurement was taken to draw a statistically relevant model of the ocular dynamic aberrations (see Fig. 1.13). Furthermore, the contribution of fixation eye movements on dynamic aberration is still unclear and controversial. Previous attempts to assess this contribution on healthy eyes were limited to three eyes at most. Moreover, the same previous studies did not collect high temporal resolution data, since the used aberrometer had a temporal frequency of 25 Hz at most, and the pupil tracker had a temporal frequency of 83 Hz at most.

We saw in this chapter that a significant amount of studies on eye movements and aberrations were conducted. Indeed, both ocular aspects are relevant to understand visual perception. However, they can also be seen as ocular perturbations, since eye movements and aberrations limit the high-resolution imaging of the retina. Imaging the retinal at a cellular level is a useful tool to diagnose retinal disorders at the earliest stages, to monitor the progression of retinal diseases as well as the effect of new and conventional therapies, and to improve the understanding of the eye [13]. Therefore, prior knowledge on ocular perturbations and its temporal evolution is quite relevant to the dimensioning and design of retinal imaging systems.

Chapter 2 3D high-resolution retinal imaging

Imaging systems such as microscopes have fascinated the world since the 16th century, always opening up to discovery and knowledge at the cellular level, thanks to the capacity to image objects that are not resolved by the human eye. Today, conventional microscopes, such as the flood-illumination microscope (also called wide-field) can image object as small as hundreds of nanometers, by decreasing the imaging wavelength, increasing numerical aperture, or using an imaging medium having a larger refractive index. All the advances in microscopy inspired the advance of another imaging system, particular to image the eye fundus, i.e. the retina, which received a particular name: the ophthalmoscope [START_REF] Helmholtz | Treatise on physiological optics[END_REF].

Imaging the retina through the pupil is quite challenging since the eye is continuously in motion and it presents ocular aberrations that evolve temporally and increases with the eye's pupil diameter. Moreover, no powerful objective lens immersed in special oils, to increase the refractive index, can be used, since the eye itself replace the objective lens. Additionally, the finite size of the pupil also limits resolution, and the eye laser safety standards restrict light power sent to the eye.

As we saw in the previous chapter, imaging the retina contribute in very important fields, from research, for a better understanding of the visual perception and its link with the brain, to the clinics and the understanding of retinal diseases. In this chapter, the basics of 3D imaging formation will be introduced, particularly in the case of retinal imaging, where the main ophthalmoscopes modalities, used every day in clinics, will be introduced. Then, the techniques to control and correct from ocular perturbations, i.e. ocular movements and aberrations, will be exposed together with their main applications and challenges.

Image formation Point Spread Function and Optical Transfer Function

To introduce to the basics of the imaging formation, we can consider a single lens imaging system, which is presented in Fig. 2.1.

As we saw in Sect. 1.4, in the Fraunhofer approximation, the image of a wave emitted by a point source or point object is the point spread function (PSF), noted as h, which can be defined as: h(x, y) ∝ FT[p Σ (ν x , ν y )] 2 (2.1)

Where p is the pupil function of aperture Σ, (x,y) are spatial coordinates from the image and (ν x , ν y ) are the spatial frequencies in the x and y directions respectively.

Chapter 2. 3D high-resolution retinal imaging

The transverse (or lateral) resolution (r x , r y ) can be defined as the inverse of the maximum spatial frequency transmitted by the imaging system OTF in x or y directions. Then it can be expressed as a function of the system numerical aperture (NA):

r x = r y = λ f D = λ 2N A (2.6)
Where NA is equal to D/2 f considering the paraxial approximation, which is the case for the eye. This resolution criterion is known as Abbe's limit. Other resolution definitions can be found, such as the full-width at half maximum (FWHM) of the PSF, and the Rayleigh's limit, which determines that two points be resolved when the diffraction maximum of one coincides with the first diffraction minimum of the other.

At the same way, the axial resolution (r z ) of a conventional imaging system can be defined as the inverse of the maximum axial spatial frequency which can be transmitted by the system, and can be expressed as a function of the system numerical aperture, for a paraxial approximation, which is valid for the eye:

r z = 8λ f 2 D 2 = 2λ N A 2 (2.7)
The axial resolution can also be defined using the FWHM and the Rayleigh's limit definition (in this case: r z = 2λn N A 2 , where n is the refractive index). All along the manuscript, we will adopt the spatial resolution definition derived from the 3D OTF.

Optical sectioning and the 3D OTF missing cone problem

In an ideal microscope, only light from the in-focus plane would be allowed to reach the detector generating a sharp image of the sample's plane where the imaging system is focused on. However, in reality, photons which are back-scattered from out-of-focus planes also reaches the detector, resulting in poor image contrast. The optical sectioning is the capacity of the imaging system to reject out-of-focus photons before they reach the detector, which can be noted by the reduction of the integrated intensity on the detector as the imaging plane moves away from the object plane.

Note that the 3D OTF of the conventional imaging system presents, in its center, a missing cone of spatial frequencies, of equation w = Dv 2 f [see Fig. 2. 3 (b)]. Note also that along the w axis, for u=v=0, the 3D OTF is equal to zero everywhere except at the origin. The missing cone aspect shows that the intensity collected by the detector is kept constant along the optical axis, and no optical sectioning can be achieved. Consequently, when an object is illuminated uniformly, as defocus increases all the spatially varying parts of the object will become less well-imaged, although the background does not change and remains constant [START_REF] Wilson | Resolution and optical sectioning in the confocal microscope[END_REF]. This is not the case, for example, for a confocal imaging system (also known as optical sectioning microscopy), where, by contrast, all spatial frequency components of the object, including zero component, will attenuate with defocus, showing the capacity of such system to reject out-of-focus back-scattered photons before they reach the camera [START_REF] Wilson | Resolution and optical sectioning in the confocal microscope[END_REF]. Figure 2.4 presents a comparison of the optical sectioning capability between the conventional and the confocal imaging systems.

As we saw, although the conventional imaging system has no intrinsic optical sectioning, the spatial frequency components of the object attenuate as defocus increases (except for the zero component). In this case, the depth discrimination is similar to the depth of field (∆z), which is the distance where objects appear acceptably sharp in an image. The depth of field can be defined as a function of the numerical aperture [START_REF] Born | Principles of optics: electromagnetic theory of propagation, interference and diffraction of light[END_REF]:

Chapter 2. 3D high-resolution retinal imaging of flood illuminating the retina and recording, with a two-dimensional detector, the reflected light that exits the eye. This approach was first utilized by Helmholtz around 1851 [START_REF] Helmholtz | Treatise on physiological optics[END_REF] and has steadily advanced ever since, mainly on light sources, optics, detectors and computer-driven systems.

Scanning laser ophthalmoscope (SLO) :

This imaging technique consists of illuminating the retina with a point source and measuring the reflected light exiting the eye. The SLO image is then acquired over time as the scattered light is recorded, pixel by pixel, from the focused spot as it scans in a raster pattern across. This technique can benefit from optical sectioning by placing a "confocal" pinhole at the imaging focal plane, physically rejecting photons from out-of-focus planes. The first SLO was invented by Robert Webb in 1980 [START_REF] Webb | Scanning laser ophthalmoscope[END_REF].

Both ophthalmoscopes configurations present different characteristics and performance, and they can be considered as complementary. Here are some of performance and characteristics that have to be taken into account for in-vivo retinal imaging:

Optical sectioning: As we mentioned before, the FIO does not benefit from optical sectioning. In contrast, thanks to the confocal pinhole at the imaging focal plane, the SLO can benefit from optical sectioning, which the main effect is the enhancement of image contrast and axial resolution improvement.

Illumination: While FIO constantly illuminates each point of the retina during the acquisition of an image, the SLO scan a point laser source in the retina, meaning that each point of the retina is only illuminated in a very short fraction of the time needed to acquire one image. Consequently, considering the same laser power entering the eye during a 1 million pixel frame acquisition, the instantaneous power is 1 million times higher in SLO than in FIO. The eye safety standards are, therefore, different for both systems.

Speed:

The speed of the scanning mirrors limits the acquisition speed of the SLO used to produce the raster pattern, while the FIO scientific camera can achieve KHz for a large field of view, leading to a factor 10 to 100 in frame rate in favor of FIO.

Eye motion:

The scanning nature of the SLO will be impacted by eye movements arriving during the image acquisition, inducing an image distortion. This effect is amplified since the scanning mirrors limit the SLO acquisition speed. On the other hand, for the FIO, since the image is acquired with one single shot in a high-speed rate manner, images are considered to be ground-truth [START_REF] Bedggood | De-warping of images and improved eye tracking for the scanning laser ophthalmoscope[END_REF], i.e. without any distortion due to eye motion (except for micro-saccades, which will induce a blur).

Optical Coherence Tomography (OCT):

Both ophthalmoscopes can be divided into two detection categories: incoherent (as presented above) and coherent. The OCT is the main technique using coherent detection. It consists of producing interferences between the light reflected by the retina and a part of the illumination beam used as a reference. Thanks to the recorded interference patterns, the propagation time difference between the retina and the reference beams is accessible, enabling an axial resolution of approximately a few micrometers, which represents (typically) a factor ten of enhancement compared to the classical imaging (incoherent detection). The most common ways to obtain the interference patterns is by the position of the reference beam (Time-Domain OCT), by modulating the wavelength (Spectral-Domain OCT), and by frequency sweeping the light source In such systems, ocular perturbations, i.e. movements and aberrations, affects retinal image quality. While the effects of eye movements (i.e. blurring and distortion) can be minimized in post-processing, ocular aberrations are avoided by the use of a system with a low aperture, from 1 mm to 2 mm. Except for the axial resolution of the OCT techniques, which does not depend on the system aperture [START_REF] Fercher | Optical coherence tomography-development, principles, applications[END_REF], a small aperture limits the 3D spatial resolution of the systems, and some retinal features of interest are not resolved or imaged with a very low-contrast.

By dilating the pupil and accessing its full size, the imaging system is no longer limited by diffraction but by ocular aberrations. Then to achieve optimum resolution across a larger pupil and approaching the diffraction limit, correction of ocular aberrations is necessary.

Adaptive Optics: ocular aberrations correction

Adaptive Optics (AO) is a technology used in imaging systems to dynamically sense and correct for the wavefront aberrations induced by the system and by the sample, improving the optical image quality. The concept of AO was first introduced by Horace W. Babcock in 1953 [10]. The first imaging system benefiting from AO was an astronomical telescope, to compensate for the wavefront aberrations induced by the atmospheric turbulence [11]. The first retinal imaging system using AO date back to 1997, when Liang et al. coupled an AO system into a flood-illumination ophthalmoscope. In this section, the AO principle and its main components are presented so that we can introduce the main advances in the field of retinal imaging using this technology. Figure 2.6 (a) shows the AO principle applied for the retinal imaging, enabling the correction, in real-time, of the ocular aberrations introduced by the ocular medium. The AO applied for retinal imaging is commonly composed of four key components:

Adaptive Optics principle

• a wavefront laser beacon source, to artificially create a point source in the retina.

This laser beacon is then back-scattered by the retina, propagates through the ocular medium and the optical system before reaching the wavefront sensor.

• a wavefront sensor (WFS), responsible for measuring the aberrations introduced in the wavefront.

• a real-time calculator (RTC), responsible for converting the measured aberrations into voltages to pilot the wavefront corrector.

• a wavefront corrector, responsible for compensating for the aberrations introduced by the ocular medium and the optical system.

Wavefront sensor

The most common WFS used for retinal imaging is the Shack-Hartmann (SH). The SH-WFS is composed of two main components: a lenslet array, consisting of a two-dimensional array of a few hundred lenslets, all with the same diameter and focal length, they are conjugated to the system pupil plane (or to the eye's pupil); and a photodetector (CCD or a CMOS), placed at the focal plane of the lenslet array. The principle of the SH-WFS is shown in Fig. 2.6 (b). For a perfect eye, i.e. without aberrations, the wavefront beacon source is back-scattered from the retina and emerges from the pupil as a collimated beam.

Chapter 2. 3D high-resolution retinal imaging frequency corrected by the DM f DM is defined by the DM pitch (distance interactuators), according to the Nyquist-Shannon theorem, as: f DM = 1/2d act . -Measurement error σ 2 mes : due to the limited sampling of the WFS as compared to the spatial dynamics of the ocular aberrations. The highest spatial frequency measured by the WFS f WFS is defined by the lenslet diameter, according to the Nyquist-Shannon theorem, as f WFS = 1/2d µL .

-Noise error σ 2 noise : due to the propagation of the WFS camera detection noise onto the WFS measurements.

-Anisoplanetism error σ 2 aniso : present when the instrument optical axis differs from the direction of WFS analysis.

-Chromatic error σ 2 chrom : present when the wavelength of the WF laser beacon source differs from the wavelength of another instrument source for imaging, stimulation or therapy purposes.

-Calibration error σ 2 calib : corresponds to the residual wavefront error in the absence of any external aberrations. Deformation can be applied on the DM during the calibration process to compensate for these aberrations.

-Non-common path aberration error σ 2 NCPA : brought by the non-common path aberrations between aberrations seen by the instrument and the aberrations seen by the WFS. To minimize this error calibration is necessary.

In Ch. 4, we present a numerical application of the AO-system performance characterization via a budget error, considering each of the error terms presented above.

Adaptive Optics applied for high-resolution retinal imaging

Adaptive Optics Ophthalmoscopes AO-FIO: The first retinal imaging system which AO had been integrated was a floodillumination ophthalmoscope, built in 1997 by Liang et al. [12]. This device corrected ocular static aberration and provided the first in-vivo high-resolution image of the human photoreceptor mosaic. Moreover, two years later, the same device was used by Roorda et al. to classify the receptor cones into three classes depending on the wavelength sensitivity (S-cones: short wavelengths, M-cones: medium wavelengths, L-cones: long wavelengths) [START_REF] Roorda | The arrangement of the three cone classes in the living human eye[END_REF]. In 2001, Hofer et al. built a second generation of AO-FIO systems, presenting an AOloop able to correct for dynamic aberrations, achieving a bandwidth of 0.8 Hz and a WFE of 0.1 µm in a 6.8 mm diameter pupil and with a 30 Hz AO-loop rate [START_REF] Hofer | Improvement in retinal image quality with dynamic correction of the eye's aberrations[END_REF]. In 2011, the first AO-FIO commercial system, from French company Imagine Eyes, was built and, nowadays, is largely used for clinical research purposes [START_REF] Viard | Imaging microscopic structures in pathological retinas using a flood-illumination adaptive optics retinal camera in[END_REF], and it is still the only commercial ophthalmoscope benefiting from AO. Although this technique can generate wide-field, distortionless images, acquired with a high-speed, just a few research groups, specialized in the instrumentation and design of retinal imaging systems, still work on this modality, notably Metha's group [START_REF] Duan | Reactivity in the human retinal microvasculature measured during acute gas breathing provocations[END_REF][START_REF] Bedggood | Direct visualization and characterization of erythrocyte flow in human retinal capillaries[END_REF] and Moser's group [START_REF] Carpentras | Effect of backscattering in phase contrast imaging of the retina[END_REF].

AO-SLO:

Indeed, most research groups on imaging system instrumentation switched to the AO-SLO modality, which can benefit from optical sectioning, enhanced axial resolution and improved image contrast. The first AO-SLO system was proposed and built by Roorda et al. in 2002 [76]. With an AO-system turning at 30 Hz, they were able to achieve a WFE ranging from 0.09 µm to 0.15 µm, for a 7 mm diameter pupil over a population composed of 5 subjects. They reported a lateral and an axial resolutions of, respectively,

Chapter 3

Laser photocoagulation for retinal therapy

Diabetic macular edema: a growing global problem

Macular edema and microaneurysms

As we saw in Ch. 1, the macula is the central area of the retina holding tightly packed cones and providing sharp central vision, enabling a person to see color, form, and details of the world. The macular edema is the swelling or thickening of the retina's macula due to the hyperpermeability of damaged retinal vessels leading to leakage and build-up of fluid and lipoprotein into the retinal layers of the macula region [START_REF] Bhagat | Diabetic macular edema: pathogenesis and treatment[END_REF]. Macular edema may result from various pathologies, notably diabetic retinopathy, retinal vein occlusions, and age-related macular degeneration.

The most common cause is diabetic retinopathy, a degenerative disease of retinal vessels occurring in a person with diabetes, caused by an excess of sugar concentration in the blood, provoking retinal ischemia (i.e. restriction of blood supply). Then, to increase blood supply, the retina releases signal proteins VEGF (Vascular endothelial growth factor) to stimulate the formation of abnormal blood vessels, increasing retinal vascular permeability and fluid leakage [START_REF] Schachat | s Retina E-Book[END_REF]. Diabetic macular edema is the leading cause of blindness among working-age adults in developed countries [1]. Given the increasing number of individuals with diabetes worldwide (today approximately 347 million [3]), diabetic macular edema will continue to be a major cause of vision loss.

A hallmark of diabetic macular edema is the emergence of focal (isolated development) or diffused (clustered development) microaneurysms, which are vascular abnormalities consisting of capillary dilatation [4]. They are usually located at the inner and outer plexiform layers and the inner nuclear layer [START_REF] Coscas | OEdèmes maculaires: Aspects cliniques et thérapeutiques[END_REF], mostly in the deep capillary plexus [5]. A in-vivo study, conducted by Dubow et al. , compared images obtained with an AO-SLO and AO-SLO combined with fluorescein angiography [START_REF] Dubow | Classification of human retinal microaneurysms using adaptive optics scanning light ophthalmoscope fluorescein angiography[END_REF], enabling the evaluation of the microaneurysm capillary wall and lumen relationships, and regions of microaneurysm and capillary nonperfusion. According to this study, a microaneurysm can be classified into six categories, depending on its morphology and size (see Fig. 3.1).

Diabetic macular edema treatment

Diabetic macular edema can be treated mainly with two therapies technologies that can be applied alone or combined:

1. Anti-VEGF injection therapy: It is pharmacotherapy drug injected into the vitreous humour which, as its name suggests, blocks the VEGF, reversing abnormal blood vessel growth and, consequently, decreasing fluid leakage in the retina.

104].

The laser surgery procedure is possible thanks to thermal laser-tissue interactions between the laser and the retina.

Laser photocoagulation therapy: a thermal light-tissue interaction

This section was inspired from the paper "Evolution of Concepts and Technologies in Ophthalmic Laser Therapy" by D. Palanker [105].

Light-tissue interaction

The light entering the eye can be reflected, scattered, transmitted or absorbed. While reflected and scattered photons can be used for imaging purposes, the absorption characteristics of the retinal structures can be useful for therapeutic purposes, creating a photothermal effect.

In linear interaction, due to absorption and scattering, the light intensity (I(z) [W/cm 2 ]) propagating inside the retina decreases exponentially in depth according to the Beer-Lambert-Bouguer law :

I(z) = (1 -k s )I 0 e µz (3.1)
Where I 0 is the light intensity at the surface of the retina (z=0), k s is the specular reflection coefficient at the retina surface, and µ = µ a + µ s is the attenuation coefficient, which is composed of absorption and scattering coefficients. The absorption characteristics of the retina are determined by the chromophores present within the tissue, and their absorption coefficient varies as a function of the wavelength. In the visible part of the spectrum (400 -700 nm), these chromophores include: 1) melanin, located in the retinal pigmented epithelium and choroid; 2) hemoglobin and oxyhemoglobin, located in the red blood cells; 3) macular xanthophyll, located in the plexiform layers, mainly in the macula region; 4) rhodopsin and cone pigments, located in the photoreceptors; 5) lipofuscin located in the retinal pigment epithelium layer.

Scattering of the light also strongly depends on the light wavelength. In subwavelength structures (e.g. collagen fibrils in the cornea and crystalline lens), the scattering coefficient µ s is described by the Rayleigh scattering law, and it is proportional to λ -4 . On the other hand, for features larger than the wavelength, the scattering coefficient is given by the Mie scattering law, and it has a more complex dependence on the wavelength and spatial distribution. According to [106, 107], the scattering coefficient in various retinal tissues can be approximated as µ s = λ b , with b ranging, approximately, from 0.5 to 2.

Photothermal interactions

The absorption of the light by the tissue leads to heating, and it may provoke some cellular collateral effects including sublethal response, hyperthermia, necrosis, coagulation, vaporization, and carbonization. The heat generation depends on laser parameters such as intensity and pulse duration. Cellular thermal damage can be approximately modeled using Arrhenius equation [108,109]. It supposes that the concentration of a critical molecular component D(t) declining with temperature T(t):

dD(t) = -D(t) • A • exp - E * R • T(t) dt (3.2)
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Main advances in laser photocoagulation systems

In 1949, Dr. Meyer-Schwickerath published a first work on the concept of phototherapy focusing sunlight on the retina of his patients to treat melanomas [110]. Because this practice was hardly practical, nonsolar sources, such as Xenon arc photocoagulator, were developed in the mid-1950s for retinal sealing and tumors treatment [111]. However, burns in the retina were extensive and severe.

To minimize the photothermal side effects such as scars, scotomata (blind spots), and reduction of contrast sensitivity; and to favor therapeutic benefits by improving the localization of the photothermal effect to specific retinal layers, various refinements of photocoagulation system parameters have been introduced, including lasers, choice of the wavelength, pulse duration, lesion intensity, and automatic image-guided systems:

Laser, a therapeutic tool: The advent of LASERs (Light Amplification by Stimulated Emission of Radiation) by Maiman, in 1960 [112], revolutionized the control and precision of light delivered. The laser's potential for ocular therapy was immediately recognized, with the first report dating from one year after the laser invention, in 1961 [113]. The fast recognition happened mostly due to the laser inherent characteristics, which differentiates it from incoherent and thermal sources: 1) Lasers are coherent, i.e. photons are emitted with identical phase; 2) Lasers have a very narrow wavelength range, making it monochromatic light; 3) Laser beam is very directional and well collimated, making it possible to precisely focus it.

The laser allows the choice of the wavelength, which makes possible to favor the absorption of chromophores belonging to damaged retinal features, such as melanin in the retinal pigment epithelium and choroid, and hemoglobin (and oxyhemoglobin) in blood vessels; avoiding, at the same time, the absorption spectra of healthy retinal features, such as macular xanthophyll in the plexiform layers.

The choice of the laser wavelength:

The most common lasers used for photocoagulation are the green frequency-doubled Nd:YAG at 532 nm and the yellow semiconductor at 577 nm. The yellow 577 nm laser has been considered as optimal for macular photocoagulation [114], treatment of vascular lesions [115], and it has shown more effective than the green 532 nm laser in the treatment of various diseases touching the retinal vessels [116].

The popularity of the yellow laser is due to some relevant advantages compared to the green laser: 1) It is less affected by small-angle scattering in the transparent ocular media [117], which enables better focusing of the therapeutic laser beam onto the retina; 2) provides better transmittance through some corneal or lenticular opacities in the case of treating patients with cataract, making the laser deliver more regular and steady; 3) 577 nm laser happens outside the absorption spectrum of the xanthophyll pigment, potentially enabling treatment close to the fovea with lower light absorption in the inner retina than at green laser; 4) 577 nm laser occurs at an absorption local maximum for the oxyhemoglobin, potentially allowing for a better selective treatment of vasculature than the green laser. The absorption spectra for the main pigments involved as a function of the wavelength are given in Fig. 3.3.

Optimization of pulse duration:

The cellular thermal damage depends on the temperature rise and the light exposure duration. The laser technology allows the choice of the pulse duration of the light emission, ranging from infinity (continuous) to femtosecond. Typically, retinal photocoagulation comprises laser pulses with a duration varying from 10 Finally, as mentioned, the best method to detect microaneurysm on an en-face retinal image is based on invasive angiography techniques such as FA and ICGA. Angiography maps generated by contrast motion AO-corrected retinal images seems a very promising noninvasive method to detect microaneurysm with a high-spatial resolution.

Adaptive Optics technique seems an optimal and noninvasive solution to help laser photocoagulation systems to become a 3D surgical act, with precision, effectiveness, and robustness, targeting only microaneurysms and sparing adjacent retinal healthy tissues.

Chapter 4

Characterization of ocular dynamic aberrations

Current state-of-the-art of AO-corrected retinal imaging research systems yielded an unprecedented resolution, making possible to image the retinal volume at a cellular level thanks to the correction of ocular aberrations. Such cellular resolution imaging enables to diagnose retinal disorders at the earliest stages, to monitor the progression of retinal diseases as well as the effect of new and conventional therapies, and to improve the understanding of the eye [13]. Nevertheless, an effort still has to be made to reduce cost and size, and mainly to ensure that the highest performance is reached for any patient every time. Moreover, this is all the more crucial for emerging therapeutic applications such as AO-assisted laser photocoagulation surgery, as we mentioned in Sect. 3.4, which requires highly reliable system working consistently on all patients and for every laser impacts in the retina.

For this end, the design of a robust AO-system must rely on the knowledge of the ocular aberrations. Whereas static aberrations are well documented, dynamic aberrations spatial and temporal statistics is still incomplete (see Sect. 1.4). Moreover, the origin of dynamic aberrations is a controversial subject, especially concerning fixational eye movements (see Sect. 1.4), where authors diverge on the importance of the contribution of eye movements on the origin of dynamic aberrations.

The characterization and the understanding of these wavefront fluctuations, especially its origin, are all the more crucial for the design of AO-systems. To fill this gap, J. Jarosz, during her thesis (in my group department at ONERA), designed and used a high spatiotemporal resolution aberrometer to form a database gathering, Zernike modes (expressing aberration) time series and pupil position time series over 50 healthy eyes [9]. Both Zernike modes and pupil position were acquired synchronously at 236 Hz. With the pupil position time series only, Meimon et al. presented the results concerning the high spatio-temporal resolution characterization of the eye movements, and proposed an optimal optical stabilization close-loop rate of 200 Hz [26].

The goal of this chapter is to introduce a complete study of dynamic aberrations: a high spatiotemporal resolution characterization of ocular aberrations (Sect. 4.1), and the analysis of the real contribution of eye movements on the origin of dynamic aberrations (Sect. 4.2). Consequently, relying on the developed knowledge on dynamic aberrations, conclusions over the design of a high-performance AO-system suitable for clinical and therapeutic purposes is presented.

Article: High temporal resolution aberrometry in a 50-eye population and implications for adaptive optics error budget -a Biomedical Optics Express publication

Reading guide

To better understand the limitations of current AO-systems, it is very important to characterize the AO-system performance via an error budget (see Sect. 2.3). The error budget is not only a powerful tool to characterize an existing device, but it can also be used guide the design future AO systems, by expressing the various terms as a function of the [START_REF] Porter | Adaptive Optics for Vision Science: Principles, Practices, Design, and Applications[END_REF]142]. However, such statistical model for ocular dynamic aberration is still incomplete, as only a few of studies on dynamic aberration have collected high spatial and temporal resolution data, and, up to now, not enough measurement was taken to draw a statistically relevant model of the ocular dynamic aberrations (see Fig. 1.13), as the aberrations were characterized on 6 eyes at most. This section presents the first characterization of ocular aberrations with both high temporal (sampling frequency at 236 Hz) and spatial (22 lenslets across a 7 mm diameter pupil) resolution, on a large population consisting of 50 healthy eyes, to come up with a statistical description of dynamic ocular aberrations reflecting the inter-subject variability. Then, the implications on the AO error budget through the simulation of a closed-loop wavefront correction is analyzed. Finally, we propose practical tools for AO-system design, such as considering the evolution of the residual wavefront error when increasing the number of corrected modes, or when increasing the frame rate of the AO-loop. This study was the subject of a scientific paper published in February 2017 on Biomedical Optics Express [143].

The reader should start by section 2 ("Methods"), where details on the set-up, studied population, and data processing involved in the study is presented. Then, in section 3, we report our findings on the statistics of dynamic aberrations in our population. Finally, in section 4, we use the data from the aberration measurements to analyze AO error budget terms.

Introduction

Ultra-high resolution retinal imaging has proven to be a useful tool to diagnose retinal disorders at the earliest stages, to monitor the progression of retinal diseases as well as the effect of new curative drugs, and to improve our understanding of the eye [1]. Such imaging systems need adaptive optics (AO) that provide real-time correction of both low and high order ocular aberrations in order to attain diffraction-limited performance over medium to large pupils [2][3][4]. Current state-of-the-art AO-assisted retinal imaging research systems yield unprecedented resolution, making individual retinal cell stimulation [5] and rod photoreceptor imaging [6] possible. Nevertheless, effort still has to be made to reduce their cost and size, and to ensure that the highest performance is reached for any patient. This is all the more crucial for emerging therapeutic applications such as AO-assisted laser surgery [7], which require highly reliable systems working consistently on all patients.

In order to better understand the limitations of current AO systems, it is very informative to analyze the AO error budget, i.e., to list and quantify the various contributors to the residual wavefront variance remaining after AO correction. The main terms typically considered are: the wavefront sensing error, in particular due to the noise on the wavefront sensor camera; the fitting error, due to the fact that a deformable mirror with a finite number of actuators cannot perfectly compensate the ocular aberrations; and the temporal error due to the time lag between sensing and correction. Such an analysis was carried out on a few eyes by Evans et al., so as to identify the main sources of residual wavefront variance on their specific apparatus [8].

Apart from characterizing existing devices, the error budget can also be a powerful tool to design future systems: after expressing the various terms as a function of the AO system parameters (AO loop frequency, number of actuators in the deformable mirror, etc. . . ) and specifying a target value for the total residual wavefront variance, a parametric analysis can be performed to select the AO system parameters which actually meet this target value. Of course, this parametric study must rely on a statistical model of the ocular aberrations.

For static aberration, such a statistical model does exist: two large studies have analyzed the spatial statistics of the static ocular aberrations over the population [9,10], from which Doble et al. have derived the required specifications of the corrector depending on the targeted performance [11,12]. Unfortunately, our knowledge on the temporal statistics underlying dynamic aberrations is still incomplete. Time-varying aberrations have been the object of many studies [13][14][15][16][17][18][19], but only a few of them have collected high spatial resolution data , and only at a moderate temporal resolution (100 Hz) [16,17]. Finally, up to now, not enough measurements were taken to draw a statistically relevant model of the dynamic ocular aberrations (the aberrations were characterized on 1 to 6 eyes at most). It seems all the more important to assess the temporal statistics of the dynamic aberrations, in order to show that experimental AO systems are often limited by the frame rate of the AO loop [8,14].

In this paper, we present the first characterization of ocular aberrations with both high temporal (sampling frequency at 236 Hz) and spatial (22 lenslets across a 7-mm diameter pupil) resolution, on a large population consisting of 50 healthy eyes, in order to come up with a statistical description of dynamic ocular aberrations reflecting the inter-subject variability. Then,we analyze the resulting implications on the AO error budget through the simulation of a close-loop wavefront correction. We then propose practical tools for AO system design, such as considering the evolution of the residual wavefront error when increasing the number of corrected modes, or when increasing the frame rate of the AO loop.

First, in Sect. 2, we present details on the population, on the setup and on the data processing involved in the study. Then, in Sect. 3, we report our findings on the statistics of dynamic aberrations in our population. Finally, in Sect. 4, we use the data from the aberration measurements to analyze AO error budget terms.

Methods

Experimental set-up

We have built a custom-designed Shack-Hartmann (SH) wavefront sensor (WFS) to characterize the dynamic aberrations of the eye. A diagram of the full system can be found in Fig. 1. It comprises four units: an injection unit delivering the near infrared WFS beacon at 833 nm; an eye unit coming down to the eye (real/artificial); an analysis unit collecting the back-scattered light from the eye on two instruments, the WFS and a pupil camera; and a reference unit composed of a reference eye used to calibrate the system (in particular, to acquire the reference SH spots). The injection unit, which aims to create an artificial source on the retina for wavefront sensing, uses a 833-nm SLD (Superluminescent Diode) (EXALOS) with a 50-nm spectral bandwidth. Spatial noise introduced by speckle is substantially reduced by the short coherence length of the SLD (although an even further reduction may be possible by insertion of a scanning mirror [13]). Moreover, pupil plane residual speckles, induced by scatterers having a typical lateral size of 1 µm, are larger than the subaperture diameter (see also Fig. 10 in App. A for experimental evidence). As a consequence the authors believe that speckle noise has a negligible impact on WFS data. A focus correction is provided for ametropic subjects through ophthalmic lenses which were inserted in the injection unit (and thus not seen by the WFS). The injection unit also offers filtration of specular corneal reflections through an annular pupil stop in pupil space (in the eye pupil space, the external and internal diameters are 5 mm and 2.1 mm respectively), and a fixation target, which is the WFS beacon itself at infinity (this is possible because a part of its spectrum is in the visible range). The SLD is also used as a reference source in reference unit.

The analysis unit splits into a pupil camera (used in the scope of this paper only as a guide to position the eye pupil) and a WFS, designed to provide highly resolved measurements of the ocular wavefront. Thus, it features a 31×33 lenslet array (143 µm subaperture diameter and 3.6 mm focal length) and a sCMOS (Scientific Complementary Metal-Oxide-Semiconductor) camera (Pco.Edge) running at 236 Hz (i.e. grabbing 236 images per second) with a 450×480 pixels region of interest, leading to a 10 mm maximum pupil. An optical relay is used to image the lenslet focal plane to the detector plane. Typically for a 7-mm diameter pupil, 22 lenslets were illuminated across the diameter and the pupil field allowed displacements of the pupil of ±1.5 mm, which was high enough given the fact that the subjects were stabilized by a chin and forehead rest in order to prevent head movements. A field stop on the analysis path corresponding to approximately 1.2°on the retina is used to limit stray light and multiply-scattered background light, at the cost of a reduced range of measurable sphere, limited to ±2.3 D at 833 nm.

Population

A total of 50 healthy eyes were examined with the aberrometer, 4 of which had undergone LASIK surgery. 29 people took part in the study. Most eyes were in the 23-38 years old range, as shown in Fig. 2(a). Concerning the refractive correction of our population, it was low; average spherical equivalent, M [20], of our population was -0.1 D and the associated standard deviation was 0.5 D; average cylindrical components, J 0 and J 45 [20], were zero (see Fig. 2(b), 2(c) and 2(d)). These values of refractive error were taken from the spectacle prescription of our population. As a consequence, they are ±0.125 D accurate at best and effective for the visible spectrum (optimal at 570 nm [21]). Given the longitudinal chromatic aberration (LCA) reported between our operating wavelength (833 nm) and 570 nm [22,23], we expect a shift of the reported average spherical equivalent towards positive values at 833 nm.

Data acquisition and reduction procedure

Measurements were performed in normal conditions without any pupil dilation, nor cycloplegia, in a dark room, leading to the largest accessible natural pupil dilation. Such conditions have been considered in other studies of time-varying ocular aberrations [14][15][16].

All patients signed an informed consent form, as defined in our institution review board procedure (CPP Ile-de-France). Prior to the subject's arrival, background and reference images were acquired on the WFS. Then, the procedure was done as follows: focus of the WFS beacon was approximately adjusted given the spectacle prescription of the subject and taking into account the LCA between 570 nm and 833 nm; it was then fine-tuned through a subjective adjustment until the image of the WFS beacon appeared to the subject as a well-focused point source (this adjustment was done at low power); the optical power of the SLD was then set to get 29 µW on the eye unit (that is a tenth of the maximum permitted power by the ANSI Z136.1 norm for a coherent source at 833 nm and a 0.16-cm 2 -illuminated surface on the cornea) ; the patient was asked to blink just before the acquisition started and to stay still and stare at the fixation target (WFS beacon itself) for the duration of the video acquisition (20 seconds per eye).

The raw data consisted of 50 series of 20-second-long WFS camera sequences at 236 Hz (complemented with the 50 associated reference slopes and WFS camera background acquisitions performed right after each patient acquisition). Long-exposure background images were subtracted to get rid of spatial noise and ambient stray light. Then for all 50 eyes, we extracted a continuous 3.4 s time sequence (i.e., 808 frames) without blinks. From these 50 series of 3.4-second-long background-subtracted WFS sequences, we derived the ocular aberrations following the procedure described below.

Slope computation SH spot centroids were determined by computing an adaptive thresholded center of gravity within each subaperture image, and then subtracting the reference centroids (computed with the same method on the WFS reference measurements, acquired on the reference source right after patient acquisition).

Analysis pupil

We first computed the area of the SH WFS that is illuminated during the whole 3.4 s time sequence. Since the size of the eye pupil varied over the population and the eye moved over the acquisition [24],we defined a 5 mm analysis pupil P a nalysi s inside the area corresponding to the intersection of all eye pupils recorded through the sequence of interest (3.4 s). Similar analysis pupil, ranging from 4 to 5.8 mm, was adopted in time-varying ocular aberrations studies [13][14][15][16][17][18][19] Wavefront reconstruction For each sequence (i.e., for each eye), we built an analytic WFS model M WFS (P a nalysi s ) linking the Zernike coefficients to the slopes of the subapertures within P a nalysi s (with at least 50 % of their surface inside P a nalysi s ). The Zernike coefficients , at time t, {a i (t , eye)} are then estimated from the measured slopes S(t , eye) with a least-square estimation through:

{a i (t , eye)} = M † WFS (P a nalysi s ) • S(t , eye), (1) 
with † denoting the generalized inverse. Given the number of subapertures encompassed by the chosen analysis pupil (16 × 16), only the Zernike coefficients up to 45 (ie up to the 8 th radial order) were considered for the 5-mm diameter analysis pupil. In the end, the time-varying wave aberration function W could fully be described on the 5-mm diameter analysis pupil for each eye as an expansion of Zernike polynomials Z 4 (focus) to Z 45 as:

W (t , eye) = i=4 a i (t , eye) • Z i , (2) 
with Zernike polynomials ranked according to Noll's convention [25] (see Sect. 2.4).

Definitions and notations

Our wavefront data depends on time, space and population. Mean and variance on these data can therefore be computed over these three variables. We adopt the following notations:

• mean and standard deviation over time of a quantity x will be denoted x and σ t (x);

• the distribution of x over the population will be reported as mean ± SD, where mean indicates the mean value of x over the population and SD the standard deviation of x over the population;

• the Squared WaveFront Error (SWFE) defined as the time-averaged sum of the squared Zernike coefficients over all modes (or over modes of a specific radial order) was used to quantify the level of aberrations; it splits into a static SWFE and a dynamic SWFE, as follows:

SWFE = i a 2 i = i a i 2 SWFE stat + i (σ t (a i )) 2 SWFE dyn . (3) 
Zernike polynomials are ranked according to Noll's convention and recalled on Fig. 3 from the 2 nd to the 4 th radial order. In accordance with convention, we will refer to aberration modes with a radial order greater than or equal to 3 as Higher-Order Aberrations.
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Fig. 3. Zernike polynomials Z i from the 2 nd to the 4 th radial order ordered according to Noll's convention by increasing radial order n (the degree of the polynomial) and increasing azimuthal frequency m (the number of cycles of the sinusoidal function) with odd indexes i indicating the Zernike function is in sine phase and even indexes indicating the Zernike function is in cosine phase.

Accuracy of our aberrometry data

In order to assess the level of precision of our aberrometry data, we considered the following wavefront sensing error SWFE WFS budget:

SWFE WFS = SWFE alia si ng + SWFE noi se + SWFE NC P A . ( 4 
)
We checked that the aliasing error SW FE alia si ng , which represents the error due to the limited sampling of the WFS as compared to the spatial dynamics of the ocular aberrations, could be ignored given the high number of lenslets encompassed by the pupil (16 × 16) [11,12].

The noise error term SWFE noi se corresponds to the propagation of the WFS camera detection noise (see Sect. 4.1 for further details). It splits (as in Eq. ( 3)) into a dynamic partquantified experimentally as 2.0 × 10 -4 µm 2 ±1.5 × 10 -4 µm 2 (mean ± SD) on a 5-mm diameter pupil -and a static part which could be neglected considering that the detection noise is centered.

The Non-Common Path Aberrations (NCPA) error term SWFE NC P A is brought by the noncommon path aberrations between the reference eye and the artificial eye (refer to the set-up description in Sect. 2.1). Its static part amounted to 1.5 × 10 -3 µm 2 on a 5-mm diameter pupil; its dynamic part, linked to the local turbulence on the optical bench, was shown to be negligible compared to the noise error.

To conclude, the wavefront sensing error was:

SWFE WFS = SWFE dyn noi se 2.0 × 10 -4 µm 2 + SWFE stat NC P A 1.5 × 10 -3 µm 2 . ( 5 
)
Note that measurements were performed without cycloplegia, which may slightly change 2 nd order statistics.

Experimental characterization of ocular aberrations

We analyzed the spatio-temporal statistics of the aberration distribution over our population, first on static aberrations, then on dynamic aberrations.

Static aberrations of our population

We analyzed the static aberrations a i (eye) of our 3.4-second-long sequences (a i (eye) being the time average of a i (t , eye), see Sect. 2.4). For each mode, Fig. 4(a) shows the mean level and standard deviation of static aberrations over the population. We observe declining mean values (Fig. 4(b) -further detail below) and standard deviations (Fig. 4(a)) with radial order.

Average static defocus measured on a 5-mm diameter pupil is a 4 = 0.04 µm±0.47 µm over the population, which corresponds to a spherical equivalent M = -0.05 D±0.52 D. This is in agreement with the average spherical equivalent given by the spectacle prescription of the 50eye subpopulation, which was -0.1 D±0.5 D. Concerning Higher-Order modes, the distribution of each mode in our population, except spherical aberration ( Z 11 ), is roughly centered around zero. Average static spherical aberration measured on a 5-mm diameter pupil is slightly positive (a 11 = 0.06 µm±0.05 µm).

Mean static SWFE, which correspond to the mean over the population of the static SWFE (equal to i a i 2 , see Eq. ( 3)), is a good indicator of the level of static aberration of a typical eye. Figure 4(b) reports the contribution of each radial order to the total static SWFE, showing decreasing SWFE with radial order (showing that mean values decrease with radial order). Second-order aberrations represent 87 % of the total static aberrations; this depends highly on the population, we remind the reader that ours presents reduced static aberrations (with M, J 0 and J 45 closed to zero, see Sect. 2.2). For the remaining orders, we note that 73 % of the energy of Higher-Order Aberrations (3 rd order and above) are concentrated in the 3 rd order, 20 % in the 4 th , 4 % in the 5 th , 2 % in the 6 th and 1 % in the 7 th . This is consistent with the distribution of static aberrations and the description of the mean eye in previous studies [9,10,26].

Description of the dynamic aberrations of our population

Time series and dynamic SWFE

Figure 5 shows the time series of the first Zernike coefficients for a typical eye, grouped by radial order. Strong low frequency variations can be seen for low orders, with spikes or steps roughly every 0.5 s. The traces show smaller temporal variance for higher radial orders. This smaller temporal variance for high order modes is confirmed statistically in our population in Fig. 6(a), where the distribution of the dynamic part of the aberrations (i.e., the standard deviation over time of the aberrations) for a 5-mm diameter pupil is presented.

Temporal variations of defocus are somewhat specific. They are quite high compared to the temporal variations of astigmatism and vary a lot over the population. Peak-to-valley variations of defocus amount to 0.21 D±0.09 D over our population. The standard deviation over time of defocus, describing the RMS fluctuations of defocus, is 0.04 D±0.02 D (which is in agreement with data reported by Charman et al. for low target vergence [27]). The figure also points out that, apart from defocus, all modes within a given radial order show similar mean value or standard deviation over the population.

Figure 6(b) shows the dynamic SWFE summed over each radial order n for a 5-mm diameter pupil. The values follow approximately an n -2 power-law with radial order n, shown as a straight line on Fig. 6(b).

Relative importance of static and dynamic SWFE

From the comparison of the dynamic SWFE (given in Fig. 6(b)) and the static SWFE (given in Fig. 4(b)), we infer that the dynamic part of the aberrations represent 2% and the static part 98% of the total SWFE, considering radial orders from the 2 nd to the 8 th . In fact, dynamic SWFE is below 2.0 × 10 -2 µm 2 for all eyes of our population, in other words, the corresponding Strehl ratio (SR) (considering only this error) is 33 % at worst (see Table 1). If considering the best quintile (i.e.the best 20 % eyes), the error is below 3.4 × 10 -3 µm 2 , corresponding to a SR of 82 %. These statistics indicate that the dynamic part of the aberrations is very small on a time scale of a few seconds (considering that our analysis sequence is 3.4 s long, so that all the evolutions at frequencies below 0.3 Hz are seen as static). In terms of correction, it means that an acceptable quality could be reached by compensating only for the quasi-static aberrations (i.e., with a 0.3 Hz bandwidth).

Yet, for some applications, such as AO-assisted laser surgery [28], a 2 × 10 -2 µm 2 residual SWFE may still be too high, calling for a correction not only of the (quasi-)static aberrations, but also of the dynamic aberrations. To determine the specification for the AO sampling frequency, we analyzed the frequency content of dynamic aberrations.

Temporal spectra

In order to study the frequency content of dynamic aberrations, we computed the power spectral densities (PSD) of each time series of Zernike coefficients. As in [17], for all measurements, we systematically removed any part of the signal that was related to the blink interval (e. g. tear film break-up and build-up, eye movement). We observed linearly decreasing PSD with frequency f on a loglog scale, which confirms the f -p i power-law previously proposed to model the temporal spectra of aberrations [13][14][15][16][17][18]. A typical example of temporal spectra of Zernike coefficients is given in Fig. 7(a). The photon noise level is reached at around 60 Hz, where a high frequency plateau appears. The level of this experimental noise plateau is in line with the expected value computed analytically from the flux within the SH spot and SH spot size (see Sect. 4.1 for details). Figure 7(a) also displays the local turbulence level on the optical bench, calibrated on the reference source. This contributor is clearly negligible in the ocular aberration measurements, which was checked for every eye and for every mode.

Figure 7(b) gives the distribution of the power-law exponent -p i for each Zernike mode i over the population. We based our estimation of the power-law exponent on the frequency content between 2 and 40 Hz, in order to avoid the noise plateau at high frequency, and the noise on spectrum estimation at low frequency (the analyzed 3.4-second-long sequence contains only a few periods for frequencies below 2 Hz). This fit may therefore not accurately convey low frequency features (such as defocus energetic peaks below a few Hertz previously reported by Charman et al. [27]). However, these features are well corrected by AO loops running at a few Hertz, and our main interest in the present paper is high frequency adaptive optics loop performance assessment, for which the power-law model proposed is well adapted. We obtained the following power-law exponents:

• p i = 1.5 ± 0.2 for i = 4 (defocus), that is, a drop of -4.5 dB per octave,

• p i ≃ 1.3 ± 0.2 for 5 ≤ i ≤ 45, that is, a drop around -3.9 dB per octave. Previous studies, although conducted on a more reduced population, reported temporal behavior [13][14][15][16]29] within the error bars we obtained. With this study, we contribute additional statistics on the distribution of the power-law exponent over the population and highlighted that the power-law associated with defocus stands out from those of other modes. This power law exponent typically ranges from -1.3 to -1.2, which is much lower than the -11/3 power law exponent witnessed in atmospheric turbulence models [30]. While most Adaptive Optics control laws used in ophthalmology directly stem from astronomy, the data we present here may help when revisiting AO system design in the context of ophthalmology.

All the statistics we derived from the data, as well as information on age, gender, Lasik case, right-left eye of each subject, can be found in Data File 1 (supplementary data available for the reader). Using these statistical data, it is possible to generate Zernike coefficient time series that are typical of our population. A MATLAB code generating such series can be delivered upon request from the corresponding author.

Implications for AO system performance

With this knowledge of the eye's typical spatial and temporal aberration statistics, it is possible to simulate the performance of any AO loop, and use this database as a tool for designing future systems. We implemented a temporal simulation evaluating the residual aberrations a i r e s from a closed-loop AO system based on an integrator control from the experimental time series a i of our aberrometry campaign (we call this the replay mode).

Although some teams have tried to analyze the performance of their own apparatus, quantifying the various contributors to the residual wavefront error in an error budget [8], the analysis presented hereafter is to our knowledge the first attempt to provide general guidelines for designing an AO system, via the quantification of the error budget terms as a function of its key design parameters (i.e.number of corrected modes, adaptive optics loop frame rate, wavefront sensing source power).

Adaptive optics performance specification is usually expressed in terms of Strehl Ratio, which can be approximated as SR ≃ exp -4π 4)), which we consider limited to SWFE noi se in what follows, SWFE fitti ng the error due to the limited number of actuators of the deformable mirror, and SWFE tem poral the error due to the time lag between sensing and correction.

Noise error

The measurement noise error of the WFS, referred to as SWFE noi se , corresponds to the propagation of the WFS camera detection noise onto the WFS measurements. Knowing the WFS beacon source power and the typical reflectance of the retina (see App. A), the noise error made on each Zernike coefficient can be computed as follows:

• the variance σ 2 co g of the error on spot center of gravity estimation due to the detection noise is estimated using prior knowledge of the image distribution and the detector parameters (i.e.spatial sampling, read-out-noise), as proposed by Rousset et al. in the case of a Gaussian-shaped spot [31];

• SWFE on each mode coefficient is then obtained by multiplying this centroid error variance σ 2 co g by a modal coefficient α i (given by Rigaut et al. [32]).

Next, we can provide guidelines to compute centroid error variance σ 2 co g in the specific case of adaptive optics in the eye.

Centroid error variance σ 2 co g divides into a read-out noise contributor σ 2 ro n and a photon noise contributor σ 2 ph . The latter can be further divided into a term originating from the photons in the SH spot corresponding to the flux of interest for centroid computation, and a term σ 2 ph bg originating from the multiply-back-scattered photons forming the background flux of the SH images. Assuming a uniform background, this background photon noise behaves as an additional read-out noise, and is often greater than the actual camera read-out noise, which we will hence ignore in what follows.

We reformulated Rousset et al.'s expressions [31] to derive the following expressions of σ 2 ph s p o t and σ 2 ph bg (expressed in phase difference at subaperture edges in rad 2 ):

                 σ 2 ph s p o t = 4π 2 (ln 2)λ 2 • 1 R dir • 1 τN ph i n c • S s pot σ 2 ph bg = 32π 2 3λ 2 • ρ bg R 2 dir • 1 τN ph i n c • S 2 s pot (7) 
with S s pot the area of the SH spot at half maximum (expressed in the retinal plane in µm 2 ), R dir the directional reflectance, ρ bg the reflectance accounting for the background flux per unit area (see App. A for details of R dir and ρ bg ), λ the WFS wavelength, N ph i n c the number of photons entering the eye through the pupil and τ a factor comprising the double pass transmission of the ocular media, the quantum efficiency of the WFS camera as well as the transmission of the system from the eye to the WFS camera. This indicates that background photon noise is all the more important when the background reflectance is high, compared with the directional reflectance. These two formulas show that photon noise is higher when the SH spots are large, which stresses the importance of emmetropic correction on the way into the eye.

Fitting error

The fitting error, referred to as SWFE fitti ng , is due to the limited number of actuators of the deformable mirror, leading to an imperfect correction of both static and dynamic aberrations. It can thus be split into a static and a dynamic part.

Figure 8 shows the evolution of the total fitting error that encompasses 20 %, 40 %, 60 %, 80 % and 100 % of our population as a function of the number of corrected Zernike modes. The fitting error drops rapidly until the first 12 Zernike modes are corrected (i.e., radial orders up to the 4 th ). This is in agreement with what we stated earlier (see Sect. 3.1), that 93% of the Higher-Order Aberrations of our population are concentrated in the 3 rd and 4 th orders. Figure 8 also presents the static part of the fitting error and highlights the fact that the static part of the fitting error prevails over the dynamic part, especially for low radial orders.

These results provide a tool for selecting the number of actuators of the deformable mirror. For instance, it indicates that when the deformable mirror compensates for the first 18 Zernike modes (i.e., radial orders up to the 5 th ), 80 % of the population should have a total fitting error under 0.004 µm 2 which corresponds to a Strehl ratio loss of 20 % at 833 nm; for the first 36 Zernike modes, 80 % of the population should have a total fitting error under 0.001 µm 2 , which corresponds to a Strehl ratio loss of 6 % at 833 nm. Fig. 8. Fitting error in terms of SWFE as a function of the number of corrected Zernike modes N corrected (e.g., N corrected = 3 corresponds to the case where defocus, vertical and oblique astigmatisms are corrected) for various portions of the population corrected. For one eye, the total fitting error is calculated as: SWFE fitti ng = uncorrected modes (a i ) 2 + uncorrected modes σ t (a i r e s ) 2 , with the first term corresponding to the static part of the fitting error, represented by solid lines on the graph, and the second term corresponding to the dynamic part, represented by dashed lines on the graph.

Temporal error

The temporal error, referred to as SWFE tem poral , is due to the finite AO loop frequency leading to a delay between an evolution of the aberrations and its correction. The slower the loop frequency, the longer the delay, hence the greater the temporal error. This error is logically computed on the modes corrected by the loop (the contribution of the uncorrected modes to the error budget does not depend on the loop frequency, and falls into the fitting error term defined in Sect. 4.2). We considered an AO system running at a sampling frequency f s , and correcting the first N corrected Zernike modes (piston, tip and tilt excluded) through an integral control featuring a 2-frame delay and a loop gain G fixed to 0.5 (ensuring the usual stability margins [33]).

Figure 9 shows the evolution of the temporal error that encompasses 20 %, 40 %, 60 %, 80 % and 100 % of our population as a function of the sampling frequency. In Fig. 9(a), the case where the first 18 Zernike modes (i.e., up to the 5 th radial order) are corrected is presented, and in Fig. 9(b), the case where the first 42 Zernike modes (i.e., up to the 8 th radial order) are corrected (that is, here, the best possible spatial correction). We remind that this error is by definition the sum of the individual temporal errors over all corrected modes. By construction the temporal error is therefore higher with larger number of modes. These results provide a tool for selecting the sampling frequency. For instance, it indicates that at 50 Hz, the temporal error should be under approximately 0.004 µm 2 for 80 % of the population when the first 42 Zernike modes are corrected, which corresponds to a Strehl ratio loss of 20 % at 833 nm. We can see that the temporal error drops rapidly until the sampling frequency reaches approximately 50 Hz to 70 Hz. A factor 2 to 3 in performance is gained when increasing the sampling frequency from 20 Hz to 50 Hz, while to gain another factor 2 in performance, the sampling frequency would have to be higher than 200 Hz.

At f s = 0 Hz, the dynamic SWFE of Table 1 (corresponding to the temporal fluctuations of the aberrations without any correction) were reported (cross symbols). We observe that below 20 Hz, the residual error is higher than these cross symbols corresponding to the level of dynamic aberrations without any correction. In other words, the loop tends to amplify the dynamic aberrations. This behavior is not surprising as frequencies at around f s /8 are slightly amplified with an integrator control for a 0.5 loop gain, and as we previously mentioned that for some modes (especially the most energetic ones, e.g., defocus), low frequency components sometimes stand out. One should probably consider using an LQG control law to reject these high-energy low-frequency components, which has been very successfully applied for high resolution imaging in astronomy [34,[START_REF] Artal | Contribution of the cornea and internal surfaces to the change of ocular aberrations with age[END_REF]. More generally, such an LQG approach could incorporate in the control strategy the specific spatio-temporal statistical structure of the eye aberrations.

Numerical application

Let us now illustrate how theses graphs may be used to select the parameters of an adaptive optics loop for ophthalmology. Usually, the specification is expressed in terms of Strehl Ratio. This translates into a residual SWFE that can be further divided between the different error contributors. Let us consider a target Strehl ratio of 65 % at 833 nm over 80 % of the population. This yields a residual SWFE of 7.6 × 10 -3 µm 2 .

We choose to split this residual SWFE equally between the temporal and fitting errors (we here neglect the other error terms of the AO error budget). Starting with the fitting error, Fig. 8 shows that in order to limit the fitting error to 3.8 × 10 -3 µm 2 over 80 % of the population, at least 18 Zernike modes are to be corrected (see indications given by grey straight lines). Then, considering 18 Zernike modes are corrected, Fig. 9(a) indicates the minimum sampling frequency that is to be chosen so as to limit the temporal error to 3.8 × 10 -3 µm 2 over 80 % of the population (see indications given by grey straight lines). It appears that to achieve the desired performance with an integrator control featuring a 2-frame delay and a loop gain of 0.5, the AO system has to run at 40 Hz at least. Recent publications indeed present AO systems with a rather high sampling frequency and also discuss its advantages, such as the AO floodillumination camera of Rha et al. [START_REF] López-Gil | Accommodation-related changes in monochromatic aberrations of the human eye as a function of age[END_REF] and Meimon et al. [START_REF] Salmon | Normal-eye Zernike coefficients and root-meansquare wavefront errors[END_REF] at 60 Hz and the AO scanning laser ophthalmoscopy of Yu et al. at 110 Hz [START_REF] Hofer | Dynamics of the eye's wave aberration[END_REF].

Conclusion

Whereas static aberrations are well documented [9], our knowledge on the dynamic aberrations spatial and temporal statistics is still incomplete. In this paper, we have presented the first large aberrometry campaign on dynamic ocular aberrations with both high temporal (custom-built Shack-Hartmann aberrometer running at 236 Hz) and spatial (22 lenslets across a 7 mm diameter pupil) resolution, conducted on a 50 healthy eye population. The statistical analyses were performed on 3.4 s sequences without blinks on a subgroup of 50 eyes.

After comparing the static aberrations of our population to the bibliography, we could accurately describe the spatial behavior of ocular aberrations up to the 8 th radial order. In particular, we confirmed the previously reported f -p power-law model for the temporal spectrum of ocular aberrations on a wider population and provided statistics of the p exponent for each mode : it amounts to 1.5 for defocus and ranges from 1.2 and 1.3 for other modes ; moreover, the power-law exponents computed do not vary greatly over the population (standard deviation is about 0.2). All the statistics we derived from the data, as well as information on age, gender, Lasik case, right-left eye of each subject, can be found in Data File 1 (supplementary data avail-able for the reader). A MATLAB code generating statistically relevant Zernike coefficient time series is available upon request, and the authors are open to sharing raw data supporting this study, and support for using it.

With this knowledge of the eye's typical spatial and temporal aberration statistics, it is possible to simulate the performance of any AO loop, and to use this database as a tool for designing future systems. The analysis presented in this paper therefore provides AO design guide-lines, via the quantification of the error budget terms as a function of its key design parameters (i.e.number of corrected modes, adaptive optics loop frame rate, wavefront sensing source power). Beyond recommending using a 50 Hz AO loop rate, we quantify how much is lost by decreasing the rate by a factor 2, and how much is gained by doubling it. This statistical model of the eye's aberrations could be incorporated in a Linear Quadratic Gaussian control scheme, implementing a predictive control specifically tailored for the eye.

A. Analysis of the photons emerging from the eye and collected on the WFS camera

A.1. Definitions

Let N ph i n c be the number of photons entering the eye from the WFS source. If the eye were a 100 % back-scattering Lambertian surface, the number of photons emerging from the eye would then be given by:

N 100 % ph = Ω 2π • T • N ph i n c (8) 
with Ω the solid angle subtended by the pupil from the point source formed on the retina by the WFS beam and T the double-pass transmission of the ocular media, which is here considered equal to 90 %. However, only a small part N tot ph = R tot •N 100 % ph of this ideal amount of photons actually emerges from the eye, the main portion of the incoming photons being transmitted or absorbed by the retina [START_REF] Leahy | Temporal dynamics and statistical characteristics of the microfluctuations of accommodation: dependence on the mean accommodative effort[END_REF][START_REF] Diaz-Santana | Benefit of higher closedloop bandwidths in ocular adaptive optics[END_REF]. Among these emerging photons, a fraction R dir (the directional reflectance) is singly-back-scattered and forms the point source on the retina used for wavefront sensing, and a fraction R bg is multiply-back-scattered and forms a diffuse background light patch on the retina:

N tot ph = R tot • N 100 % ph = R dir • N 100 % ph N d i r p h + R bg • N 100 % ph N bg p h (9) 
Unlike the directional photons N dir ph coming from the WFS beacon, the amount of background photons N bg ph coming from the diffuse light patch depends on the field of view S field considered for photometric assessments. Let us assume that S field is totally included in the diffuse light patch formed on the retina, which we consider as approximately uniform. Then, only a portion of R bg , proportional to S field , actually contributes to the photons detected on the WFS: (10) where S bg can be considered as the surface of the total diffuse light patch. The quantity ρ bg denotes the background reflectance per unit of retinal field.

N bg ph = S field • R bg S bg ρ bg •N 100 % ph
Therefore, the total amount of emerging photons collected by the WFS camera from a subaperture in a field of view S field is:

N WFS ph = τ bench • R dir + S field • ρ bg R t o t • Ω µ L 2π • T • N ph i n c (11) 
with τ bench the transmission of the system from the eye to the WFS camera, Ω µ L the solid angle subtended by the image of one subaperture at the pupil plane from the point source formed on the retina by the WFS beam.

A.2. Experimental assessment of retinal reflectance

Figure 10 presents a typical Shack-Hartmann wavefront sensor image. Experimentally, the total reflectance R tot was evaluated from the whole flux collected over the retinal field (set by the field stop in our set-up), and the directional reflectance R dir was derived from the flux within the SH spots after diffuse background subtraction (the latter was assessed on the edge of the subaperture images). This was done for each of the 50 eyes, and for each of the 808 WFS frames of the 3.4-second-long background-subtracted WFS sequences. The average total retinal reflectance assessed on a retinal field of 1.2°(set by the field stop in our experimental set-up) is R tot (1.2°) = 5.0 %±1.2 % (mean ± SD) over our 69-eye population. The average directional reflectance, evaluated from the flux within the SH spots, was R dir = 3.7 %±1.4 %. These values are very stable over time, with a temporal standard deviation of both total and directional reflectance, σ t (R tot ) and σ t (R dir ), worth 0.1 %±0.1 %.

It appears that retinal reflectance is rather uniform over our population, and constant over time. We conclude that the background reflectance per unit of retinal field ρ bg is around

1.3 × 10 -7 µm -2 : R tot (1.2°) = 5.0 % ; R dir = 3.7 % ; ρ bg = 1.3 × 10 -7 µm -2 (12) 
These values would correspond to a total retinal reflectance of 5.7 % on a retinal field of 1.5°(we remind that R tot = R dir + S field • ρ bg , see Eq. ( 11)), which is in line with the total reflectance of approximately 6 %, given by van de Kraats et al. relative to a 1.5°-field at our working wavelength [START_REF] Diaz-Santana | Benefit of higher closedloop bandwidths in ocular adaptive optics[END_REF].

4.2.
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Reading guide

Another important topic for the design of AO-systems concerns the understanding of the origin of wavefront temporal variation. Several studies have pointed fixational eye movements, tear film dynamics and micro-fluctuation of accommodation as the most important sources of the temporal variation of the ocular aberration. However, the relative contribution of each of these elements remains unknown or incompletely known, especially concerning fixational eye movements (see Sect. 1.3). Over a short range, these rotational ocular movements are seen, from the point of view of an AO-system, as a pupil motion and retinal motion.

The displacement of the pupil in front of the AO-system induces an effective translation of the eye pupil and its aberrations over the eye pupil plane. Although aberrations in the pupil plane are dominated by static aberrations, the translation of a quasi-static aberration map over the wavefront sensor results in apparent wavefront variability, i.e. changes to the estimated wavefront coefficients. The relative importance of this source of aberration dynamics, compared to the other contributors, raises a controversial issue: one one hand, Hofer et al. [START_REF] Hofer | Dynamics of the eye's wave aberration[END_REF] concluded that the measured fluctuation in the eye's wave aberration is not due to pupil translation; on the other hand, Arines et al. [START_REF] Arines | The contribution of the fixational eye movements to the variability of the measured ocular aberration[END_REF] and Sahin et al. [START_REF] Sahin | Adaptive optics with pupil tracking for high resolution retinal imaging[END_REF] pointed out pupil translation as an important cause of apparent wavefront variability.

This question is all the more relevant to the design of high-performance AO-systems: if dynamic aberrations are mostly due to pupil displacement, it would be worth to optically stabilize the pupil to correct for dynamic aberrations. Previous attempts to assess the contribution of fixational eye movements on healthy eyes were limited to three eyes at most. Moreover, the characterization of the temporal behavior of both ocular movements and aberrations were restricted to a low-temporal frequency: 25 Hz at most for aberrations, and 83 Hz at most for the eye movements.

In this section, to evaluate this controversial question, we made use of the high spatiotemporal resolution database of Zernike modes synchronized with pupil position time series, to compare the dynamic behavior of the first 21 Zernike modes with and without a digital pupil stabilization on a 3.4 s continuous sequence without blinks. This study was the subject of a scientific paper published in February 2018 on Biomedical Optics Express [144].

Once again, the reader should start by section 2 ("Methods"), where data processing and details on the pupil tracking set-up, coupled to the aberrometer introduced in the previous section, are described. In section 3, we present our findings of the real contribution of the eye motion over the ocular dynamic aberrations, proposing a consistent answer to the controversial question. Finally, in section 4, we discuss on the benefit of coupling a pupil tracker to correct for dynamic aberrations on AO-corrected ophthalmoscopes.

Introduction

Imaging the human retina at high-resolution has an important impact on early-stage retinal disease diagnosis and treatment as well as in monitoring the effects of new drugs and improving our understanding of the eye [1,2]. Such high-resolution retinal images can be obtained using Adaptive Optics (AO) systems [3]. Most AO systems involve two main steps: measuring low and high order ocular aberrations with a wavefront sensor (WFS), usually a Shack-Hartman (SH); and compensating for them with a corrector device, often a deformable mirror (DM), in order to achieve diffraction-limited imaging.

The eye presents aberrations which are not static but fluctuate over time [4,5]. Hence, the characterization and the understanding of these fluctuations are important in the design of AO systems, enable to correct them in real-time in a closed-loop configuration [5]. Several studies have been devoted to understanding the dynamics of ocular aberrations, as well as their origin. Fixational eye movements [6,7], tear film dynamics [8][9][10] and micro-fluctuations of accommodation [11,12] were identified as important sources of temporal variation of ocular aberration. However, the relative contribution of each of these elements remains unknown or incompletely known, especially concerning fixational eye movements, i.e.continuous and involuntary movements while the subject is looking at a fixation target. Fixational eye movements exhibit three main components [13]: 1) tremors, a wave-like motion of small amplitude (≈ diameter of a cone in the fovea) but high frequency (≈ 90 Hz); 2) drifts, slow movements (0.5deg/s) that carry the eye away from the fixation target (can move across dozens of photoreceptors) and 3) micro-saccades, fast (≈ 20ms in duration), jerk-like movements (10-100deg/s) to correct from drifts and from Troxler fading [14].

Over a short range, these rotational ocular movements are seen from the point of view of AO system as synchronous retinal motion and pupil motion. The displacement of the pupil in front of the AO system induces an effective translation of the eye pupil and its aberrations over the eye pupil plane. Although aberrations in the pupil plane are dominated by static aberrations, the translation of this quasi-static aberration map over the wavefront sensor results in apparent wavefront variability (i.e.changes to the estimated wavefront coefficients). The relative importance of this source of aberration dynamics (compared to e.g. tear film dynamics) raises a controversial issue: on one hand Hofer et al. [4] concluded that the measured fluctuation in the eye's wave aberration is not due to pupil translation; on the other hand, Arines et al. [6] point out pupil translation as an important cause of apparent wavefront variability.

Subsequently, Sahin et al. [7] also claimed that eye movements constitute an important component of the ocular wavefront dynamics. They proposed an AO system with a static WFS, but coupled to a pupil tracking system. The DM compensates for aberrations by shifting the static wavefront measurement according to the pupil displacement measurement. They report a satisfactory aberration correction on average over time (i.e. a good correction of static aberrations), but the fluctuation of the wavefront error is minimally reduced, or not at all. Moreover, they mostly looked at low-frequency aberration fluctuation.

More generally, previous attempts to assess the contribution of fixational eye movements to aberration dynamics on healthy eyes [4,6,7] are limited in population (three eyes at most) and in aberrometer speed (25 Hz at most) and pupil tracker speed (83 Hz at most). In this paper, we make use of a previously published [5] high-temporal resolution characterization of ocular aberrations (sampling frequency of 236 Hz), synchronised with pupil displacement (at 236 Hz) on a population of 50 healthy eyes, in order to compare the dynamic behavior of the first 21 Zernike modes with and without digital pupil stabilization on a 3.4s sequence between blinks. We then conclude on the link between eye motion and wavefront variability.We also discuss the benefit of coupling a pupil tracker to AO-corrected ophthalmoscopes.

Methods

The high-resolution aberrometer used to characterize ocular dynamic aberrations was a customdesigned Shack-Hartmann (SH) wavefront sensor (WFS) coupled with a pupil camera for pupil motion tracking. Figure 1 shows a diagram of the full system. This system is composed of four units: 1) Injection unit, responsible for creating an artificial source on the retina for wavefront sensing; 2) eye unit, where the real or artificial eye is examined; 3) reference unit, allowing the calibration of the system and the acquisition of SH reference spots; 4) analysis unit, where the back-scattered light from the eye is collected by the WFS and the pupil camera.

A collimated infrared beam (833 nm superluminescent diode (SLED)(EXALOS) with 50-nm spectral bandwidth) is focused on the retina after passing through focus correction ophthalmic lenses adjusted according to the subject's refraction. Specular reflections from the cornea are filtered out by an annular pupil stop placed in a pupil plane. The use of infrared light increases the amount of light reflected by the retina [16], and is safer and more comfortable for the subjects. The WFS beacon itself is used as fixation target as it is at infinity and as part of its spectrum is in the visible range. The light backscattered from the retina is divided onto a pupil camera, composed of a CCD camera (up to 478 Hz, 1 pixel = 78 µm at the pupil) conjugate with the eye's pupil plane; and a SH WFS composed by a 31x33 microlens array (conjugate with the eye's pupil plane) with a 320 µm spacing and an sCMOS (Scientific Complementary Metal-oxide-Semiconductor) camera (Pco.Edge), with a 14x14 array of 196 pixels allocated per microlens, placed in the focal plane of the microlens array, which records the SH images with a sampling frequency of 236 Hz (i.e. grabbing 236 images per second). Both cameras image a 10-mm field in the pupil plane, but typically 22 microlenses are illuminated, which corresponds to a 7-mm diameter pupil allowing ± 1.5 mm pupil displacements, which is sufficient once the subject is stabilized by the chin and forehead rest (more details about the setup can be found in [5,15]). Figure 2 shows the image map acquired from the SH WFS and pupil camera for a reference eye (i.e. an optical fiber source with pupil stop set at 7 mm).

A total of 50 healthy eyes, from 29 subjects, aged between 23-38 years old, of which 4 had undergone LASIK refractive surgery, were examined with the aberrometer. Subjects information such as age, spherical equivalent, cylindrical component J0 and J45 , pupil size and motion, and at a time t (a i (t, eye)) to the slopes of the subapertures at the same time (S(t, eye)):

S(t, eye) = M W F S (eye, P a ) • a i (t, eye) (1) 
By taking the pseudo inverse M W F S (eye, P a ) † , Zernike coefficients can be reconstructed [5] for both analysis pupils (with or without stabilization):

a i (t, eye) = M W F S (eye, P a ) † • S(t, eye) (2) 
For each 3.4-second-long sequence from the SH WFS, the Zernike decomposition (from 2 nd to 5 th order) of the wave aberration was computed with and without stabilization. In accordance with convention [20], we will refer to aberration modes with a radial order greater than or equal to 3 as high-order aberration (HOA). Static wavefront error ( 21 i=4 āi 2 ) was used to quantify the level of static aberrations.

Results

Figure 4 shows temporal series of horizontal (black line) and vertical (magenta line) pupil translation, and temporal series of the first seven Zernike coefficients, starting from defocus (a 4 ) for three different eyes, without pupil stabilization. Figures 4(a),(d) and (g) illustrate eye 13, a LASIK case, which presents a high wavefront error (WFE), a significant high-order aberration (HOA) WFE and a poor fixation in relation to the population studied. Figures 4(b), (e) and (h) show eye 16, the poorest fixation case, which presents a typical WFE. Finally, Figs.4(c), (f) and (i) present eye 31, a typical case of our population, i.e.both fixation eye movements and WFE do not exceed the average ± standard deviation of 50-eyes population studied. Information on eyes 13, 16 and 31, as well as the general population, can be found in table 1. Dashed lines highlight fast horizontal micro-saccade occurrences for eyes 13 and 31 and a large amplitude horizontal drift occurrence for eye 16. For all three eyes, we can identify horizontal tremors. Eye 13 presents a major correlation between pupil horizontal shift, in particular fast and large amplitude translation (micro-saccades) and Zernike coefficients a 5 (oblique astigmatism) and a 8 (horizontal coma), with a linear Pearson correlation coefficient r 5 = 0.91 and r 8 = 0.77 respectively. Eye 16 presents a major correlation between pupil horizontal shift, in particular slow and large amplitude translation (drifts) and the same Zernike coefficients a 5 (oblique astigmatism) and a 8 (horizontal coma), with a correlation coefficient r 5 = 0.93 and r 8 = 0.94 respectively. Finally, eye 31 presents a minor correlation between pupil shift and Zernike coefficients (correlation coefficient lower than 0.3). On the other hand, eye 31 presents a significant correlation between micro-saccade occurrences and Zernike coefficient a 5 . Although horizontal tremors are present in all cases, no correlation was found between them and dynamic aberration.

A strong correlation between motion and aberration does not necessarily mean causality, i.e.that aberration originates from pupil displacement at WFS, a third factor may be at the origin of both phenomena. In order to test the causality of pupil translation for dynamic aberration, we quantified the fluctuation over time of each Zernike mode across a 5-mm diameter pupil, with and without pupil stabilization, over our population.

First, we calculated the temporal standard deviation of the first 21 Zernike coefficients σ t (a i (t, eye)) (starting from defocus), with and without pupil stabilization. To study the general trend over the population we evaluated the average (± standard deviation) of σ t (a i (t, eye)) over the population. The results are displayed in Fig. 5. We see that two modes are slightly impacted by pupil translation compensation: oblique astigmatism (a 5 ), which presents an average value 12% lower when the pupil is digitally stabilized and a standard deviation (over the population) 35% lower; and horizontal coma (a 8 ), which presents an average value 16% lower and a standard deviation (over the population) 23% lower. Fig. 5. Distribution of the dynamic aberration over the population with and without pupil stabilization. Zernike coefficients from the 2 nd to the 5 th order over the population across a 5-mm diameter pupil. Silver and blue bars indicate average of σ t (a i (t, eye)) over the population, with and without pupil stabilization respectively. Blue and red error bars indicate plus and minus one standard deviation of σ t (a i (t, eye)) over the population, with and without pupil stabilization respectively.

Discussion

Dynamic aberrations, without pupil stabilization, can be decomposed into three main components, low, medium and high-frequency [5]. By considering a 3.4s long analysis sequence, for each eye of our 50 eye population, we were able to study medium and high-frequency fluctuations of each Zernike coefficient (evolutions at frequencies below 0.3 Hz are seen as static). These fluctuations could be due to tear film dynamics, eye motion (pupil translation) or lens fluctuation. By digitally stabilizing the pupil, we were able to study the impact of eye motion over medium and high-frequency fluctuation of the wavefront. Figure 4 illustrates a visible correlation between horizontal pupil translation and some Zernike coefficient fluctuations such as oblique astigmatism (a 5 ) and horizontal coma (a 8 ). The observed correlation is mainly highlighted for two fixational eye movements: fast (10-20ms duration) horizontal micro-saccades and large amplitude horizontal drifts. Tremor movements were weakly correlated to the fluctuation level of aberrations.

Thus, we can assume two possible scenarios regarding wavefront variation:

"moving aberration" assumption [21], where the dynamic aberrations are mainly due to the displacement of a static phase on the WFS. In this case, fluctuation of Zernike coefficients with time would be significantly decreased by stabilizing the pupil;

"turmoil aberration" assumption, where the contribution of eye motion to dynamic aberrations is negligible. In this case, fluctuation of Zernike coefficients with time will be unchanged after stabilizing the pupil.

As shown in figure 5, the "turmoil aberration" model is correct. Let us examine how this applies to each Zernike mode:

• as regards a 5 , a 12% decrease of the average σ t (a i (t, eye)) (over the population) is observed when stabilizing the pupil (cf. Fig. 5). However, a more precise analysis shows that this decrease actually occurs only for three specific eyes, two being Lasik cases (eyes 13 and 14, belonging to the same subject, with major high-order aberration WFE and poor fixation) and one (eye 16) with medium static aberrations and the poorest fixation of the population.

In other words, except for poor fixators with significant static aberrations, the "turmoil aberration" model holds;

• as regards a 8 , a 16% decrease of the average σ t (a i (t, eye)) (over the population) is observed when stabilizing the pupil (cf. Fig. 5). Unlike for a 5 , this limited but significant decrease is shared by most of the eyes in our population, suggesting an actual "moving aberration" component in a 8 dynamics. Indeed, we identified that a horizontal motion, in conjunction with the presence of spherical aberration, produces a fluctuation of a 8 (see Fig. 6). It turns out that average static spherical aberration measured on our population is slightly positive (a st at = 0.06µm ± 0.05µm), which was also observed by Salmon et al. [23]. We then conclude that a moderate part of a 8 dynamics is due to pupil motion;

• as regards any other mode, the fluctuation of Zernike coefficients with time is not decreased with pupil stabilization.

This, however, does not explain the severe changes in aberration distribution occurring at the exact same time as saccades. Although this specific topic is outside the scope of the present paper, such correlation could be explained by crystalline lens shape change after a shift in the line of sight, or lens wobbling, which have been shown to have a significant impact on high-order aberrations [12,24]. One limitation of the present study is that torsional eye rotations (inducing a pupil rotation) [25] were not taken into account in this study. However, a 3.4s time series should be sufficiently short to avoid significant torsional eye rotations [26]. Moreover, a monochromatic and point source fixation target is not ideal. Nonetheless the use of a "poor" fixation target, and the consequent possible increase in fixational eye movements, served to demonstrate the fact that fixational eye movement is a negligible source of dynamic aberration.

Finally, individual temporal series of the first Zernike coefficients (starting from defocus) with and without pupil digital stabilization are available upon request to the last author. Even if in some cases (such as poor fixators and eyes presenting a high static level of high order aberration WFE) a pupil stabilization may be beneficial, the corresponding reduction of the aberration fluctuation standard deviation is minor (1% in average, 30% at most for eye 16). Therefore pupil tracking in an Adaptive Optics Ophthalmoscope is not essential to achieve diffraction-limited resolution, but it can help to automatically detect the pupil and its boundary and avoiding missing spots in the SH WFS [27]. A far more effective way to correct dynamic aberration would be to increase sampling frequency up to 40 Hz with a loop gain of 0.5 [5]. Fig. 6. Effect of static spherical aberration and horizontal displacement on the other modes, derived from the linear expansion published in [20,22].

Conclusion

Using previously published data [5] of high-temporal resolution characterization of ocular aberrations (at a sampling frequency of 236Hz) synchronised with pupil displacement (at 236 Hz) on a population of 50 healthy eyes, we presented a comparison of the dynamic behavior of the first 21 Zernike modes, with and without digital pupil stabilization, on a 3.4s sequence between blinks. First, our results showed a major correlation between dynamic aberration and two fixational eye movements: fast horizontal micro-saccades and large amplitude horizontal drifts. In order to study the causality between both factors, we calculated the standard deviation over time of the first 21 Zernike modes with and without pupil stabilization and we compared them. In a "turmoil aberration" assumption, where the contribution of the eye motion to dynamic aberrations is negligible, the fluctuation of Zernike coefficient with time will be unchanged after stabilizing the pupil. We showed that for mode a 5 (oblique astigmatism), except for poor fixators with significant static aberrations, the "turmoil assumption" holds. In the case of a 8 (horizontal coma), a moderate part of its dynamic is due to pupil motion. Finally, for any other mode, the fluctuation of the Zernike coefficient with time is not decreased with pupil stabilization, showing that the contribution of fixational eye movement to dynamic aberration is negligible. Therefore we highlighted the fact that a pupil tracker coupled to an Adaptive Optics Ophthalmoscope is not essential to achieve diffraction-limited resolution in healthy undilated eyes.
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Conclusion

In this chapter, we provided a unique ocular aberration database enabling the characterization of the ocular aberrations on both high spatial and temporal resolution. Aberrations up to 60 Hz were measured, which is the double measured in previous studies [START_REF] Diaz-Santana | Benefit of higher closedloop bandwidths in ocular adaptive optics[END_REF][START_REF] Mira-Agudelo | Temporal dynamics of ocular aberrations: monocular vs binocular vision[END_REF]. Moreover, thanks to the pupil position database, acquired synchronously with the ocular aberrations, we could address the controversial question regarding the contribution of fixational eye movements on dynamic aberrations.

Furthermore, the 50-eye studied population made possible to come up with a statistical model for both characterization of ocular aberrations and understanding of the contribution of eye movements on ocular dynamic aberrations, reflecting the inter-subject variability, which is all the more vital when designing an AO-system for clinical imaging or therapeutic purposes.

We showed that for the studied population the dynamic aberration (temporal evolution greater than 0.3 Hz) contribution was weak compared to the static aberration. Nevertheless, the Strehl ratio of the dynamic aberration was 33% at worst, demonstrating that correcting ocular dynamic aberrations can reliably increase the AO-system performance, and enhance imaging performance for most of the subjects, especially those with retinal diseases. This is also crucial for demanding applications such as AO-assisted laser photocoagulation, where a high-resolved laser spot has to be delivered; otherwise, it could damage healthy adjacent retinal tissues.

The presented results suggested that eye tracking is not an optimal strategy to correct for dynamic aberration since fixational eye movements contribution on dynamic aberration can be considered as negligible. We showed that a better strategy is the increase of the AO-loop rate at 50 Hz, where a significant gain over the aberrations temporal error can be obtained.

The current study was based on residual phase variance analyzed on the system pupil plane. The same database can be used to extract information on the system focal plane, generating for each time point its equivalent 3D PSF.

Chapter 5

Study of the 3D PSF evolution within the eye

In previous Ch. 4, a study of ocular aberration temporal evolution and its primary sources was conducted. Using PARIS Zernike coefficients temporal series, we were able to perform an end-to-end AO-system performance simulator, based on the analysis of the residual phase variance. This simulation showed that a 50 Hz AO sampling frequency would be an optimal value to increase the AO performance, taking into account not only the static but also the ocular dynamic aberrations. In this study the AO-system performance was evaluated through both residual phase variance and the Strehl ratio, which is defined as the ratio of the maximum intensity from the AO-corrected lateral point spread function (PSF), which presents residual aberrations, and the maximum intensity from the diffraction-limited lateral PSF of the system. However, such analysis is limited to one single focal plane (the best focus plane), and may not be directly linked to the AO-system axial performance. Another way to study ocular dynamic aberrations, taking into account all focal planes, is to convert residual phase at the pupil plane into a 3D PSF at the focal plane. Using the Zernike modes database and the end-to-end simulation of an AO close-loop, both introduced in the previous chapter, the AO-corrected 3D PSF for each time point and each eye, from the studied population, can be extracted. This conversion will enable to generate an unprecedented database of the temporal behavior of a 3D PSF in the retina (without taking into account the scattering effects). This database can help to understand how the axial resolution of an AO-corrected imaging system evolves temporally due to dynamic aberrations, and it would allow studying the main sources of axial performance degradation. Besides, this novel database would enable the evaluation of the axial confinement of a laser in the retina, a fundamental analysis regarding a therapeutic application.

This chapter is divided into three sections: Section 5.1 introduces the problematic of the axial performance regarding the high-resolution retinal imaging and therapy. Section 5.2 presents the evaluation of the influence of ocular dynamic aberrations on AO-corrected axial PSF, for various AO-loop rates, in the same frameworks as it was done for residual phase variance. Finally, Sect. 5.3 introduces a study of the main sources of axial performance degradation.

3D PSF within the eye

For a perfect eye, i.e. without any aberrations, the expected performance would be a 3D PSF at the diffraction limit. As mentioned in Ch. 1.1 the entrance pupil of the eye can be considered as approximately circular, leading to an Airy pattern 3D PSF. The lateral and axial PSFs, followed by their intensity profiles, are shown in Figs. 5.1 and 5.2 respectively. standard deviation at 10 Hz, 50 Hz and 120 Hz are respectively : 1.14±0.25r z , 0.45±0.16r z and 0.2±0.1r z , where r z is the theoretical axial resolution at the diffraction limit. An AO-loop rate at 120 Hz seems a good solution to maximize the number of occurrences of the axial resolution at the diffraction limit. However, at this frequency, the signalto-noise ratio (SNR) will be an important issue to wavefront sensing and imaging at the same time since increasing the AO-loop rate means decreasing the WFS exposure time. Consequently, a new trade-off has to be found to have sufficient photons for wavefront sensing. Increasing the WFS source power will provoke a drastically reduction of SNR for imaging, as the total power entering the eye is limited by the ocular safety limits, established by the standards [145]. This SNR reduction on imaging affects the image quality and, if the therapy is image-guided, the therapy efficiency. To conclude on an optimal AOloop rate to compensate from ocular aberrations (static + dynamic), taking into account the axial performance, the average ± standard deviation, over the population, of the temporal mean axial resolution (described in Fig. 5.7) as a function of the AO-loop rate was studied and the results are presented in Fig. 5.8.

At 10 Hz, the average axial resolution value of the studied population is 1.1 r z , meaning an average 10% axial resolution loss over the population. Moreover, the population standard deviation reaches 0.17 r z , meaning a critical variation of the impact of dynamic aberration in the studied population. An enhancement of factor 5 and 3, for the average and the standard deviation values respectively, can be achieved, compared to the diffraction limit, by going from an AO-loop rate of 10 Hz to 50 Hz. This enhancement is less pronounced when comparing an AO-loop rate at 50 Hz to 120 Hz (factor 2). As we said, an AO-loop rate at 120 Hz may present a significant SNR drawback for imaging and its gain compared to an AO-loop rate at 50 Hz is not very significant. Therefore, following the conclusion of Ch. 4, a 50 Hz AO-loop rate is an optimal sampling frequency to compensate dynamic aberrations, achieving lateral and axial performance close to the diffraction limit. Moreover, a good SNR can be obtained for both wavefront sensing and imaging. 

Impact of micro-saccades on axial resolution

As previously mentioned, axial resolution degradation is linked to fast and energetic temporal aberration changes not seeing by the AO-control system. In Sect. 4.2, we saw that these temporal changes can be correlated with fast and large eye motion such as microsaccades. In this section, the impact of micro-saccades occurrences on the axial resolution is investigated.

As we saw in Ch. 4, the PARIS ocular aberration database was acquired synchronized with eye pupil tracking. By identifying micro-saccades occurrences from this data and analyzing the axial resolution at this specific time, we should be able to conclude on the impact of micro-saccades on the axial resolution. A micro-saccade is an eye movement faster than 5.5 • /s [7], which is approximately 1.67 mm/s. Its duration varies between 10 ms to 20 ms [7]. Pupil tracking was done at 240 Hz sampling frequency with a precision of 2 µm root mean square (RMS). Therefore, in our conditions, we can identify micro-saccade occurrences. The threshold used to micro-saccade identification is a difference of consecutive pupil displacements of 7 µm (equivalent to 1.67 mm/s). From now on, we refer to the difference of consecutive pupil displacements as pupil speed. Figure 5.9 (a) presents the pupil displacement temporal series for the eye 31 followed by its axial resolution temporal series (b) at 50 Hz AO-loop rate.

Three horizontal micro-saccades are identified by the green dashed lines. The three of them are correlated to the three axial resolution loss occurrences (see the green dashed lines). We can also observe that the axial resolution loss is extended even after the duration of the micro-saccade, due to the AO-control strategy (2-frame delay and a gain of 0.5). This effect explains the fact that a higher AO-loop rate will have less axial resolution loss occurrences, as the AO-control system can fast correct for this energetic aberration change after the micro-saccade occurrence. Then, in our study, it is also essential to take into account this extended effect of micro-saccades on the axial resolution. As the duration of a micro-saccade is at maximum 20 ms and considering that our AO system, at 50 Hz, needs two interactions to compensate for this event (40 ms), we fixate that once This result shows that the lateral resolution, at the best focal plane (represented by the SR), could be linked to the axial resolution. However, both parameters present a correlation of only 0.4. Figure 5.12 shows the SR as a function of the axial resolution and help us to understand this weak correlation. One can see two regimes, for a strong and a weak SRs (separated by the blue dashed line). On the one hand, a strong SR (> 0.5) means an axial resolution close to the diffraction limit (loss < 20% -separated by the red dashed line). On the other hand, a weak SR does not necessarily mean an axial resolution degradation. This information will play an important role in Ch. 11, where we will be interested in detecting the very beginning of a micro-saccade occurrence. For a closer look on individual data, Appendix A presents individual eye temporal series information, such as pupil displacement, pupil speed, residual Zernike coefficients from a 5 to a 11 , Strehl ratio, axial resolution and 3D PSF axial movement due to defocus. Vertical dashed lines identify micro-saccade occurrences.

Conclusion

The PARIS 50-eyes Zernike coefficients database enabled the creation of an unprecedented "3D PSF in the eye" simulator, containing its evolution over time. The axial resolution, which is defined based on the PSF axial profile, was proposed as reliable criterion to evaluate the AO-system axial performance in the eye, enabling, for example, the evaluation of the axial resolution of an imaging system or the laser confinement in the retina in the case of a laser photocoagulation system, without considering the scattering effects.

The influence of the ocular aberration on the 3D PSF, with and without AO correction, was studied, demonstrating that the axial resolution is even more sensitive to ocular aberrations (static + dynamic) than the lateral resolution. By studying the AO-corrected axial resolution temporal evolution, the previously proposed optimal AO-control strategy, consisting of an integrator controller, with 2-frame delay, a gain of 0.5 and an AO-loop rate at 50 Hz, demonstrated be optimal not only in one given plane (lateral AO performance) but for all planes (axial AO performance). At this AO-loop rate, an axial resolution close to the diffraction limit (degradation < 20%) is possible for 98,4% of the time (or at 100% of the time for 90% of the population). Besides, micro-saccadic eye movements were pointed out as the main source of axial performance degradation, being responsible for almost 50% of the axial resolution degradation occurrences.

Chapter 6

Correction for aberrations with a high-loop rate Adaptive Optics Flood-Illumination Ophthalmoscope Previous Chs. 4 and 5 provided relevant experimental data from ocular dynamic aberrations and movements, enabling fine-tuning of an AO Ophthalmoscope system. At the end of the J. Jarosz thesis, she used this prior knowledge to design and build an AO Flood Illumination Ophthalmoscope (FIO) platform for high-resolution retinal imaging. When my Ph.D. started, the bench was mostly built, but no closed-loop AO-corrected retinal images were acquired.

Together with my colleagues Elena Gofas-Salas (Ph.D. candidate), Cyril Petit (Senior Research Engineer), and my Ph.D. director, Serge Meimon; we worked on the optimization of the AO-FIO platform at several levels: alignment, ergonomy, illumination, detection, AO real-time controller (RTC) strategy and speed (to achieve an AO closed-loop rate of 50 Hz), photometry budget (to increase the number of photons detected by the imaging camera and the wavefront sensor, respecting the eye safety standards [145]), imaging session protocols, imaging processing (to obtain high contrasted and sharp images from different retinal layers, exploring the platform high-resolution capability), and image performance analysis. Different retinal features from healthy and pathological subjects were imaged by this platform, highlighting its high-level imaging performance capacity.

The goal of this chapter is to introduce to the AO-FIO platform design and performance, based on eye motion and dynamic aberrations experimental analysis, highlighting the benefits brought by the optimized AO-system design regarding the projection of highresolved features in the retina, e.g. a point source, i.e. correction in the way into the retina; and the imaging performance, i.e. correction in the way out of the retina (Sect. 6.1). In addition, this chapter introduces a discussion about the inherent limitations of an AO-FIO system and points out the main challenges of an AO-FIO system to achieve a full 4D exploration of the retina in real-time, i.e. the capacity to image the retina volume and its temporal evolution, e.g. generating retinal vascular network contrast maps [START_REF] Chui | The use of forward scatter to improve retinal vascular imaging with an adaptive optics scanning laser ophthalmoscope[END_REF] (Sect. 6.2).

Article : High loop rate Adaptive Optics Flood Illumination

Ophthalmoscope with structured illumination capability -an Applied Optics publication

Reading guide

The first AO-corrected retinal images were obtained in 1997 [32] using an AO-FIO recording en-face images with a camera. This seminal work gave rise to several similar systems, Chapter 6. Correction for aberrations with a high-loop rate Adaptive Optics Flood-Illumination Ophthalmoscope leading to Imagine Eyes' launch of its commercial version of AO-FIO (RTX1 [START_REF] Viard | Imaging microscopic structures in pathological retinas using a flood-illumination adaptive optics retinal camera in[END_REF]) based on the most popular technology at the time. Since then, AO-FIO has been replaced by AO scanning laser ophthalmoscope (SLO) [START_REF] Roorda | Adaptive optics scanning laser ophthalmoscopy[END_REF], due to improved optical sectioning and resolution. Evolutions proposed in the scanning microscopy field (dark-field imaging, multiphotonic imaging, fiber optics components) have consequently been translated to ophthalmology on AO-SLO setups.

On the other hand, only a few research teams developed custom-made AO-FIO systems (see Sect. 2.4), and most of the published AO-FIO results are obtained with a commercial system. Although AO-FIO holds inherent advantages for clinical application of distortionless, wide field-of-view and high-speed imaging compared to the AO-SLO systems (see Sect. 2.2 for a complete comparison), it has not evolved significantly nor found inspiration in breakthroughs from AO-SLO or full-field microscopy variants. Moreover, increasing the AO-loop rate, which has been shown to bring image quality enhancement in a scanning ophthalmoscope [START_REF] Yu | High-speed adaptive optics for imaging of the living human eye[END_REF], has never been tried in AO-FIO, even though we have evidence that increasing the AO-loop rate from conventionally used 10 Hz to 50 Hz is highly beneficial.

This section describes the design and performance of a high loop rate AO-FIO platform, highlighting the benefits brought by the AO-control strategy (defined in the previous chapter) regarding two applications of interest: 1) the projection of a point source, which is equivalent of an AO-corrected laser impact in the retina for therapeutic purposes, showing the 3D confinement potential of an AO-assisted laser photocoagulation system; 2) the high-resolution retinal imaging, where we show that the image quality is enhanced with a higher loop rate, and 5.4 • × 2.7 • images can be acquired at 200 Hz without distortion. This work gave rise to a scientific paper published in July 2018 on Applied Optics [146].

The reader should start by section 2 ("Methods"), where the AO-FIO platform design (2.A. and 2.B.) and the imaging processing adopted to enhance the image contrast for different retinal features (2.D. and 2.E.) are introduced. Next, the platform performance regarding the wavefront control (3.A.), the projection of high resolution features into the retina (3.B.), and the imaging performance (3.C.) are presented. Section 3.D. shows images from various zones of the retina, to highlight our capacity to image different retinal features, even those which are hypo-reflective. Finally, a discussion is introduced opening up the prospect of a return to favor of AO-FIO systems over AO-SLO systems, particularly given the AO-FIO inherent advantages, which is all the more crucial when considering a clinical application either for retinal imaging or therapy. AO-FIO, even though we have evidence that getting the AO loop rate from 10 to 50 Hz is highly beneficial [14]. We present here details on an original AO-FIO platform featuring an AO loop rate reaching 50-70 Hz (depending on the configuration) and able to project AO-corrected illumination patterns in the retina.

METHODS

The system consists of two optical subsystems: the wavefront (WF) sensing and control subsystem and the illumination and detection subsystem (see Fig. 1), which are detailed hereafter.

A. Wavefront Sensing and Control

The wavefront sensing and control subsystem comprises three light sources, a wavefront sensor (WFS), and a deformable mirror (DM). The system is operated via a real-time controller (RTC).

Wavefront sensing is performed using a custom-built Hartmann-Shack sensor consisting of a 30 × 30 microlens array. Relay optics conjugate the focal plane of the microlenses onto a complementary metal oxide semiconductor (CMOS) camera (PCO.Edge 4.2, Germany), where 14 × 14 pixels are allocated to each lenslet [15]. The microlens array pitch corresponds to 381 μm in the eye pupil plane.

Wavefront correction is performed by a magnetic deformable mirror (ALPAO, France) with 97 actuators. A diaphragm limits the pupil size to a 10 mm diameter, corresponding to 5 mm in the eye pupil plane.

A fibered super luminescent diode (SLD) (Omicron, Germany) with a nominal center wavelength of 750 nm can be connected to three fiber mounts on the bench, corresponding to a reference source, on which reference wavefront sensor slopes are recorded; a calibration source, used to acquire the interaction matrix between the deformable mirror actuator voltages and the wavefront sensor slope measurements; and a wavefront sensing beacon source, used to project a point source beacon on the retina. The size of the beacon at the eye pupil is 4.5 mm, with a 3 mm central obscuration to prevent stray light. The wavefront-sensing beacon source is positioned upstream of the deformable mirror so that it benefits from adaptive optics correction. This layout also enables us to use the image of the wavefront sensor beacon as an in situ point spread function measurement. This point spread function is not the same as the imaging one because the pupil size is not the same (4.5 mm with a 3 mm central obscuration, whereas in the imaging pathway the pupil is set by the deformable mirror to a 5 mm diameter at the eye) but still allows a real-time assessment of the adaptive optics loop performance.

A custom-built RTC comprising core libraries written in IDL (Interactive Data Language, Exelis Visual Information Solutions, Inc., Boulder, Colorado) within a LabVIEW (National Instruments, Texas) framework controls the adaptive optics. This solution enables us to tune control parameters and wavefront sensing methods with an interpreted coding language while enabling up to 70 Hz loop rate without jitter. Control law is an integrator with a 0.5 gain (ensuring a 45°s tability margin [16]), assuming a two-frame delay (see chronogram in Fig. 2).

B. Illumination and Detection

The retinal imaging source is a collimated SLD (Omicron, Germany) with a central wavelength of 860 nm (∕ -50 nm). The 2 mm diameter fiber tip of the illumination source is conjugated to the retina, resulting in a 3.6°diameter illumination field of view. The illumination beam passes through the deformable mirror before reaching the eye. This aberration compensation on the forward path enables projection of high spatial frequency illumination patterns such as fringes onto the retina.

This light is then backscattered by the retina toward a fast scientific CMOS camera (retinal imaging camera in Fig. 1). The camera is an ORCA flash4-V2 (Hamamatsu, Japan), enabling 2048 × 1024 pixel frame acquisition at 200 Hz, corresponding to more than 1.5m m× 0.75 mm field-of-view (approximately 5.4°×2.7°). The magnification between the camera and the retina is such that each 6.5 μm pixel corresponds to 0.73 μm in the retina.

The camera is mounted on a motorized stage (Thorlabs, Germany). By moving the stage, we can focus on various layers of the retina.

C. Subjects

Acquisitions on three healthy subjects (two men, SM, MP; one woman, EG), have been performed on the AO-FIO. Every participant followed institutional guidelines and adhered to the tenets of the declaration of Helsinki. Informed consent was obtained from subjects after the natural and possible outcomes of the study were explained. Subjects were seated in front of the FIO and stabilized with a chin and forehead rest. They were asked to stare at the fixation target, which is an image of a blue crosshair with a moving dot, enabling us to guide the subject's line of sight and explore various areas of the retina. Image acquisition sessions were performed in standard conditions with neither pupil dilation nor cycloplegia, in a dark room, leading to the largest accessible natural pupil dilation. The total light energy entering the eye from the illumination source and the WFS source are, respectively, under 400 and 2.8 μW, which is less than half the power stipulated by the ocular safety limits established by ISO standards for group 1 devices.

D. Real-Time Processing During Acquisition

During acquisition, a custom-made real-time image-processing software is used to display retinal images with enhanced contrast. Each raw image is corrected for uneven background illumination, as brightness falls off toward the edges of the illumination patch. This correction was performed by subtracting a low-pass filtered version of each image to the raw image, where the low-pass image is obtained by a mean filter (kernel of 50 pixels) [17]. Following uneven illumination correction, histogram stretching is realized to enhance image contrast by saturating the 0.1% brightest and darkest pixels. Raw images are recorded without any preprocessing to allow accurate off-line processing, as described below.

E. Off-Line Image Processing

A flow diagram of our retinal image processing sequence is shown in Fig. 3. Following the acquisition, each raw image was corrected for uneven background illumination, as described above. The image quality of AO-corrected image sequences varies over time, especially before and during blinks and during fast and large fixational eye movements such as micro-saccades [18]. The spatial variance was used as a reliable image quality metric to select the best images of the sequence [17]. The final selected images were registered using a pairwise maximum likelihood subpixel approach [19]. We generated an average image on which we perform a histogram stretching to enhance contrast. For some cases, to improve the optical sectioning, we also performed deconvolution [20].

RESULTS

A. Wavefront Control Internal Performance

The overall system performance can be assessed and optimized thanks to the calibration source (see Fig. 1). In this configuration, the wavefront sensor beacon source is switched off, and the calibration source, simulating an unresolved point source on the retina, is switched on. In this scenario, only the aberrations introduced by the optics themselves are seen and corrected by the AO loop. This calibration source thus allows us to estimate the ultimate performance of the AO loop, i.e., without external aberrations. This parameter is usually called internal performance. The internal performance is evaluated by two criteria: point spread function (from which the Strehl ratio can be derived) and rejection transfer function (from which a correction cutoff frequency can be derived).

The resulting point spread function (PSF) is observed on the imaging camera with the adaptive optics loop closed on the calibration source. In this configuration, the pupil is limited by the deformable mirror diaphragm (5 mm diameter at the eye pupil plane). The typical internal PSF on the calibration source with AO correction is displayed in Fig. 4. A Strehl ratio can then be derived from the PSF [21]. We have evaluated a Strehl ratio superior to 90%, demonstrating an excellent correction of the static aberrations, including noncommon path aberrations.

To evaluate the temporal performance of the AO loop, we consider the AO loop rejection transfer function, which describes how different temporal frequencies of the aberrations are attenuated by the AO loop. Assuming a high signal-to-noise ratio on the calibration source, the rejection transfer function is the ratio between the residual phase aberrations temporal power spectrum density Sφ res and the input phase aberrations temporal power spectrum density Sφ: RTF Sφ res ∕Sφ:

(1)

A standard way to measure this rejection transfer function is to inject known aberrations using the deformable mirror itself to introduce perturbations. A pink noise with a power spectrum density following an f -1 law is generated and applied to each actuator of the deformable mirror (this type of colored noise avoids applying too much energy at high temporal frequencies that could degrade the deformable mirror). Wavefront measurements are recorded with the adaptive optics loop off (i.e., with input phase aberrations) and then with the adaptive optics loop on (i.e., with residual phase aberrations). For each slope measurement, a residual transfer function is obtained. These residual transfer functions are averaged to obtain one overall rejection transfer function, which is shown in Fig. 5. This experimental rejection transfer function is compared with the theoretical one, assuming a two-frame delay and a 0.5 gain (which is the actual setting used during the acquisition). The good match demonstrates that no additional delay or jitter was present during the acquisition and that the temporal performance of the loop is as expected. It has to be noted that, even with a fast adaptive optics loop (60 Hz in this case) and with a high gain (0.5), the loop cutoff frequency, i.e., the highest corrected temporal frequency (associated with 0 dB value), is approximately 4 Hz.

B. Projection of High-Resolution Features onto the Retina

Projecting high-resolution features onto the retina is required to benefit from the improved resolution and optical sectioning yielded by structured illumination microscopy. In our setup, the illumination source is placed upstream of the deformable mirror, thus benefiting from AO-correction on the way into the retina.

To assess the capability to project image high-resolution features in the retina, we first project a point source pattern using the wavefront sensor beacon, with and without forward aberration compensation by the AO loop, in a real eye (see Fig. 6). A better confinement of the laser beacon is noted with an AO correction, although multiply-scattered light makes a reliable size assessment difficult.

We next used a modified field stop on the imaging source, corresponding to an illumination pattern made of two half moons (i.e., a circular field diaphragm, with a cylindrical mask placed vertically in its center). Figure 7 presents the averaged image from a video sequence of the large illumination patch on a phantom eye (OCULAR Model OEMI-7, presenting 3.5 diopters myopia) with and without AO-correction. With AO-correction (on the right), the edges of the illumination patch can be easily identified. On the other hand, without AO-correction (on the left), the field diaphragm is almost imperceptible, and no edges can be identified.

C. Imaging Performance

A standard way to assess retinal imaging performance is to observe the densely packed mosaic of photoreceptors. In order to illustrate the various steps in retinal image processing (see Fig. 3) and to emphasize the gain of using a 50 Hz AO-loop correction, Fig. 8 presents images of the same cone mosaic and the associated power spectral density with increasing quality: single raw image with a 10 Hz AO-loop correction (a), (b); montaged images (made from 160 short exposure images) with uneven background correction with a 10 Hz AO-loop correction (c), (d); and with a 50 Hz AO-loop correction (e), (f ). This last image is then deconvolved to obtain the mosaic presented in (g), (h). At each step, we can observe in the power spectral density (PSD) maps that the typical Yellott's ring [22] becomes more highly contrasted at each step.

Further analysis can be done by plotting the radial average of the power spectral density from each of these images [Fig. 8(i)]. The black dashed line highlights the typical photoreceptor spatial frequency peak for this region (4°temporal), around 100 cycles/mm. It is possible to distinguish the photoreceptor spatial frequency peak in the raw image PSD (black line), but it is still dominated by noise. The signal-to-noise ratio at this frequency is dramatically improved by averaging 160 registered images (which represent 0.8 s image acquisition) and by correcting uneven background illumination (magenta and green lines). A clear signal-to-noise-ratio gain at the photoreceptors' spatial frequency peak is witnessed between a 10 Hz (magenta) and 50 Hz AO-loop correction (green). The frequency content of the averaged images almost reaches the diffraction limit, i.e., the optical cutoff frequency of the system at 323 cycles/mm (blue dashed line), allowing an effective deconvolution yielding an improved image contrast.

D. Imaging Various Zones in the Retina

This AO-FIO system is able to resolve microscopic features, as shown previously. In this section, we illustrate the image quality yielded by the resolution and contrast of the instrument on various zones of the retina.

Figure 9 shows representative images of retinal vessels, ranging from 3 μm capillaries to 80 μm arteries. The resolution performance and the wide accessible field of view achieved by our platform are particularly suited to image the retinal vascular network, from small vessel structures-vessel walls [see red arrowheads in Figs. 9(a . Such distortionless images of the retinal nerve fiber layer could be valuable to understand and recognize early cases of glaucoma [23]. These images also reveal how nerve fibers and vessels are intertwined: Some vessels are embedded in the nerve fiber layer [yellow arrowhead in Fig. 9(b) and red arrowhead in Fig. 9(d)], and others are partially sitting on top of the fiber layer [red arrowhead in Fig. 9(b) and yellow arrowhead in Fig. 9(d)].

The combination of a large field of view and distortionless and high spatial resolution with the high temporal resolution of the system allows the visualization of large vessel deformations. An example is presented in Visualization 1 corresponding to the image sequence from which Fig. 10 has been averaged (the blur on the vessel bend is actually due to its motion during the sequence). In this video, we observe a 50 μm diameter vessel, curved with a large bend radius, undergoing a horizontal deformation with the cardiac pulse.

Finally, a high-resolution image sequence of the lamina cribrosa was acquired resulting in the average image in Fig. 11. We are able to resolve collagen fibers from various layers of the mesh-like structure (the yellow arrowhead shows a fiber inside a pore of the lamina cribrosa) and capillaries irrigating the lamina cribrosa (red arrowheads indicate a vessel crossing the laminar mesh). Blood flow in the capillaries is visible in the video sequence (see Visualization 2, the video corresponding to Fig. 11).

DISCUSSION

This paper shows the capabilities of a high-performance adaptive optics loop coupled to a flood illumination retinal imager. Imperfect knowledge of the system (e.g., interaction matrix miscalibration, real-time computer jitter, deformable mirror oscillations) can be accommodated by the use of a smaller gain but at the price of a reduced temporal bandwidth correction.

The experimental adaptive optics rejection transfer function shown in Section 3.A proves that our loop is stable at 60 Hz (with two-frame delay, without jitter) with 0.5 loop gain, which is the maximum gain to ensure usual stability margins.

The benefit of a fast AO loop (50 Hz compared with 10 Hz) is demonstrated in Fig. 8. The spectral content of the images reaches the 2.3 μm diffraction limit (optical cutoff frequency) and the signal-to-noise of photoreceptors' spatial frequency is improved by a factor of 4 at 50 Hz compared with 10 Hz. Vessel wall structures, capillaries, and lamina cribrosa fibrinogen mesh are revealed on 3°×2°video sequences acquired at 200 Hz. This high spatial resolution capability at a high frame rate over a large field of view is undoubtedly underutilized in the retinal imaging community (apart from the commercial apparatus by imagine eyes), probably to an imperfect correction of the aberrations. To our knowledge, flood illumination systems have only been used with slower adaptive optics loops (typically 10 Hz) and lower gains. Also, the importance of a correct conjugation of the eye pupil with the deformable mirror, a key aspect for anisoplanatism mitigation, is probably underestimated.

This is all the more important seeing that flood illumination modality has lower optical sectioning than the scanning laser ophthalmoscope. The only way to beat the photon noise entailed by defocused layers is to have high contrast features at medium to high spatial frequencies. The signal-to-noise ratio at these spatial frequencies is directly linked to adaptive optics performance. More generally, a flood illumination point spread function is the square root of the confocal scanning laser ophthalmoscope point spread function [24], making aberrations all the more detrimental and a proper adaptive optics correction all the more critical.

The results presented here suggest many investigations to be pursued via our adaptive optics flood illumination ophthalmoscope. For instance, we demonstrate in [25] that a fast adaptive optics loop enables better capacity to separate layers in a flood illumination ophthalmoscope. The wide-field 200 Hz imaging capability could be an extremely valuable tool to assess red blood cell trajectories in vessels from small capillaries to large arteries or veins. Angiography at 593 nm in AO-FIO has been performed by Bedggood and Metha [26], but the capability to obtain similar results at a wavelength that is comfortable for the patient and is neutral in terms of visual stimulation (e.g., the 860 nm imaging wavelength used in the present paper) would be an asset for neurovascular coupling studies in the human eye. The dynamic study of vessel deformation under the systolic wave from video sequences such as in Visualization 1 could be used for local vascular elasticity assessment. Blood flow in capillaries at the surface of the lamina cribrosa (see Visualization 2) as well as distortionless nerve fiber layer high-contrast images could be used in glaucoma early management. Last but not least, the double-pass correction of aberrations enables us to project high spatial frequency patterns onto the retina. This paves the way toward structured illumination ophthalmoscopy, a technique that could reach AO-SLO optical sectioning and resolution with an AO-FIO setup.

The resolution performance achieved by our setup, thanks to careful control of AO parameters, opens up the prospect of a return to favor of flood illumination adaptive optics systems, particularly in view of their inherent advantages over scanning systems of distortionless, high-speed imaging. 

The AO-FIO main challenges to a 4D exploration of the retina

Thanks to the optimization of the AO-control strategy based on the developed knowledge of ocular aberrations and movements from previous chapters, an imaging performance close to the diffraction-limit for all three-dimensions can be ensured. This conviction helps us to understand and analyze other performance limitations inherent to the AO-FIO system, and point the main challenges or ideas to achieve a full 4D exploration of the retina in real-time, i.e. being able to image the retina volume and its temporal evolution with such imaging technique.

Live monitoring and interpretation of retinal images:

To avoid image artifacts due to eye motion during acquisition, a short exposure time, from the imaging camera, is desired. As the eye safety standards limit the number of photons sent to the eye, the imaging camera short exposure time will produce images with a low SNR [see Fig. 8 (a)]. During imaging sessions, the user only has these low-quality images available, which will be the source of two drawbacks: first, retinal image analysis and interpretation can only be done after time-expensive post-processing. Second, axially positioning the imaging plane at the retinal focal plane of interest can be an exhaustive and low-efficient task, as the user only has the low-quality displayed images to judge if the retinal layer of interest is well focused or not. This chapter proposed a first solution for this problem by correcting the uneven background illumination for each image and displaying them at 200 Hz. Indeed, the uneven background illumination is one of the main sources of the image contrast loss, and by displaying these images at 200 Hz, our eye naturally attenuates noise, as the human eye temporal resolution is about 20 Hz [147]. Although this technique solution works fine for photoreceptor imaging, it is not sufficient to image other retinal layers of interest for early diagnosis and for monitoring retinal diseases progression, as they back-scatters less light into the imaging camera.

Real-time 2D stabilization of the retina:

The constant and involuntary eye movements, even during fixation, presents a real challenge to 3D imaging and therapy, as a good fixation is needed. It is known that patients suffering from retinal diseases or poor vision present a poor fixation [15]. Because our objective is related to clinics, tracking the retinal translation movements in a large field-ofview with micrometer precision, brought by high-resolution AO-corrected retinal images [15], seems the more important to be able to image a specific region of interest. Moreover, this is all the more crucial for targeting a therapeutic laser in the retina, independently of the patient fixation capacity, since current state-of-the-art laser photocoagulation systems have an eye tracking precision of approximately 100 µm [6], which is not enough to treat macular edema without any risk.

Real-time axial stabilization of the retina:

The AO system is composed of a WFS source, corrector, and detector. The last one is sensitive to where the WFS source is being backscattered. When retinal features presenting irregular topography are imaged, such as the optic disc or the retina from a patient suffering from macular edema, the system focal plane will evolve temporally, as the AO-system will see this topography variation as a defocus aberration and it will command the WFS corrector to compensate for it. Moreover, as the retina is a complex volume composed of hypo-and hyper-reflective layers, a lateral movement can induce a focal change. Indeed, at the typical WFS source wavelength, three retinal features are hyper-reflective and each Chapter 6. Correction for aberrations with a high-loop rate Adaptive Optics Flood-Illumination Ophthalmoscope of them is positioned in different layers: photoreceptors, vessels, and nerve fibers. Furthermore, defocus dynamics induced by the lens accommodation and micro-fluctuation dynamics can also induce an axial displacement of the system focal plane, even if the subject had their accommodation paralyzed by eye drops. Up to now, neither an appropriate system nor method was proposed to overcome this problem, which seems all the most crucial for clinical imaging and therapy.

Optical sectioning:

The AO-FIO system is known to not have any optical sectioning capability [START_REF] Roorda | Adaptive optics scanning laser ophthalmoscopy[END_REF], i.e. it is not able to block backscattered light arriving from retinal layers outside of the plane of interest. By collecting all backscattered photons from in-focus and out-of-focus layers, uneven background illumination is generated in the image, decreasing the image contrast considerably.

Enhanced axial resolution:

We saw in Chs. 4 and 5 that an AO-loop rate at 50 Hz would be enough to compensate for dynamic ocular aberration and achieve a 3D PSF close to the diffraction limit. In this chapter, we saw that an AO-loop rate at 50 Hz increases the SNR for the photoreceptors typical spatial frequency, compared to 10 Hz (see Fig. 8). However, no study was conducted to evaluate the effective improvement of the axial resolution of the system with a higher AO-loop rate, since no appropriate method exists to access the axial resolution of an incoherent imaging system such as the AO-FIO.

Axially positioning the imaging focal plane or the therapeutic laser in the retina:

The position of the imaging focal plane of the current state-of-the-art incoherent AOcorrected ophthalmoscopes is based on the user image interpretation and judgment, leading, most of the time, to out-of-focus image acquisition. Figure 9(c) shows some capillaries, which are hypo-reflective at the imaging wavelength. Imaging them, only based on image interpretation during the imaging session, is an exhaustive task, mainly for an AO-FIO system which has no optical sectioning capability. To date, no other tool is available to guide the user to axially position the image focal plane at the retinal layer of interest. Besides, current state-of-the-art laser photocoagulation systems do not allow for focus adjustment and positioning axially the laser spot in the retina [141].

Retinal tomographic information:

Works from D. Miller group [148-150], using an AO-OCT, showed that A-scan can be used to finely position the system focal plane and obtain images from hypo-reflective layers, such as ganglion cells and retinal pigment epithelium. However, this method is susceptible to axial eye movements, and long imaging sessions have to be planned to image a specific hypo-reflective retinal layer. For the others AO-corrected ophthalmoscopes, such as confocal or nonconfocal scanning laser ophthalmoscopes (SLO) or flood-illumination ophthalmoscopes (FIO), the method used by Miller's group is not possible, as it needs an interferometry set-up. From now, no method can provide tomographic information of the retina without an interferometry set-up, guiding the axial positioning of the imaging focal plane at the retinal volume.

Angiography maps, for retinal vascular imaging:

In this chapter, we saw videos generated by the AO-FIO platform enabling to track and identify blood flow (see Visualization 1). Using this temporal information to extract an angiography map is a known non-invasive technique for AO-SLO systems called contrast map. From now, such technique is not yet applied using a near-infrared imaging wavelength and in a high-resolution wide-field of view image. This is also relevant to identify early stages from retinal diseases or to follow vascular diseases evolution, such as macular edema and microaneurysms (see Sect. 2.4).

Conclusion

In Chs. 4 and 5, a study on ocular dynamic aberration and its impact on AO-system performance, in all three dimensions, was conducted. The acquired knowledge helped the design of an AO-system able to achieve a diffraction limit 3D performance, minimizing the ocular aberration temporal evolution. In this chapter, we showed that an improved image signal-to-noise ratio can be obtained when using an AO-loop rate at 50 Hz compared to 10 Hz. Moreover, we showed that high-spatial features can be projected in the retina, demonstrating that the platform can pre-compensate the aberrated wavefront before its propagation on the ocular media and before reaching the retina, being suitable for enhancing the 3D confinement of a therapeutic laser in the case of an AO-assisted laser photocoagulation system. The acquired expertise on imaging acquisition, processing, and analysis, as well as our understanding on the inherent limitations of the AO-FIO system, helped us to list the main challenges and new ideas to achieve a high-resolution 4D exploration of the retina in realtime, i.e. the potential to image the retina volume and its temporal evolution. This is why, in the following chapters, this platform will be used as a pathfinder to study and propose novel methods to overcome the described challenges and limitations (listed from 1 to 8). Challenges and limitations 1, 2 and 3 will be covered in Ch. 7; 4, 5, 6 and 7 in Ch. 8, and finally, Ch. 9 will cover the last point.

Chapter 7

Compensating for retinal motion in real-time One of the main challenges of real-time AO-corrected retinal imaging is the eye movement control. As the eye is constantly in motion, even during fixation, motion artifacts such as image blur and image distortion can be generated during image acquisition when using respectively an AO-FIO and an AO-SLO. Indeed, distortionless images can be essential to study the dynamic of the blood flow and vessels deformation, two potentials biomarkers of early diseases diagnostics. While for an AO-SLO the generated image distortion is inherent to the system, a way to avoid image blur in AO-FIO images is by reducing the camera exposure time. An exposure time of 5 ms is appropriate to obtain distortionless images from the retina [START_REF] Lu | High-speed adaptive optics line scan confocal retinal imaging for human eye[END_REF]. However, short exposure time will limit the number of photons collected by the imaging camera, as the incoming photons are fixed by the eye safety standards, reducing the signal-to-noise ratio and consequently decreasing the image contrast.

Moreover, another factor which decreases AO-FIO image contrast is the leak of optical sectioning capability, i.e. photons back-scattered from in-focus and out-of-focus planes, as well as multiple-scattered photons, are collected by the imaging camera, generating images dominated by low-spatial frequency content, reflected by the appearance of an uneven illumination background.

We saw in the previous chapter that the image contrast and signal-to-noise ratio could be enhanced by averaging several images after registration. A high contrast image is vital for physicians, as it enables retinal feature monitoring, interpretation, and analysis. Nevertheless, current registration algorithms applied for the AO-FIO images are timeconsuming, owing to the wide field-of-view, the spatially non-homogeneous illumination, which varies in time and the low signal-to-noise ratio raw-images, making conventional fast registration methods likely to fail.

A method able to estimate eye movements in real-time, with a precision of the same order of magnitude as photoreceptors (i.e. micrometers), would not only enable the image contrast enhancement by image registration and averaging in real-time, but it could also be used to analogically stabilize retinal movements in real-time, i.e. an eye tracker. A realtime eye tracker with micrometer precision would allow targeting a specific region of the retina for imaging or therapeutic purposes, which is all the more critical in the case of patients with poor vision, as fixational eye movements can be amplified [15]. For this reason, the objective of this chapter is to develop a novel eye motion estimation method, based on AO-corrected retinal images, with micrometer precision, presenting a real-time performance, i.e. computation time lower than 5 ms (imaging camera exposure time).

This chapter starts with an introduction of the problematic of retinal movement estimation using images generated by an AO-FIO system, and of the most precise registration method (sub-pixel precision <0.01 µm rms) used on AO-FIO images, which is time consuming (Sect. 7.1). Secondly, based on this registration method, a modified eye motion estimation strategy to achieve real-time performance at the cost of precision is proposed (Sect. 7.2). This modified method enables understanding the intrinsic limitations of an AO-FIO image shift estimation, helping the development of a novel eye motion estimation method, enhancing not only the precision but also the temporal performance (Sect. 7.3). Finally, the last section presents a discussion on new applications of a real-time high-resolution eye motion estimation method, such as the realization of a real-time image registration and average procedure, for contrast enhancement during monitoring, and the design and realization of a real-time closed-loop 3D optical stabilization of eye movements (Sect. 7.4).

Estimating eye movements using an AO-FIO

The problem of eye motion estimation using an AO-FIO We used the AO-FIO previously presented in Sect. 6 to introduce to some typical characteristics of images acquired with this system. . It highlights the fact that the number of photons collected by the camera, and converted to analog to digital unit (ADU), decreases as we move towards the edges of the image. During acquisition, the illumination patch is fixed while the retina is constantly in motion, making conventional cross-correlation registration methods likely to fail. Indeed, this effect produces a low-spatial frequency content in the image, which is seen as a static object component, thus biasing the displacement estimation when using conventional methods. For the photoreceptor spatial frequency, the SNR is lower than 3.5, which is quite low. This low SNR is also perceptible in Fig. 7.1 (a), since the photoreceptors mosaic can be barely seen. In our case, we are mainly sensitive to the photon noise, which obeys a Poisson statistics, i.e. depends on the number of photons detected. Since the AO-FIO images are impacted by an uneven background illumination, the noise level decreases towards the edges of the image. However, if we consider a central region from the image (512 × 512 pixels in our case), we can approximate the noise as homogeneous white Gaussian. framework the maximum a posteriori criterion to be minimized, linked to the analytical expression of the flux factor α j , can be written as [START_REF] Blanco | Imagerie rétinienne in vivo plein champ : vers une restauration tridimensionnelle <http[END_REF]:

Low signal-to-noise ratio (SNR):

Temporal evolution of the overall intensity of the illumination:

J(r, [x j , y j ], α) = [ ∑ k,l w j i j ] 2 - [∑ k,l (w j i j t)(k, l) × r(k -x j , l -y j )] 2 ∑ k,l (w j t 2 )(k, l) × r 2 (k -x j , l -y j ) + ∑ k,l w r |r -r 0 | 2 (7.2)
With w and r 0 being noise regulators. The implementation of the image stack registration starts with two initial guesses. First, the uneven background illumination is estimated by averaging the whole stack, filtering-out the high-spatial frequency content of the image, as the retina is constantly in motion, only leaving the uneven background illumination. Second, the reference image is manually chosen (the one presenting the highest contrast), and it is divided by the uneven background illumination (r 0 ). Then, for each algorithm iteration, the image shift is computed by minimizing the criterion described at Eq. 7.2, followed by the reference image computation. To my knowledge, this method is the most precise applied for AO-corrected retinal images, presenting a precision around 0.01 µm rms. Therefore, from now on, this method will be considered as ground truth and denominated as the reference method.

Despite its high precision, the method is very time-consuming, mainly due to its complexity and the number of pixels involved. Its temporal performance is far from a real-time performance, i.e. computation time lower than the frame rate (200 Hz in our case). Moreover, the method to estimate the uneven background illumination is also unsuitable for a real-time application. As the primary objective of this chapter is to develop a real-time eye motion estimation method, with precision around 1 µm, we will first try to modify this algorithm to improve temporal performance at the cost of precision.

A modified eye motion estimation algorithm for real-time performance

To study new solutions to achieve real-time performance, retinal images were acquired using the AO-FIO from Ch. 6. The acquisition was made at 200 Hz, 5 ms exposure time, with an AO-loop rate at 50 Hz in a 5 mm pupil diameter (limited by the system). The imaging was done at λ = 850 nm, and the subject had her pupil dilated, and her accommodation paralyzed. A total of 15 images stacks were acquired, each one composed of 1024 × 1024 pixels (2.7 • x2.7 • in the retina) 1000 images, which corresponds to 5 s of acquisition. Images were acquired at five different retinal eccentricities, and for each one of them at different retinal focal planes. The focal planes were denominated as photoreceptor layer (PRL), outer plexiform layer (OPL) and vessel layer (VL). All images were submitted to the reference method registration procedure. Figure 7.2 shows the averaged image and estimated retinal displacements for three different retinal focal planes at the same location, after being submitted to the reference registration method. From now on, we will refer to these three image stacks as the "studied cases". During micro-saccades (indicated by yellow stars) the algorithm tends to fail, as the current image is blurred. Except for micro-saccade occurrences, which are very rare, this method can reliably and robustly estimate the retinal displacement for different focal planes in the retina.

The reference method temporal performance can be increased by simply decreasing the number of pixels and the field-of-view. As we saw in Fig. 7.2, apart from micro-saccade occurrences, all temporal points stayed within a range of ± 180 µm from the reference position. Then, a field-of-view of 2.7 • x2.7 • (752 × 752 µm 2 ) can be reduced by a factor 2. The equivalent size of the imaging camera pixel in the retina is 0.74 µm, which is oversampled for most of the retina eccentricities since cone photoreceptors have a typical size Table 7.1 summarizes all the modifications applied to the reference method to achieve real-time performance. From now on, we will address this method as real-time maximum a posteriori (RTMAP) method.

Reference method

Modified method Field-of-view 752 × 752 µm To evaluate the precision of the RTMAP method, the studied images stacks from Fig. 7.2 were used. The temporal performance for one interaction went from 5 s to 1.7 ms at the same machine. The root mean square error was calculated using previously estimated shifts from the reference method [x re f j , y re f j ] by the following means:

RMSE = 1 N -1 N ∑ j=1 (er j -er j ) 2 (7.6)
Where er j = [x re f jx j , y re f jy j ] is the error between the shifts estimated by the reference method and [x j , y j ] which is the estimated shifts using the modified real-time method. N is the number of images, and x indicates the temporal mean value. The RMSE values reported here were calculated for all frames except at micro-saccade and frame-out occurrences (large amplitude shift, leading to a no matching between the current image and the implying a temporal low-cost product operation. This solution may have a positive impact on our method, as Cor2 (normalization correlation term) will be no longer necessary. Thus, filtering-out low-and-mid frequencies will decrease the number of FFT operations, increase the estimation precision, simplifying our problem in a cross-correlation between the filtered reference image and the filtered current image. We will address to this method as high-pass filtered images cross-correlation (HPFICC).

Regarding the temporal performance, while the real-time loop will be unchanged, the off-line computation, i.e. the reference image FFT computation and filtering, will be faster, enabling refreshing the reference in real-time whenever necessary. To compare the precision of the HPFICC method, regarding the previously presented method, the same three image stacks were used, and shifts were estimated. The error between the shifts estimated by the reference and the HPFICC method was calculated.

Figure 7.7 (a),(b) and (c) show the cross-correlation map, and its intensity profile, between the reference image (first image from the stack) and the same image in Fig. 7.5. One can see that almost no low-and-mid spatial frequency can be found, showing that the low-and-mid spatial filtering plays an important role "cleaning" the correlation map from unwanted information. Red dashed line indicates the zone where the correlation profile is plotted. The FWHM extracted from the parabolic fit is presented. Compared to the RTMAP method, the FWHMs were enhanced by a factor of 1.05, 1.23 and 1.21 for PRL, OPL, and VL cases respectively.

The precision enhancement is also confirmed looking at the error histograms in Fig. (d), (e) and (f), where the RMSE ranged from 0.43 µm to 1.00 µm. PRL case presents a RMSE of [0.43,0.45] µm for both directions.

The results from the case illustrating the RTMAP method drawback is now analyzed with the HPFICC method in Fig. 7.8. No correlation between the eye estimated horizontal position (a) and the estimation error (b) is spotted. Indeed, Figs. 7.8 (c) and (d) highlights the fact that the eye motion estimation is no longer influenced by any low-and-mid spatial frequency at both beginning and end of a drift since correlation map profile is always symmetric.

To study the HPFICC method robustness and precision in a large sample, all the 15 image stacks presented in Sect. 7.1 had their shifts estimated. The estimation efficiency was evaluated excluding the frames during micro-saccades (MS), frame-outs and estimation cases having an error exceeding 20 µm (denominated Failed Frames). From the successful estimations, the RMSE was computed for both horizontal and vertical movements. Table 7.2 presents the result for each image stack. The nomenclature adopted to name each retinal location was the following : the first number indicates the retinal eccentricity from the acquired image, followed by one or two letters indicating the position in the retina (T = temporal, N = nasal, S = superior, I = inferior), finally the two final numbers indicate the retinal layer imaged (1 = PRL, 2 = OPL and 3 = VL). For example, the second retinal location, at Tab. 7.2, is 5TI02, indicating an image stack acquired at 5 Results of the HPFICC method over 15 images stacks. The estimation efficiency was evaluated excluding the frames during micro-saccades (MS), frame-outs and estimation cases having an error exceeding 20 µm (denominated Failed Frames). From the successful estimations, the RMSE was computed for both horizontal (x) and vertical (y) movements. The nomenclature adopted to name each retinal location was the following : first number indicate the retinal eccentricity from the acquired image, followed by one or two letters indicating the position in the retina (T = temporal, N = nasal, S = superior, I = inferior), finally the two final numbers indicate the retinal layer imaged (1 = PRL, 2 = OPL and 3 = VL).

Although their system seems very promising, and, to my knowledge, it is the most accurate and robust (85% of efficiency) eye tracker with real-time performance, it has some limitations intrinsic to the AO-SLO imaging system, such as image distortion within individual frames and small field-of-view. Indeed, the real-time performance is only obtained for a 1.33 • x 0.042 • field-of-view, limiting the vertical stabilization amplitude of their system. Although the vertical eye movements are considered weak for healthy subjects compared to the horizontal movement [26], it might not be the case for patients with a retinal disease or poor vision, which will be potentially the main users of such an imaging system. Furthermore, only data collected from the photoreceptor layer were used, which is the most contrasted retinal layer in a reflective based retinal imaging system at near-infrared.

The AO-FIO imaging system has a high potential to overcome this two gaps. As we saw in Ch. 6, the acquired images are distortion-free, and large field-of-view images can be obtained with fast sCMOS cameras. Moreover, 5.4 • × 2.7 • images can be acquired at 200 Hz, which is the optimal stabilization loop rate to correct eye motion [26]. Our first real-time and subjects in front of it. Challenges such as automatic reference frame selection and real-time "error-proofing", to handle frame-out, blinks, micro-saccades and "Fail Frames" occurrences will be the subject of Ch. 11.

Stabilizing the eye motion with a micrometer precision can play an essential role in vision research, for example, to study the neuro-vascular coupling, which may be possible by stimulating photoreceptor and monitoring vessels behavior. Moreover, in clinics, compensating for patients poor fixation will help physicians to monitor diseases evolution or to interpret new biomarkers for early diseases diagnostics, or even guide therapeutic laser during laser surgery (we are going to do further analysis for this case in Ch. 10). After implementing the eye tracking hardware, Yang et al. proposed to use the already calculated residual image displacement to register the images in real-time. No other correlation is required for this task. In his case, by doing such operation, it will enhance the image registration precision, as the image distortion artifacts can be minimized, improving the image contrast for live monitoring and post-processing analysis. Although the AO-FIO produces distortionless images, it can also benefit from a real-time digital registration in parallel to the eye tracking.

Increasing the displayed image contrast by shifting and averaging images in real-time

In our case, doing real-time image registration can considerably improve the image contrast during monitoring and imaging session. Indeed, raw-images acquired using an AO-FIO, with an exposure time of 5 ms, have a low SNR. Although we already highlighted the importance to acquire retinal images at high rates (200 Hz in our case) and with short exposure time, there is no need to display them at 200 Hz during acquisition, as the human eye temporal resolution is around 20 Hz [147]. To enhance SNR for live monitoring, and beat the photon noise, which prevents us to visualize some low contrasted retinal features, we could use the already computed residual shift to register images in real-time and average a group of consecutive images enhancing the displayed image contrast. We will call this procedure real-time image shift and add.

Moreover, one of the main difficulties during image acquisition is positioning the system imaging plane at the retinal focal plane of interest. In fact, it is hard to be sure that the image stack was acquired at the right retinal depth by displaying raw-images with the uneven illumination background and poor SNR. This lack of visual reference may result in defocused and low-contrasted images, which will be hard to interpret and analyze afterward as it may lead to post-processing drawbacks (precision loss for image registration for example) [152]. Displaying high-contrasted and "noise-free" images using a shift and add procedure at 20 Hz (in parallel to optical stabilization or not) will give this visual reference to the users and images from the retinal focal plane of interest can be efficiently targeted before the acquisition. Moreover, some low-contrasted retinal features, such as capillaries in an AO-FIO, will be visible during acquisition procedure.

To evaluate the impact and the potential of such procedure, Fig. 7.11 shows the radial average PSD from photoreceptor mosaic image after image shift and add for 5, 10 and 15 consecutive images compared to the raw image. The blue-dashed line highlights the typical photoreceptor spatial frequency peak for this retinal eccentricity. While for the rawimage the photoreceptor spatial frequency peak and the high-spatial frequency content are dominated by noise, the frequency content of 10 averaged images almost reach diffraction limit, i.e. the optical cut-off frequency of the system at 323 cycles/mm (red-dashed line).

To realize the real-time image "shift and add" procedure, four steps are needed:

1. Image shift estimation at sub-pixel precision;

7.4. Towards a real-time 3D optical stabilization of the retina 129 limitation of AO-FIO images, not allowing a real-time performance (in our case, a computation time lower than 5 ms).

To achieve real-time performance, keeping micrometer precision, a novel method was proposed, based on the cross-correlation of two AO-FIO images after filtering out their low-and-mid spatial frequencies, compensating for the uneven background illumination and the illumination temporal evolution, which simplifies the problem. The method was named high-pass filter image cross-correlation (HPFICC). Moreover, to achieve real-time performance, we proposed an optimal image field-of-view based on the study of the eye movements during fixation [26]. With this temporal performance, a precision lower than a micrometer was obtained over more than 98% of the studied images, when imaging the photoreceptor layer. No particular integrated circuits, such as field-programmable gate array (FPGA) or graphics processing units (GPU), were used to achieve real-time performance, meaning that computation time can be yet improved.

Retinal displacement estimation in real-time opens new horizons for novel applications using the AO-FIO. An end-to-end simulation of a closed-loop optical stabilization system demonstrated that an eye tracker with a micrometer precision and high efficiency (95.8%) can be implemented in AO-FIO systems, which is more precise and robust than the current state-of-the-art eye tracker based on AO-SLO system. Furthermore, a method using the calculated image shifts to register and average consecutive images in real-time was introduced, a procedure named "Shift and Add". Such images could be displayed at 20 Hz, considerably improving the user experience during image acquisition since highly contrasted and noise-free images would be used to monitor and localize retinal features. Finally, this chapter showed that by stabilizing the lateral position of the wavefront sensor source a full 3D stabilization of the retina is possible.

Up to now, we showed that a real-time 3D control of the ocular perturbations, i.e. aberrations and movements, can be achieved using an AO-FIO system. The control of both ocular perturbations paves the way for the development of novel methods for a highresolution exploration of the retina volume and dynamic using an AO-FIO.

Chapter 8

Development of a novel imaging tool for 3D exploration of the retina

To be able to explore the retina volume using Adaptive Optics (AO) ophthalmoscopes and imaging a retinal layer of interest, it is important to control the position of the image focal plane. When using current AO ophthalmoscopes, operators will position the image focal plane by merely visualizing the en-face image displayed during the imaging and judging if the image is sharp or not. This criterion is not ideal as it lacks precision, and it is not sufficient to image most of the retinal layers, especially those which are hyporeflective. Although the confocal AO-SLO has an optical sectioning capability, displayed images during imaging session are affected by distortion and, for hypo-reflective layers, poor contrast. Moreover, for the AO-SLO in its dark-field modality, the displayed images present a low SNR and contrast. In the same way, as we saw in Sect. 7.1, the AO-FIO images present a low SNR and a weak contrast due to the uneven background illumination. To overcome the lack of precision to position the imaging focal plane in the retina, operators usually acquire several image stacks around the retinal layer of interest, for different focal planes. Then, after a heavy image processing, they will select the best image stack by a visual criterion. This comes with a substantial temporal cost for the three main imaging procedures: 1/ imaging session; 2/ image processing, as several image stacks have to be processed, and sophisticated algorithms have to be used to overcome the poor image quality; 3/ image analysis, as the operator has to choose the best image based on a visual criterion.

To reduce the time spent on image analysis, Alonso-Carneiro et al.

[152] proposed a focus metric in AO-FIO images to analyzed if the registered averaged image (after image processing) was defocused or not, and automatically select the best image stack for further analysis and interpretation. Unfortunately, the focal metric proposed were only studied for images acquired close to the photoreceptor layer and without the presence of vessels on the image field-of-view. Besides, the images analyzed were acquired using the AO-FIO commercial system RTX1 [START_REF] Viard | Imaging microscopic structures in pathological retinas using a flood-illumination adaptive optics retinal camera in[END_REF], which is not optimized to achieve an axial performance close to the diffraction limit (the AO-loop rate is at 10 Hz, with a low loop gain).

Ideally, to finely position the image focal plane, an OCT imaging system would be the right tool, since its high axial resolution could be used to finely position the focal plane. However, the OCT is an instrument which is not sensitive to defocus (e.g. a change of accomodation is barely seen by the OCT), and it cannot give the axial position during acquisition. D. Miller's group proposed a solution for this drawback, by coupling an OCT to an AO-SLO, in what they called an AO-OCT. They demonstrated that an OCT A-scan, i.e. a retinal axial profile, can be used to position the imaging system focal plane in the retinal layer of interest. They were able to image most of the retinal layers, even hypo-reflective layers, such as ganglion cells [150] and retinal pigment epithelium [149]. Although their technique is quite impressive, long imaging sessions are still necessary to acquire a sufficient number of images, to increase the image contrast after averaging. This step is necessary since the SNR of a raw-image is very low, and the system is highly sensitive axial eye movements.

To increase our capacity to axially position the imaging focal plane at the retinal layer of interest, it would be preferable to capture a high-quality image in the first instance close to the diffraction limit. In Chs. 4 and 5, we saw that a 50 Hz AO-loop rate would be optimal to obtain a 3D resolution close to the diffraction limit, thanks to the compensation of dynamic aberrations. In Ch. 6, we noted that a factor 4 SNR improvement is obtained from an averaged image acquired at 50 Hz AO-loop rate compared to 10 Hz, showing that a 3D resolution close to the diffraction-limit increases the image SNR. In Sect. 7.3, we saw that AO-corrected high-resolution images can be used to estimate, in real-time, the eye movements in a micrometer precision. Moreover, we saw that the estimated eye motion can be used to register and average consecutive images, in real-time, improving the displayed image contrast during imaging sessions. Finally, in Ch. 6, one can notice that the PARIS AO-FIO high-quality images, even without an intrinsic optical sectioning capability, can generate images from different retinal layers (see Fig. 7.2). From these images, it is possible to distinguish different retinal structures and features, specifics to a retinal layer, meaning that the spatial frequency content varies axially.

The objective of this chapter is to explore this spatial frequency variation on highquality en-face images from different retinal layers, in order to generate retinal axial profiles, similar to OCT A-scans, and tomographic retinal cross-sections, similar to OCT Bscans, with a defocus sensitivity and free of axial eye movements, thus, enabling the control of the axial position of the imaging focal plane with a low-temporal cost.

To do so, Sect. 8.1, introduces an image quality metric which enables the evaluation of the axial resolution enhancement of an AO-FIO system brought by a high-speed AOloop, to the extent that we can display data from the AO-FIO en-face images in a tomographic retinal cross-section resembling OCT. Section 8.2 presents a comparison between the tomographic retinal cross-section obtained with the proposed technique, called Optical Incoherence Tomography (OIT) and the one obtained with OCT, considered here as a "ground truth". Section 8.3 shows the potential of the OIT to achieve a real-time temporal performance. Finally, Sects. 8.4 and 8.4 discuss the possible applications and perspectives of such technique for imaging purposes.

Article: Enhancing axial resolution in nonconfocal Adaptive

Optics Ophthalmoscopes to extract retinal tomographic information: a Biomedical Optics Express publication

Reading guide

While OCT and confocal AO-SLO image systems can easily assess its axial resolution potential, by, respectively, evaluating tomographic retinal cross-section generated by an interferometer approach, and by evaluating the in-focus back-scattered intensity, since it benefits from optical sectioning; the same cannot be done in nonconfocal ophthalmoscopes, especially for incoherent based imaging systems, such as the AO-FIO. This section proposes a technique enabling the evaluation of the axial resolution of a nonconfocal AO-corrected ophthalmoscope, based on the high-spatial frequency energy of en-face retinal images acquired for various focal planes, to the extent that the axial resolution enhancement brought by an AO-loop rate at 50 Hz compared to an AO-loop rate at

Article: Enhancing axial resolution in nonconfocal Adaptive Optics

Ophthalmoscopes to extract retinal tomographic information: a Biomedical Optics Express publication 133 10 Hz is experimentally demonstrated. Moreover, this section shows that it is possible to display data from the AO-FIO en-face images in a tomographic retinal cross-section mimicking OCT. This work gave rise to a scientific paper submitted in July 2018 to Biomedical Optics Express.

At this time, the reader should start by the first section ("Introduction"). Section 2 presents the AO-FIO setup (already introduced in Ch.6 -you may skip), study subjects, imaging acquisition and processing steps. Next, Sect. 3 shows the results concerning the validation of the high-spatial frequency energy as an image quality metric, the axial resolution enhancement due to a high-speed AO-loop, and the technique to generate tomographic retinal cross-section from multi-focal AO-FIO en-face images. Finally, Sect. 4 introduces a discussion about the axial resolution temporal dynamics (similar discussion as the one presented in Ch. 5) and the digital optical sectioning capability achieved after filtering low-and-mid spatial frequency content from AO-FIO en-face images.

Introduction

High-resolution imaging of the retina can be achieved using adaptive optics (AO) ophthalmoscopy which corrects wavefront aberrations introduced by the human eye in real-time [1]. Such highresolution images have an important impact on early-stage retinal disease diagnosis, detection of disease progression and follow-up of therapeutic efficacy at a cellular level [2].

Although the first AO-corrected retinal images were obtained using Flood-Illumination Ophthalmoscopy (AO-FIO) [3], AO Scanning Laser Ophthalmoscopy (AO-SLO) has become progressively the most popular choice in research devices mainly thanks to the use of a confocal pinhole, which has three main effects: higher image contrast, better 3D resolution, and optical sectioning [4]. The confocal pinhole is optically conjugated to the retinal structure of interest and is placed close to the detector, blocking scattered light arriving from retinal layers outside of the layer of interest. However, the confocal technique collects directly backscattered light, and cannot visualize more weakly scattering retinal structures, such as retinal ganglion cells, or structures masked by a more strongly scattering structure nearby, such as retinal pigment epithelium (RPE) and microvasculature, which are usually masked by strongly backscattered light from photoreceptors, vasculature, and the retinal nerve fiber layer (NFL) [1].

By using techniques which block directly backscattered light (e.g. dark-field [5,6], splitdetector [7] imaging) or favor multiply scattered components (e.g. offset aperture [8,9], large pinhole [9], multi-offset [10]), nonconfocal AO-SLO has enabled imaging of retinal structures that were previously poorly visualized, or not visualized at all, such as perfusion in microvasculature, vessel walls, erythrocytes [9], ganglion cells [10] and RPE [6]. The study of these retinal structures has shown their importance to the understanding of diseases such as diabetic retinopathy [11], age-related macular degeneration [12], and Stargardt's disease [13]. Compared to the confocal AO-SLO, the nonconfocal AO-SLO setups present a significantly lower signal-to-noise ratio (SNR), as collected photons are mostly multiply scattered photons. Moreover, in some nonconfocal modalities, a loss of optical sectioning occurs as out-of-focus light from other structures can also generate multiply scattering light which reaches the detector [9,14]. These losses combine to reduce the image contrast leading to an image quality similar to AO-FIO images, which is notorious for its poor axial resolution and lack of optical sectioning [4], despite its inherent advantages over scanning systems of distortionless, wide-field and high-speed imaging.

To overcome these limitations, software solutions have been proposed to either measure final averaged image quality and select the best images [15,16] or to remove the residual uncorrected wavefront aberrations, improving the lack of confocality [17][18][19]. Nevertheless, these procedures are time-consuming and it would be preferable to capture a high-quality image in the first instance, rather than manipulating a poor one.

Image quality from AO-SLO and AO-FIO can significantly fluctuate over the duration of the acquisition. This fluctuation is mainly linked to the temporal dynamics of ocular aberrations, mostly due to tear film dynamics and lens fluctuations [20], which are amplified in patients compared to healthy eyes [21]. To compensate for dynamic aberrations and achieve a better image contrast, Yu et al. implemented a confocal AO-SLO with an increased AO-loop rate [22]. In a dynamic aberration study in 50 eyes, using a high spatiotemporal resolution aberrometer, Jarosz et al. showed that an increase in the AO-loop rate from 10Hz to 50 Hz, in nonconfocal ophthalmoscopes, would be beneficial to the image quality [23]. Finally, we recently showed that a factor 4 SNR improvement, at the photoreceptor spatial frequency, is obtained with a 50Hz AO-loop rate, compared to 10Hz, using an AO-FIO [24]. Although these studies pointed out the benefits of a high-speed AO-loop rate for the image quality enhancement linked to an improvement in lateral resolution, none of them studied its benefit for the axial resolution. In fact, the axial resolution degradation, due to the presence of aberrations, has been identified in several previous studies [14] as a cause of image contrast and SNR loss. However, none of these studies took into account the influence of dynamic aberrations and no appropriate image metric was used to quantify the axial resolution enhancement for different AO-loop rates. Moreover, while confocal ophthalmoscopes and optical coherence tomography (OCT) [25] can easily assess axial resolution, the same cannot be done in nonconfocal ophthalmoscopes, especially for incoherent based imaging systems [26].

In this paper, we propose a procedure enabling the evaluation and visualization of the axial resolution of nonconfocal incoherent AO ophthalmoscopes. Through this procedure, we experimentally demonstrate the benefits of a fast AO-loop rate on axial resolution and consequently on AO-corrected retinal image quality.

Materials and Method

Experimental set-up

To evaluate the impact of axial resolution degradation on image quality, we used the PARIS AO-FIO [24]. Briefly, the AO-FIO system comprises two parts that are relevant to this study. The first part is the AO system, which is composed of a superluminescent diode (SLD), with 750 nm central wavelength, used as a wavefront sensor (WFS) beacon source; a custom-built Shack-Hartmann (SH) WFS, consisting of a 30 × 30 microlenslet array, conjugated to the pupil plane, and a 443 × 443 pixel complementary metal oxide semiconductor (CMOS) camera (PCO, Edge, Germany) at the focal plane, where aberrations are measured; and a magnetic deformable mirror with 97 actuators (ALPAO, France), which provides wavefront correction thanks to a custom-built real-time calculator closed-loop control. An integrator control strategy, with 0.5 gain and 2-frame delay is used, and AO-loop rate can be as high as 70 Hz. The second part is an en face imaging system composed of a SLD, with a central wavelength of 860 nm (± 50 nm); and a scientific CMOS camera (ORCA flash4-V2, Hamamatsu, Japan) which detects back-scattered light from the retina to acquire images of 5.4°× 2.7°(2048 × 1024 pixel) field-of-view (FOV) at up to 200 Hz. The camera is mounted on a motorized translation stage (Thorlabs, Germany) with an absolute on-axis accuracy of 20 µm (equivalent to less than 1 µm in the retina), enabling imaging of various retinal layers. Both sources pass through an annular pupil to avoid stray light. Finally, a circular mask, placed at the pupil plane, limits the system aperture to a 5 mm diameter pupil.

Image acquisition

Image acquisition was performed on two healthy subjects aged 25 and 23. Research procedures followed the tenets of the Declaration of Helsinki. Informed consent was obtained from subjects after the nature and possible outcomes of the study were explained. Before the acquisition, the subjects' eye was dilated and accommodation paralyzed (one drop of each Tropicamide and Phenylephrine 10%), assuring a pupil diameter larger than 5 mm (full aperture of the system) and a minimal interference of defocus dynamics on the temporal evolution of the axial resolution and by consequence on the retinal image quality. Subjects were seated in front of the system and stabilized with a chin and forehead rest and asked to fixate the fixation target. The total power entering the eye from the illumination source and the WFS source were respectively 350 µW and 1.8 µW, which are less than half the power stipulated by the ocular safety limits established by the ISO standards for group 1 devices.

Retinal imaging was realized at 7°and 9°nasal, where the retinal nerve fiber layer (NFL) is quite dense. For both subjects, a total of 20 image sequences of 300 images were acquired at 200 Hz. Each image sequence was acquired at a specific instrument focal position, generating retinal images from different focal planes. A constant imaging camera translation step of 1.56 mm (equivalent to a 30 µm step in the retinal plane) was adopted, enabling imaging over more than the total retinal thickness. This procedure was done twice, first when the AO-loop rate was set to 10 Hz, and next when the AO-loop rate was set to 50 Hz. Figure 1 illustrates the imaging either optical sectioning or an absolute axial resolution, i.e. valid for all spatial frequencies [31]. However, for a given lateral spatial frequency, one can define the maximum axial spatial frequency transmitted by a conventional imaging system, and hence the axial resolution (see Fig. 7 (b), where the red-dashed line indicates the axial OTF maximum support extension). By filtering out the low-and-mid-spatial frequencies of the image, the missing cone is not taken into account, enabling optical sectioning. Moreover, since the retina presents a low energy at very high lateral spatial frequencies, the axial resolution of the system can be evaluated by computing the image high-spatial frequency energy.

Axial resolution enhancement with fast AO-loop rate and perspectives

By exploring the digital optical sectioning through the proposed procedure, we were able to evaluate and compare the axial resolution for both AO-loop rates. Figure 4 presents retinal axial profile for AO-loop rates at 10 Hz and 50 Hz, where it is possible to notice the axial resolution enhancement in two different ways: firstly, by the image sharpness improvement for the photoreceptor images (PRL blue region) acquired with a 50 Hz AO-loop rate for both subjects, which indicates a lower AO-corrected axial PSF temporal dynamics, leading to an averaged image with enhanced axial resolution; secondly, by the comparison of the number of local maxima, which was doubled between the 10 Hz and 50 Hz AO-loop rate, indicating, in other words, that we could identify two times more layers thanks to the axial resolution enhancement. Indeed one can see that the plot at the PRL area (blue), for both subjects, and at the IL-NFL area, for subject 2, is narrower at 50 Hz than at 10 Hz, indicating a more confined axial PSF at 50 Hz. The same effect can be visually noted in tomographic retinal cross-sections in Fig. 5. It should be all the more interesting to analyze the axial resolution enhancement, offered by a fast AO-loop rate, in systems exploring the full eye's pupil aperture (here we were limited to a 5 mm diameter pupil), since dynamic aberrations are higher for a larger aperture, affecting even more the axial resolution (see Visualization 2). Additionally, our results show that AO-SLO systems using a dark-field imaging modality can increase the SNR and contrast of the images generated with a faster AO-loop rate, as a better axial resolution would be achieved and more photons from the retinal layer of interest would be collected by the camera.

The enhanced axial resolution and the digital optical sectioning capability enabled us to display data from a nonconfocal and incoherent AO ophthalmoscope in a tomographic retinal cross-section resembling OCT (see Fig. 5), where longitudinal capillaries, transverse vessels and retinal layers were identified. We call such procedure "Optical Incoherence Tomography (OIT)", since no interferometry technique was used to extract them. Although its axial resolution is not as good as an OCT, the potential to generate such images in real-time should be investigated since it could be a tomographic tool, sensitive to defocus and insensitive to eye axial movements, which could help users of AO ophthalmoscopes (in clinics or for research purposes) to, for example, axially position the imaging system focal plane at the retinal layer of interest. Through OIT, the axial resolution of an incoherent imaging system could be visually assessed with great clarity, making it a highly valuable tool to compare two systems or two settings of the same system in terms of axial resolution, as it was done in this study. Finally, the OIT could also be used in AO-SLO and AO-FIO systems in dark-field imaging modalities, to investigate image formation and retinal diffusion.

Conclusion

In this study, we proposed a procedure to produce retinal axial profiles (similar to an OCT A-scan) and tomographic cross-section images (similar to an OCT B-scan) of a sample with any incoherent imaging system (scanning or full field). This procedure, which we called "Optical Incoherence Tomography (OIT)", consists, for each image of a Z-stack, of: 1) filtering out the low-and-mid spatial frequency content; 2) computing the image energy. Through OIT, which digitally performs optical sectioning, the axial resolution of an incoherent imaging system can be visually assessed with great clarity, making it a highly valuable tool to compare two systems or two settings of the same system in terms of axial resolution.

This procedure was used on the PARIS AO-FIO, which comprises a custom-built real-time controller up to 70 Hz loop rate without jitter, to produce the first tomographic image of the retina generated from a nonconfocal AO ophthalmoscope, and to evaluate the impact of a high AO-loop rate on axial resolution in a nonconfocal AO ophthalmoscope. To do so, we compared OIT cross-sectional images obtained on the PARIS AO-FIO for AO-loop rates at 10 Hz and at 50 Hz. We showed that an AO-loop rate of 50 Hz presents a significant axial resolution enhancement compared to an AO-loop rate of 10 Hz, thus demonstrating that ocular dynamic aberrations can significantly affect the imaging system axial resolution, leading to retinal images acquired with low contrast and poor SNR. We conclude that a fast AO-loop rate AO-FIO can indeed achieve decent axial resolution, demonstrated by our capacity to separate retinal layers, in addition to their inherent advantages over scanning systems of distortionless, wide-field and high-speed imaging.
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While, in healthy subjects, the hyper-reflective layers are known, the same cannot be said to patients with retinal diseases, as the retina anatomy completely changes. Having the OIT A-scan from the patients before the acquisition, it will help to position the imaging focal plane at the plane where the sharpest images can be generated.

Imaging system diagnostic

The OIT can be used as an imaging system diagnostic tool. We saw in the first section that the system axial performance is directly related to the number of local maxima and the metric value. By generating an OIT axial profile, before an imaging session, in a known subject and known retinal eccentricity, the imaging system performance can be verified.

Understanding Dark-Field imaging and generating dark-field retinal tomography

As described in the introduction of Sect. 8.1, the dark-field technique is an imaging modality which blocks directly backscattered photons or favors multiply scattered components, enabling imaging hypo-reflective retinal layers and features such as vessel walls, erythrocytes, ganglion cells and retinal pigment epithelium. This technique is mainly applied in AO-SLO [155], but we have shown recently that dark-field imaging can also be obtained using the AO-FIO system [156].

In dark-field imaging, the retinal layers which can produce high contrasted images are different from the conventional modality, i.e. the bright-field. Positioning the imaging focal plane at the retinal layer of interest is even harder than the bright-field, as the camera essentially collects multiply-scattered photons, generating raw-images with low SNR and poor contrast. As the OIT is a technique based on the image high-spatial frequency content for different retinal layers, both previously presented applications also apply to the darkfield modality.

We generated the OIT B-scan from the same 20 averaged images of Sect. 8.1, including the dark-field zones of each image, to study the OIT capacity linked to dark-field imaging. Figure 8.8 (a) show one en-face averaged image (over a total of 20) corresponding to the retinal nerve fiber layer. The red rectangle indicates the bright-field image region and both green rectangles indicate the dark-field image region. The illumination patch is only present in the bright-field zone, where the photons collected by the camera will be mostly backscattered photons. Photons collected by the camera at the dark-field zone are multiply-scattered photons. It is known that the retinal nerve fiber layer is hyper-reflective at the imaging wavelength and becomes transparent in the dark-field technique. One can notice that the fiber pattern, i.e. diagonal lines going from the bottom left to the top right in the en-face image, disappears at the dark-field zone. This change should also be perceptible by the OIT technique, as the sharpness of the dark-field zone will be lower than the bright-field one. Figure 8.8 (b) presents the OIT for the studied image stack. As we saw, the bright top layer at the bright-field zone belongs to the retinal fiber layer position. As we move towards the dark-field zone, this bright layer disappears, as the image high-spatial frequency energy strongly decreases, indicating that in this zone the retinal nerve fiber layer is not visible (see blue arrow). One can also note that other layers get brighter, indicating new instrument focal positions where a sharp image can be generated (see yellow arrows).

The new bright layers, appearing on the green zone, indicate the retinal layers which can be imaged using the actual system in dark-field modality. The operator can finely position its imaging system focal plane at this retinal layer and acquire a considerable number of images to increase the image contrast.

• Different retinal eccentricities have to be imaged to verify if the OIT B-scan are realistic compared to the anatomy. For example, the retina temporal eccentricity (e.g. at 9 • ) has few nerve fibers compared to the nasal region; this has to be indicated by the OIT. Another interesting retinal zone should be the fovea, a comparison between the OCT B-scan and the OIT B-scan would give more information about the OIT tomographic capacity.

• Patients with retinal diseases should be imaged to test the OIT capacity to identify the hyper-reflective retinal layers for imaging.

Post-processing optimization:

• Up to now, an order 2 Butterworth high-pass filter, with a cut-off frequency of 0.08 (normalized spatial frequency), is used to digitally optical section the images, by filtering-out the image low-and-mid spatial frequency content. No optimization study on the filter parameters and type was done. It should be interesting to look for an optimal cut-off frequency. Additionally, a band-pass filter could be used in raw-images, as their very high spatial frequencies are mostly dominated by noise. Using prior information as the spatial frequency content for different retinal layers should be interesting to optimize the metric sensitivity.

• Alonso-Carneiro et al.

[152] list other image sharpness metrics possible, which can increase the speed of the metric computation or its sensitivity.

• The ROI choice influences on the final A-scan and B-scan. A study to evaluate the optimal ROI to guarantee a good 3D resolution may be interesting.

• The OIT images generated from "shift & add" images have much better contrast than the OIT generated from raw-images. A study to optimize the number of images to be averaged is also relevant. The deformation due to the lack of telecentricity of the optical system, if known, can be compensated in this step, by averaging a different amount of consecutive images according to the longitudinal magnification variation.

Theoretical axial resolution:

• Current OIT results were obtained using an AO-FIO system with a pupil size of 5 mm diameter, which is physically limited by the bench. The axial resolution enhancement may increase the number of identified layers on OIT as well as the B-scan image contrast. It would be interesting to analyze the OIT results after increasing the system pupil diameter to 7.5 mm diameter, doubling the axial resolution of the imaging system. In the same way, it would be interesting to obtain OIT cross-sectional tomography using a confocal AO-SLO with a pupil diameter of 7.5 mm, as the theoretical axial resolution with a 7.5 mm pupil is almost three times better than axial resolution with a 5 mm pupil and a nonconfocal imaging system.

• The axial resolution capacity of the OIT is still unclear. Our initial hypothesis, described in Sect. 8.1, linked the OIT capacity to identify retinal layers to the maximum spatial frequency transmitted by the 3D OTF of the imaging system. However, since the image quality metric is evaluating the image sharpness, it can be linked to the depth of field (defined in Sect. 2.1), which is approximately the half of the axial resolution defined in Sect.2.1.

Conclusion

This chapter demonstrated that an AO ophthalmoscope with an AO-loop rate at 50 Hz enhances the axial resolution compared to an AO-loop rate of 10 Hz. This evaluation was possible thanks to the introduction of an image quality metric based on the high-spatial frequency energy of the image. We showed that by filtering the low-and-mid spatial frequency content of retinal images, we were able to produce a digital optical sectioning effect in AO-FIO images. With the axial resolution enhancement and the digital optical sectioning effect, we presented the first tomographic image of the retina generated from nonconfocal AO ophthalmoscope without an interferometry setup, in what we called the Optical Incoherence Tomography (OIT). This chapter showed that the OIT technique can be an important tool for retinal imaging and complementary to Optical Coherent Tomography (OCT), as it is sensitive to defocus and does not need an interferometry setup. Moreover, this technique can be applied in any retinal imaging system using Adaptive Optics (AO), such as Flood-illumination Ophthalmoscope (FIO) and Scanning Laser Ophthalmoscope (SLO) (in both bright-field or dark-field modalities), without extra hardware, as it is mostly implemented by software, and based on en-face images. Some possible applications for the OIT were described, and the capacity to generate A-scan and B-scan in real-time seems realistic. Indeed, the OIT seems a very promising tool which can be used in clinics (positioning the imaging or the laser focal plane at the retinal layer of interest for imaging or therapeutic/stimuli applications) and for research purposes (mapping longitudinal capillaries, studying the retina diffusion, reflectivity, transparency and absorption characteristics, imaging hyporeflective and transparent retinal features, and generating dark-field tomographic retinal cross-sections).

So far, we saw that a fine 3D control of ocular aberrations and movements are crucial to take full advantage of the OIT capability to explore the retina in all three dimensions. Now, in the next chapter, we want to take advantage of the retina temporal evolution, by generating high-resolution and distortionless angiographic maps.

Chapter 9

Dynamic imaging of the retinal vasculature

So far, the 3D control of the ocular perturbations, enabling a spatial resolution close to the diffraction-limit, allowed us to explore the whole retina volume. This chapter proposes a technique to explore the retina temporal evolution, enabling to extract information of the retinal vasculature and microvasculature, thanks to the high-spatial resolution (able to image an individual blood cell) of the PARIS AO-FIO combined with its 200 Hz temporal sampling frequency (able to track a blood cell over time).

Article: Near Infrared Adaptive Optics Flood Illumination Ophthalmoscope Angiography: an Biomedical Optics Express publication

Reading guide

The accurate mapping and quantification of the retinal blood flow has become a main goal in vision research since several of the most common retinal diseases show vascular abnormalities in their early symptoms, in particular at the microvascular level (e.g. diabetic macular edema) [2,157]. As mentioned in Ch. 3, fluorescein and indocyanine green angiography are considered as golden standard methods to accurately map the retinal vascular network, helping physicians to diagnose retinal disorders at the earliest stages and to monitor the effect of new and conventional therapies. Both of these tests are invasive and require intravenous administration of a dye and long imaging sessions lasting from 10 to 30 minutes. Recently, optical coherence tomography angiography (OCTA) emerged as a novel noninvasive imaging technique providing within a few seconds a 3D mapping of both the retinal and choroidal vascular network, showing both structural and blood flow information [158,159].

However, it has been showed that when using OCTA the calculated lumen size (i.e. caliber) of microvasculature were generally overestimated [160,161] due to limited lateral spatial resolution offered by OCTA. To overcome this obstacle, several research groups working with AO-corrected ophthalmoscopes explored the high lateral spatial resolution offered by AO to generate retinal perfusion maps, based on motion contrast algorithms, which is basically the computation of the temporal variance of an image sequence [START_REF] Bedggood | Direct visualization and characterization of erythrocyte flow in human retinal capillaries[END_REF]162,163]. This variance quantifies the variation in brightness generated by the light absorbed by erythrocytes passing through retinal blood vessels.

However, most of the angiographic maps generated with AO-corrected ophthalmoscopes systems were obtained using AO-SLO system, which presents distortion linked to the eye motion during the image acquisition (see Sect. 2.2). This limitation leads to an uncertainty whether a a variation of brightness from one image to the next is due to the passage of erythrocytes or distortion, making it impossible to precisely quantify the vessel parameters (e.g. lumen size). Using an illumination source at 593 nm, which is adapted to image erythrocytes, and a small field-of-view (0.8 • × 0.2 • ) Bedggood and Metha showed that an AO-FIO can be an extremely valuable tool to generate angiographic maps, exploring the fact that an AO-FIO images has no distortion [START_REF] Bedggood | Direct visualization and characterization of erythrocyte flow in human retinal capillaries[END_REF].

This chapter proposes a novel imaging processing method enabling to benefit from two other inherent advantages of an AO-FIO system, i.e. its high-temporal resolution (image acquisition up to 200 Hz) and the wide field-of-view (up to 3 • × 3 • ). Moreover, in contrast to Bedggood and Metha, angiographic maps are generated using a near infrared illumination source, which is more comfortable for the patient and is neutral in terms of visual stimulation. Finally, the high-temporal resolution of the AO-FIO system is used to assess the speed of perfusion on various retinal vessels. This work is giving rise to a scientific paper, which we expect to submit soon to Biomedical Optics Express.

Once again, the reader should start by the first section ("Introduction"). Since the reader is already familiar with the AO-FIO setup, section section 2.1 may be skipped. Sects. 2.2 and 2.3 presents the image acquisition and processing to obtain the perfusion maps. Then, we present the results when imaging with a bright-field (Sect. 3.1), dark-field (Sect. 3.2) modalities and by selecting different temporal frequency bands, generating perfusion color maps (Sect. 3.3), enabling to assess blood flow speed for various vessels of different caliber.

Introduction

The accurate mapping and quantification of retinal blood flow has become a major goal in vision research since several of the most common retinal pathologies show vascular abnormalities as early symptoms, in particular at the microvascular level [1]. Various image based angiographic techniques, involving different instruments like Optical Coherence Tomography (OCT) or adaptive optics ophthalmoscopes, have been developed to achieve non invasive visualization and characterization of retinal blood flow in various vessel sizes [2][3][4]. For all these systems, the computation of angiographic maps, known as motion contrast maps or perfusion maps, is based on the same principle.The blood is mapped by computing the temporal variance of an image sequence. This variance quantifies the variation in brightness generated by the absorption of the light by the passing erythrocytes. Through this computation a high signal appears where the blood passes. Among these non invasive technologies, OCT Angiography (OCTA) competes in the clinical setting with the current gold standards of retinal angiography Fluorescein and Indocyanine Green Angiography [5], both of these tests being invasive and requiring intravenous administration of a dye and long imaging sessions lasting from 10 to 30 minutes. OCTA has proven to be a fast and robust technique providing a 3D mapping of both the retinal and choroidal vascular network within a few seconds, showing both structural and blood flow information [6].

However, even though OCTA enables accurate mapping of large vessels, it has been shown that lumen sizes of smaller capillaries are generally overestimated [7,8], which makes this technique less suitable to study the microvascular network than others with higher spatial lateral resolution, such as ophthalmoscopes combined with adaptive optics (AO). AO technology corrects the eye's aberrations in real time to capture images with diffraction-limited resolution [9]. Some teams have developed image processing to generate retinal perfusion maps adapted to image sequences obtained with AO corrected ophthalmosocopes, in both full field [3] and scanning configurations [10,11]. Multiple studies have been carried out to study the retinal microvascular network, in particular in AO corrected scanning laser ophthalmoscopy (AO-SLO). Indeed, retinal perfusion maps where capillaries are accurately mapped [2,12] were obtained thanks to the superior contrast and optical sectioning of AO-SLO compared to AO flood illumination ophthalmoscope (AO-FIO), and its combination with off axis techniques (eg dark field, offset aperture, split detection). However, the scanning nature of the acquisition process in AO-SLO poses two problems when attempting quantitative angiography with this technique. Firstly, the presence of image distortion due to eye motion, even after post processing [13], generates artifacts in the contrast maps, and implies an uncertainty as to whether a movement observed between two frames is due to physiological reasons or due to scan distortion. Secondly, the AO-SLO acquisition rate is limited by the raster scan speed, which restricts the temporal resolution, making it difficult to accurately measure erythrocyte speed. In order to obtain the necessary spatial and temporal resolution, Metha et al. developed an AO-FIO working at a wavelength centered at 593 nm and using a fast sCMOS camera. The choice of this wavelength provides a near optimal erythrocyte contrast, leading to enhanced motion contrast maps. Metha's group studied neurovascular coupling at microvascular level with no distorsion and an accurate quantification of capillaries size as small as 3µm. They measured the size of capillaries in reaction to stimulation and were able to detect less than a micron in variation [14]. However, the contrast maps obtained have a small field of view ( 0.8°x 0.2°) which, for a larger analysis of the retina, would mean long imaging sessions. In addition, the use of a wavelength in the visible spectrum is not only uncomfortable for the subject, but for safety reasons, it restricts the amount of power that can be sent into the eye, which limits the size of the field of view. Finally, at this visible wavelength, the imaging light also stimulates the retina, so that stimulation and imaging cannot be decoupled.

In image sequences from our Near Infrared (NIR) AO-FIO, we noted that the blood flow was visible [15]. However, conventional image processing developed by the teams previously mentioned tends to fail in our image sequences due to a low signal-to-noise ratio (SNR). In this paper, we provide the methodology used to enhance contrast of perfusion maps computed from NIR AO-FIO image sequences, i.e. use of a temporal filter to isolate pixels which vary in contrast at a rate falling in the physiological range of erythrocyte velocity, and a spatial filter to reduce the noise variation in order to increase the contrast of the maps. Finally, by temporally filtering the image sequence in various temporal bands, we demonstrate the capabilities of our system to map the blood flow velocity, opening the way to more elaborate and accurate velocity analysis of our data set.

Methods

Adaptive Optics imaging

The imaging system used here is the PARIS AO-FIO which has been described in detail in a previous work [15]. The system consists of two optical subsystems, the Wavefront (WF) Sensing and Control subsystem and the Illumination and Detection subsystem. The dynamic and static aberrations of the eye are measured with a custom made Shack-Hartmann wavefront sensor and corrected using a 97 actuator deformable mirror (ALPAO, France). The adaptive optics loop rate is 50Hz. A fibered Super Luminescent Diode (SLD) (Omicron, Germany) with nominal center wavelength of 750 nm is used to measure the aberrations and an 860nm SLD (Omicron, Germany) coupled with a liquid fiber illuminates the retina with a 3.6°diameter field of view. The light is then back-scattered by the retina towards a fast Scientific CMOS ORCA flash4-V2 camera (Hamamatsu, Japan), enabling 2048 × 1024 pixel frame acquisition at 200Hz, which corresponds to 1.5 mm × 0.75 mm field-of-view. The magnification between the camera and the retina is such that each 6.5 µm pixel corresponds to 0.73 µm in the retina. The camera is mounted on a motorized stage (Thorlabs, Germany) enabling us to focus on various layers of the retina by moving the stage.

Subjects

Acquisitions were made on three healthy subjects,two men (ages 28,39) and one woman(age 25). The project followed the tenets of the Declaration of Helsinki. Informed consent was obtained from subjects after the nature and possible outcomes of the study were explained. The subject's head was stabilized with a chin and forehead rest. They were asked to stare at the fixation target which enabled us to guide the subject's line of sight and explore various areas of the retina. The subjects pupil was not dilated. The total light energy entering the eye from the illumination source and the WFS source are respectively under 400 µW and 2.8 µW, which is less than half the power stipulated by the ocular safety limits established by ISO standards for group 1 devices.

Image acquisition

AO-FIO image sequences of typically 1000 frames were acquired at 200Hz (total acquisition time of 4s) with a 2.7°x5.4°field of view. Various regions of the retina were imaged, including the peripheral retina and the lamina cribrosa area. In order to obtain optimal perfusion maps, the focus of the camera was placed on the nerve fiber layer. Images were acquired using standard bright-field AO-FIO illumination and dark-field AO-FIO illumination [16].

Image Processing

Background subtraction and image registration

Following the acquisition, images were corrected for uneven background illumination. This correction was performed by subtracting a low-pass filtered version of each image from the raw image, where the low-pass image is obtained by a mean filter (kernel of 50 pixels) [17]. Then, the spatial variance was used as an image quality metric to get rid of images blurred by fast and large fixational eye movements such as miccrosaccades or blinking.The final selected images were registered using a pairwise maximum likelihood sub-pixel approach [18]. The averages of the registered image sequences were computed.

Computation of perfusion maps

In order to isolate the signal variation produced by the absorption of erythrocytes flowing in vessels and capillaries, we developed a spatio-temporal filter with frequency bands centered on the theoretical spatial and temporal frequencies corresponding respectively to the size and speed of erythrocytes in retinal vessels. These filters were applied to the video frames before computing the temporal variance leading to enhanced contrast angiography maps of retinal vessels.

Temporal filtering -We start by applying a temporal filter to the image sequences. This enables us to get rid of slower or faster signal variations corresponding for instance to vessel deformation or noise. To compute an estimate of the temporal frequency value around which we are centering the bandpass filter we use a simplified model of the passage of erythrocytes. We consider the erythrocyte to have an average size of φ RBC = 8µm [3] and a constant average speed in capillaries of v RBC = 0.5 -1mm/s [3] and hypothesize that spacing between two passages is of the size of a red blood cell in order to work with a periodic signal.

With these hypotheses, the temporal period T can be calculated as following:

T = 2φ RBC /v RBC (1) 
When computing the numerical application we obtain T=32ms for v RBC =0.5mm/s and T=16ms for v RBC =1mm/s. These correspond to variations in a frequency interval of [31Hz, 63 Hz].

Because of the possible inaccuracies caused by the simplifications applied to our model, we select a larger frequency interval for the temporal filtering which goes from 10Hz to 80Hz, i.e. from 10% to 80% of the Nyquist temporal frequency of our bench. Processing was carried out in IDL programming language (IDL,Exelis,USA). Spatial filtering -A spatial low-pass filter was then necessary to filter out the features, essentially noise, in the images whose variations fall in the same temporal frequency interval as the erythrocytes and therefore decrease the contrast of the motion contrast maps.

For simplification purposes we model erythrocytes in the images as 3D Gaussian functions with a full width at half maximum (FWHM) of their average diameter, meaning φ RBC =8µm. In the video sequence, depending on the size of the vessel, erythrocytes will flow as a row of single cells (small capillaries) or as groups of cells (larger vessels). In the last case we model the groups of erythrocytes as a sum of independent Gaussian functions, which corresponds to a Gaussian function with an FWHM of average diameter of an erythrocyte multiplied by the square root of the number of cells in the group.

The Fourier transform of an erythrocyte or a group of erythrocytes is also a Gaussian function with a width corresponding to the inverse of the FWHM in the real domain. For the spatial filtering we used a Gaussian filter with a cutoff frequency (normalized by the Nyquist frequency) of 0.14, which corresponds to a spatial frequency of 47.6 cycles/mm. The boundary of the filter is chosen to filter structures smaller than 21µm (or 2-3 erythrocytes).

After the spatio-temporal filtering we obtain an image sequence containing only features around the size of a few erythrocytes moving at speeds close to the values of the blood flow speed. Finally we compute the temporal variance of the sequence to obtain the motion contrast maps.

Perfusion color map generation based on blood flow speed

The high temporal resolution of the system allows us to subdivide the frequency band of the temporal filter in order to spatially analyze the different speeds of the retinal vessels. To achieve this, we apply various filters with different bandwidths to the video sequence and generate various contrast maps corresponding to each filter in order to be able to identify the capillaries and vessels with different blood flow speeds.

Results

Perfusion maps in bright field AO-FIO illumination

Nonmoving structures are filtered out leading to enhanced contrast perfusion maps. Figure 1 shows two examples of typical perfusion maps obtained with NIR AO-FIO after spatio-temporal filtering in bright-field configuration. (A,C) are the average images of peripheral retinal vessels, (B,D) their corresponding perfusion maps. In all the images, large vessels lie in a nerve fiber bed where one can barely detect a hint of some capillaries. These same capillaries appear very contrasted in their corresponding perfusion maps. In Figure 1 (A,B) a zoom (yellow box) shows frequency of 1Hz to 10Hz, 10Hz to 25Hz and 25Hz to 40Hz. This fractioned temporal filter was applied to an image sequence (corresponding to Visualization 5 in Supplementary data) acquired on a region with a capillary network to be able to compare blood speeds between several retinal vessels. Figure 3 shows, on the left, the three perfusion maps corresponding to these temporal bands (A,B,C). On the right, image (D) corresponds to the sum of (A,B,C) perfusion maps. By assigning an RGB channel to each temporal frequency band, we generate a perfusion color map in which each color is associated to certain frequencies. In Figure 3 (E), blue represents the slower motions (1Hz to 10Hz), red the fastest (25Hz to 40Hz), while green is used to display features moving at medium speeds (10Hz,25Hz). (F) is the average image of the same area. We notice that although the three perfusion maps share many similar features, some capillaries appear more clearly in one particular map than another. Indeed this difference is highlighted in color map (E). For instance, capillaries appearing contrasted in (A) while invisible in (B,C) are blue in image (E).

Discussion

Distortionless high resolution perfusion maps in the near infrared

Distortionless high resolution perfusion maps in near infrared could be a highly valuable tool for assessing the state of the retinal vascular network, and particularly for neurovascular studies of the retina, as near infrared wavelength range is more confortable for the subject, safer in terms of thermo-chemical damage, and does not stimulate the retina (thus enabling decorrelation of stimulation and imaging channels to carry out functional imaging). Distortionless maps would enable extraction of reliable biomarkers, such as foveal avascular zones (FAZ) [10]. Such maps can only be obtained using adaptive optics (for spatial resolution) near-infrared imaging, in a full-field modality (to prevent distortion artifacts entailed by scanning), such as the PARIS AO-FIO [15]. However, the existing perfusion map processing methods, which produced either high contrast maps in near-infrared contrast maps with distortion [10,11] , or without distortion but in another wavelength (wavebands centered on 593nm to maximize erythrocyte absorption contrast [3,14]), fail in full-field NIR due to a poorer SNR in the image sequences. Using a spatial and temporal filtering of our image sequences, we were able to obtain large field-of-view (5°x 2°) distortion-free enhanced contrast perfusion maps of the retina using AO-FIO image sequences in near infrared. The spatial resolution (down to capillaries of 5µm ± 1µm diameter) and contrast (0.6-0.8 range) of the obtained perfusion maps is similar to confocal AO-SLO results [12].

When looking at bright-field perfusion maps we notice that large vessels display parallel bands with, in several cases, a brighter central band. We first thought that this brighter central band could be due to the temporal variation of the specular reflection along the crest of the vessel wall instead of erythrocyte motion. However, when closely looking at the videos (Visualization 2, image sequence corresponding to average Fig. 1(C)) we observe a flow motion at the center of the vessel with a speed and direction close to the blood flow characteristics, leading us to the conclusion that the bright band at the center of the large vessel in the perfusion map is generated by a temporal variation of erythrocytes motion. Finally, Figure 1 (D) shows a vein on the lower part of the image with several ramifications. The flux seems to remain unmixed after the confluence as we observe these various bands in the perfusion map. Indeed, this phenomenon has been previously described in [12] using AO-SLO where they show perfusion maps of several branch venules entering a vein with various illumination configurations.

Comparing dark-field and bright-field perfusion maps

Our system enables us to acquire dark-field and bright-field images in AO-FIO of the same regions [16]. We wanted to verify if the dark-field modality in flood imaging could increase the contrast of the perfusion maps the same way it has been shown in AO-SLO [12].

With regards to capillaries in perfusion maps, Chui et al report enhanced contrast in dark field imaging with AO-SLO [12]. In our case, for instance in Figure 2.B, capillary contrast is higher in the bright field zone than in the dark field zone, except at the edge of the central obscuration. This zone, which corresponds to the maximal illumination gradient in the image, is precisely the region where the sensitivity to the phase of the sample is the highest [19] and where the dark field full-field configuration most closely resembles the standard scanning configuration [12].

With regards to larger vessels, in addition to obtain average images showing differences in contrast between bright-field and dark-field (Fig. 4 (A,D)), we also noticed that perfusion maps in both configurations show significant differences. In Fig. 2, we noticed that large vessels display only two parallel bands in dark-field perfusion maps, whereas several bands are visible in our bright-field configuration. The same effect is shown in Fig. 4 (B,E) where we show the the vessel, this size varies depending on the lumen of the vessel or capillaries. Nevertheless, if we have a network of capillaries, having approximately the same lumen size such as those in Figure 3 (E), the difference in color of the map corresponding to certain temporal frequencies also corresponds to the differences in speed. This kind of analysis could be useful to analyze if a capillary region displays a drop in speed at a microvascular level.

Limitations and future work

A limitation from this temporal analysis appears in Fig. 4 (C,F). This cropped area of a color map displays in the same red color a vein and an artery crossing, even though arterial flow is faster than the blood flow in veins. This could be caused by the fact that we analyzed the intensity variation caused by the RBC passage over a large temporal interval (a few seconds), which is longer than a diastole and systole (less than a second), leading to the averaging of the artery speed variations (see for instance Visualization 6 in Supplementary data). We would need to increase the temporal resolution to reach a rate higher than the current rate of our system (200Hz) and analyze over a smaller interval, which requires a more powerful light source so as not to limit the SNR, and a faster camera. Also, some small artifacts appear in the form of white lines parallel to the vessel walls, which we interpret as the temporal variation of the vessels vibrating when the blood is flowing.

Despite these limitations, the technique presented here opens up exciting prospects, such as producing 3D dark-field angiography maps. In Figure 1 three examples of this vessel going into deeper retina layers are indicated with red arrowheads in both the average image (C) and its perfusion map (D). These longitudinal vessels and capillaries do not seem to appear to our knowledge in AO-SLO images, and belong to the vascular plexus linking the various vascular beds. The detection and mapping of these vessels could lead to the possibility of 3D mapping the microvascular network the same way OCT does for the larger vascular network. Indeed, we have recently shown that the axial resolution capabilities of our AO-FIO system are better than usually accounted for in the literature, and that cross sectional images (analoguous to OCT B-scans) can be produced to identify the various retinal layers [21]. The combination of this tool with the undistorted widefield angiography maps (in dark-field or bright field) presented here could lead to the 3D mapping of the microvascular network.

Future work will be oriented towards improving the spatial dynamic study of the perfusion and increasing the accuracy of the blood flow speeds in capillaries by increasing the acquisition rate and/or developing more sophisticated processing to derive the erythrocytes' speeds in a similar way to particle image velocimetry [22].

Conclusion

The high spatial and temporal resolution of the NIR AO-FIO combined with the specific image processing presented in this paper enables us to compute retinal perfusion maps with enhanced contrast, no distorsion and a large field of view. In particular, we are able to resolve capillaries as small as 5µm in various regions of the retina. The implementation of the dark field illumination in full field led to an increase of contrast at the boundary between the illuminated and dark areas in perfusion maps. This observation encourages us to compute motion contrast maps with different structures of the illumination in order to further improve the contrast of these maps. Another valuable feature of our system, possible because of the high acquisition rate, is the spatial analysis of the temporal dynamic of the blood flow. By temporally filtering the image sequence we can generate several perfusion maps, each one showing capillaries with blood flowing at a different speed range.

Conclusion

This chapter presented a novel imaging processing method enabling the generation of wide-field and distortionless angiographic images using an AO-FIO system. The proposed imaging processing is based in two steps: 1) Temporal filtering to select the bandwidth corresponding to the typical temporal behaviour of blood cells, filtering out static or low-temporal frequency image features, and minimizing the noise influence; 2) Spatial filtering to select the bandwidth corresponding to the typical size of blood cells, minimizing the noise influence. In contrast to previous proposed angiographic methods using AO-FIO, which used an illumination source at 593 nm and a small field-of-view to favor the detection of erythrocytes, we presented a method suitable to generate wide field-of-view angiographic maps from the retina using a near infrared illumination source (850 nm in this case). The near-infrared illumination source presents several advantages compared to a visible illumination source since it is more comfortable for the patient and it is neutral in terms of visual stimulation.

We showed that the presented method enables to generate retinal angiographic images from various retinal eccentricities and for both bright-field and dark-field imaging modalities. Moreover, we demonstrated that angiographic images generated from bright-field and dark-field imaging modalities can be seen as complementary. On the one hand, for bright-field, angiographic images showed a high potential to map the microvasculature of the retina. On the other hand, for dark-field, angiographic images demonstrated to be a precise tool to calculate the lumen size of retinal vessels.

Thanks to the high-temporal resolution of the AO-FIO system, we were able to distinguish different temporal behavior from the retinal vasculature. We translate these dynamics into colored angiographic images, which assess the blood speed for various retinal vessels, from small capillaries to high caliber retinal arteries. The colored angiographic images can be all the more important to diagnose early signal of retinal vascular diseases, such as macular edema.

This work paves the way to the detection of microaneurysms in patients with macular edema in a micrometer precision, and to the 3D angiography commented in Sect. 8.4.

Part IV

From a diagnostic to a therapeutic application: Realization of the first 3D high-resolution image-guided Adaptive Optics Laser Photocoagulation system for retinal microsurgery

Chapter 10

Design of an AO-assisted Laser Photocoagulation system

Thanks to the aberrometer campaign described in Chs. 4 and 5, we could derive a relevant 50-eye high spatio-temporal resolution database on ocular aberrations and eye motion. This database was used to study the temporal and spatial behavior of ocular aberrations, and how the eye motion impacts them. Besides, with this database, we were able to simulate an AO-loop rate applied to retinal imaging, and we could conclude on an optimal Adaptive Optics control loop strategy, taking into account the dynamic aberrations, and leading to a 3D performance close to the diffraction limit. This fine control of the AO system was applied to the PARIS AO-FIO platform, and high-quality retinal images from various retinal layers and eccentricities were obtained (Ch. 6). The high image quality generated by this platform enabled us to develop real-time tools to control the eye motion (Ch. 7) and the axial position of the imaging focal plane (Ch. 8). Moreover, novel methods were proposed to enhance the image contrast, sharpness, and SNR of various retinal features (Chs. 7 and 9), and generate cross-sectional retinal tomography using an AO-FIO system (Ch. 8). The objective of this chapter is to translate the described knowledge and developed imaging tools, enabling a 3D control of the ocular perturbations (aberrations + movements), and a 4D exploration of the retina, to design and build a 3D high-resolution imageguided Adaptive Optics Laser Photocoagulation (AOLP) system for retinal microsurgery. Section 10.1 defines the primary objectives of the new system, based on the problematic of the laser photocoagulation for retinal therapy described in Ch. 3. Then, next sections present a study on how each of the developed imaging tools, described in Part III, can help in the scientific objectives described in Sect. 10.1 and how they can be coupled to a conventional laser photocoagulation system.

Scientific goals of the 3D high-resolution image-guided Adaptive Optics Laser Photocoagulation system

A scheme of a typical laser photocoagulation system is shown in Fig. 10.1. The therapeutic laser is usually a green (532 nm) or a yellow (577 nm) laser, and it is conjugated to the retina (the system focal plane). Scanning mirrors (Scan M1 and M2) are positioned close to a plane conjugated to the system pupil plane, enabling laser impacts with different patterns at different lateral locations. We saw in Ch. 3 that the primary goal of the laser photocoagulation surgery is to generate a hot spot in the retinal pathological vessels (macro-or microaneurysm) to cauterize them. However, we also saw that current systems do not offer a 3D control of the laser confinement and position, making impossible to prevent some degree of damage to healthy neighboring tissues due to the high delivered power and thermal diffusion. Damaging the axial stabilization proposed in Sect. 10.3 would be lost. To cancel this effect, the patient has to be under cycloplegia and Adaptive Optics has to be able to correct ± 3 diopters.

Blinks: Conventional laser photocoagulation systems are applied with an eye speculum or contact lens in the patient's eye during surgery, to keep it open, steady and to be able to image a wide-field of view. If a contact-lens-free system is intended, the images acquired at 200 Hz, by the stabilization camera, can be used to detect blink occurrences.

Micro-saccades:

We saw in Sect. 5.3 that micro-saccades occurrences were linked to the half of the axial confinement degradation occurrences. Moreover, as the micro-saccades are fast and large eye movements, the designed 2D optical stabilization system will not be able to follow most of them (see Sect. 7.3 and Tab. 7.2). As we cannot compensate for them, detecting micro-saccades fast enough, not allowing laser impacts at these moments, is essential.

Frame-out:

We saw in Ch.7, that one of the primary sources of eye motion estimation failure is frame-out, i.e. , in our case, when the eye fixation moves 135 µm away from the fixation target. Under 2D optical stabilization, a frame-out occurrence will be rare, as we correct for residual eye movements. Most of the frame-out events happen after a microsaccades, then it seems relevant to study a method able to detect them to verify if the 3D stabilization is working or not.

High energetic aberration changes: In Sect. 5.3, we saw that the other half of the axial confinement degradation occurrences were not linked to micro-saccades, but to other unknown sources, provoking a high energetic aberration changes, which can also be detected in a single focal plane.

While the pupil dilation, defocus dynamics and blinks can be controlled with medical drugs and external devices, micro-saccades, frame-out occurrences, and high energetic ocular aberration changes cannot be avoided and have to be detected fast enough to not allow laser impacts at these moments. We are going to refer to these occurrences as "highrisk laser impact" events.

Using eye motion estimation information to detect system performance degradation

One way to predict performance degradation is by looking at the eye motion estimation precision of the method HPFICC, described in Sect. 7.3. Indeed, we saw, in Sect. 7.2, that the cross-correlation between the reference and the current images produce a correlation map, where the image shift (eye motion) can be estimated with sub-pixel precision. We also saw that the estimation precision is inversely proportional to the FWHM of the correlation peak [151]. A high correlation peak FWHM means a low precision estimation.

We are going to refer to this criterion the stabilization metric. The highest possible value of the stabilization metric, during the imaging session, is given by the reference image auto-correlation. Choosing this value as a reference, we can define a stabilization metric threshold, to judge if the stabilization system is working fine or not. For frame-out occurrences, as the reference and the current image do not match anymore, the stabilization metric will be higher than the threshold. In the same way, images acquired during micro-saccades or fast aberration changes will lose high-spatial frequency content, which is present in the reference image, leading to a higher stabilization metric.

Using image information to "predict" performance degradation 191

To study this method, we acquired retinal images using the PARIS AO-FIO platform. As in Sect. 7.3, images were acquired at 5 ms exposure time, 200 Hz and with an AOloop rate at 50 Hz. The subject was untrained, leading to more energetic fixational eye movements. Additionally, the subject was under cycloplegia and pupil dilation conditions. The eye motion was estimated using the HPFICC real-time method described in Sect. 7.3. Figure 11.1 (a) presents the eye motion time series of the 5s-long image stack. The red dashed lines represent the eye movement amplitude limits at ± 139 µm. Eye fixating away of this value will provoke a frame-out occurrence, as we are not using any eye tracker. Green dashed lines indicate micro-saccades occurrences. A total of 15 microsaccades were identified. The yellow stars indicate two frame-out occurrences, happening just after a micro-saccade. Figure 11.1 (b) presents the equivalent stabilization metric. The red dashed line indicates the stabilization metric threshold, which was set to 1.1 times the reference stabilization metric. Green dashed lines highlight the detected microsaccades with this method, producing sporadic peaks correlated with the micro-saccade occurrences. The yellow stars indicate the stabilization metric during the frame-out occurrences, showing that this metric can also reliably detect them.

These results show that the stabilization metric is a reliable criterion to detect frameout, micro-saccades or high energetic aberration changes occurrences during laser surgery. However, we saw in Fig. 7.9 that a real-time system comes with a temporal error. The "Laser OFF" command will only be applied 5 ms after the image acquisition, i.e. with 1frame delay, and for the case of Fig. 11.1, a total of 98% of the time points can be considered as "fail-safe". Even if the system stabilization metric presents a high efficiency, as some "fail-cases" are consecutive, the healthy neighboring tissues may not be prevented from the laser impact. The temporal error problem is exposed in Fig. 11.2, presenting three examples around three different micro-saccades events. Each line corresponds to the stabilization metric and the eye motion time series, respectively, around a micro-saccade occurrence.

The red dashed line indicates the stabilization metric threshold (1.1 times the reference metric). Green circles show the image frame where the micro-saccade was detected. Red circles show the image frame where the "Laser OFF" command will be executed. The red circles are delayed by one frame compared to the green circles, as the stabilization metric will be computed after the eye motion estimation and during the acquisition of a new image. The "laser OFF" command will only be executed during the acquisition of a new image, meaning that in the previous frame, where the micro-saccade was detected, the laser impact was allowed. In Figs. 11.2 (b), (d) and (f), corresponding to the eye motion, it is possible to observe that the stabilization metric detect a micro-saccade at frames 211, 447 and 599, while a change of behavior of the eye motion (the beginning of a micro-saccade) can be already noticed in frames 210, 446 and 598. This fact highlights that the stabilization metric is not sensitive enough to detect the very beginning of the micro-saccades, as the produced correlation map is not affected by this weak image quality loss. To be able to detect them, instead of analyzing the eye motion estimation information, we can directly look at the acquired image quality.

Using image information to "predict" performance degradation

Indeed, another way to detect performance degradation is by looking at the image quality. We proposed, in Ch. 8, a reliable image quality metric based on the image high-spatial frequency energy, being sensitive to defocus and image sharpness. Throughout Ch. 8 we tested this metric for images acquired from different focal planes. This metric can also be The red dashed line indicates the image quality metric threshold, here it is set to 50. Green circles show the image frame where the micro-saccade was detected. Red circles show the image frame where the "Laser OFF" command will be executed. Once again, due to the temporal error, the red circles are delayed by one frame compared to green circles, as the image quality metric is computed after image acquisition. However, as the image quality metric is very sensitive, the very beginning of the micro-saccade is detected, allowing to command the laser to be cut off at the moment the micro-saccade will degrade the system performance.

In Sect. 5.3, we saw that a high SR value means a controlled axial confinement. Since the image quality metric is analyzing the image acquired in one fixed plane, we can say that this metric is directly proportional to the SR value. On the other hand, a low SR value does not always mean a no controlled axial confinement, meaning that the image quality metric can generate "false alarm" events. In our case, as we are more concerned on designing a fail-safe surgical system, then the image quality metric "false alarm" events can be neglected since we can be sure that the "high-risk laser impacts" will be detected fast enough. Therefore, we can conclude that the image quality metric is very sensitive to a high energetic event such as micro-saccades, fast aberration changes, and blinks. Nevertheless, the image quality metric cannot detect frame-out occurrences. For this reason, both stabilization and image quality metric are complementary and have to work together to guarantee a fail-safe laser surgery system, i.e. a laser impact during 3D confinement and stabilization.

End-to-end closed-loop laser surgery fail-safe system simulation

To conclude on the fail-safe study and to evaluate the proposed method performance, we simulate a closed-loop optical stabilization, composed of a 2-frame delay (temporal error included), a 0.5 gain, and at 200Hz sampling frequency. As the micro-saccade duration is, at maximum, 20 ms, and considering that the AO-loop rate (here 50 Hz) needs one interaction to recover from a fast aberration change, the first eight consecutive frames, after the detection of a performance degradation, will be considered as impacted, consequently the "Laser OFF" command will be kept. Moreover, the decided to start the with a "Laser OFF" command, setting it at "Laser ON" command after 20 consecutive frames without any "high-risk laser impact" events. Figure . 11.6 presents the result for the same image stack studied in previous sections. Figure . 11.6 (a) shows the eye motion temporal series, where each point in the plot represents a command: "Laser ON" or "Laser OFF"? Green and red points indicate respectively "Laser ON" and "Laser OFF" commands. One can notice that the laser was cut-off during micro-saccades and frame-outs occurrences. A total of 167 frames (over 1000) were manually selected as "high risk laser impact" due to micro-saccades (eye speed > 1.67 mm s -1 ), frame-out (eye position > |135 µm|) and temporal error (see Sect. 7.4 for definition). The laser was at "Laser OFF" state for 239 frames (almost 24% of the time), where 161 during "high-risk laser impact" events and 72 events were considered as false alarm events. Only

Chapter 12

Realization of the AO-assisted Laser Photocoagulation system

Since the beginning of my thesis, I collaborated in the CLOVIS3D (in French Couplage Laser Ophtalmologique et Visualisation 3D -meaning Ophthalmologic Laser coupled with a 3D Visualization) project (financed by ANR -Agence National de la Recherche), which main goal is to develop an Adaptive Optics Laser Photocoagulation (AOLP) prototype. This project counts with the participation and expertise of different institutions: ON-ERA (expertise in adaptive optics systems development and high-resolution in a turbulent medium), Quantel-Medical (company which develops and sells laser photocoagulation systems all over the world) and Quinze-Vingts Hospital (French ophthalmologic hospital center where the laser photocoagulation surgery is applied more than 600 times per year). Throughout my thesis, we worked together on the system specification, design, definition, and realization. Three of my main contributions to the CLOVIS3D project were: the development of novel tools to fullfill the scientific objectives described in Sect. 10.1; the definition of a global system design to fullfill these scientific objectives, which was presented in Fig. 10.6; and the feasibility study, to ensure that the defined global architecture and the chosen components are compatibles with the expected system performance.

Therefore, in this chapter, I would like to introduce the multi-modal AOLP final system, realized at the beginning of 2018, and the main feasibility challenges involving its realization. First, Sect. 12.1 defines the system's global architecture, where a description of the different subsystems, units, and their spatial and temporal organization are presented. Next, Sect. 12.2 introduces to the system components definition. Then, Sect. 12.3 presents a photometry budget study, to evaluate if the defined system can achieve the expected performance. Finally, Sect. 12.4 presents the final AOLP prototype.

System's global architecture

Chapter 10 introduced a first optical design, mainly centered on the developed tools presented in Chs. 6, 7, 8 and 9. The final AOLP system also has two additional functions: an OCT and a retinal fundus image systems. For a better understanding of the system's different functions and organization, this chapter starts by defining its global architecture.

AOLP subsystems and their functions

The AOLP system is built around five subsystems, with different functions and characteristics: 200 Chapter 12. Realization of the AO-assisted Laser Photocoagulation system -Wide-field, low-resolution imaging and optical stabilization subsystem (WImStab):

subsystem developed by Quantel Medical to initially localize the retina region of interest, where the therapeutic target is located, and to a first eye motion measurement and correction, with a wide field-of-view imaging modality, but at low precision; -The adaptive optics subsystem (AO): responsible for measuring and correcting the ocular aberrations in real-time; -Small-field, high-resolution imaging and optical stabilization subsystem (ImStab):

this subsystem has three functions: to measure and correct the eye movements in real-time at micrometer precision; 3D localization of the therapeutic target in the retina; and, to decide if the laser can be delivered in the therapeutic target or not; -The therapeutic laser subsystem (TLas): responsible to photocoagulate the therapeutic targets, and to position the laser over the 3D coordinates of the therapeutic target; -Optical coherence tomography subsystem (OCT): Responsible for generating a crosssectional retinal tomography before, during and after the laser impact in the therapeutic target, monitoring the surgery procedure. This subsystem was bought from Wasatch company (Cobra 1050 OCT), and it will not be further detailed in this chapter.

Subsystems chronogram

The subsystem can be temporally organized during laser surgery as follows:

1. The WImStab and the OCT subsystems are used to find a volume of interest in the retina, where the therapeutic target is located; 2. The optical stabilization from the WImStab subsystem is activated in this volume of interest; 3. The AO subsystem is activated; 4. The high-resolution optical stabilization from the ImStab subsystem is activated, and the WImStab stabilization is inactivated. If the high-resolution stabilization fails, due to an eye motion larger than its amplitude coverage capacity, the WImStab stabilization is reactivated, to recover the initial volume of interest; 5. After the ImStab subsystem stabilization is activated, the therapeutic target 3D coordinates are identified; 6. The TLas subsystem positions the laser onto the therapeutic laser coordinates; 7. the ImStab subsystem enables the laser impact; 8. the surgeon launches the laser impact; 9. The TLas subsystem delivers the laser radiation over the therapeutic target; 10. The OCT and the ImStab high-resolution imaging can be used to verify if the surgery was succeeded and if there was any collateral damage.

Subsystems units and their functions

Each of the subsystems can be decomposed into four units: injection unit (light sources), detection unit (photodetectors), control unit (real-time calculators) and correction unit (driven by control units). The subsystem units functions are described below: -Correction unit: Composed of two instruments: a Tip/Tilt mirror to laterally move the position of the therapeutic laser in a small field-of-view (avoiding anisoplanatism), which is driven by the TLas control unit; and a translation stage to longitudinally displace the laser focal plane position in the retina, which is also driven by the TLas control unit.

Wide

Units positioning

For each subsystem, the units are arranged starting from the injection units, arriving at the subject's eye, where the light is back-scattered to finally reaches the detection units. The control unit (computer stations and softwares) are positioned between the detection units and the correction units. The injection and detection units are positioned at the system focal plane, which corresponds to the retinal plane, except the lenslet array, from the AO detection units, which is conjugated to the system pupil plane (conjugated to the eye's pupil). To optimize the amount of power reaching the eye (being at the limits of the eye safety standards) and to minimize unwanted optical lens reflections in the detection units, the injection units are positioned as close as possible to the eye. Besides, the position of the correction units are not trivial, and it may influence the system performance and robustness. The wavefront coming from the injection units and going into the eye may have to be corrected by a correction unit. The same can be said for the wavefront coming out of the retina and going into the detection units, as the ocular aberrations affect the light propagation in the way into and out of the retina and as the eye is constantly in motion.

The correction units position is listed below:

-ImStab correction unit: The Tip/Tilt mirror has to be seen by the AO, ImStab and TLas injection units and the AO and ImStab detection units (to achieve a 3D stabilization of the laser impact and the image field-of-view, see Sect. 10.3) and be conjugated to the system pupil plane. The imaging and the stabilization cameras, from the ImStab detection unit, have to benefit from the translation stage. -WImStab correction unit: The Tip/Tilt mirror from the ImStab correction unit will also be used to the WImStab correction unit function.

-AO correction unit: The deformable mirror has to be seen by the TLas injection unit (to pre-compensate the therapeutic laser wavefront arriving into the eye) and the ImStab and AO detection units (to achieve high-resolution imaging and wavefront sensing). Thus, it has to be conjugated to the system pupil plane. Here, we choose to not pre-compensate the ImStab injection unit, as we are not interested in projecting high-resolution features in the retina, except the therapeutic laser. -TLas correction unit: The Tip/Tilt mirror and the translation stage have only to be seen by the TLas injection unit, and conjugated, respectively, to the system's pupil and focal planes.

Multiple sources management

The system presents five injection units having a specific function, which is detected by the detection units. Therefore, to allow the detection units to distinguish the flux coming from the injection unit of interest and reject the others, a wavelength distinction among injection units is necessary, so as the use of dichroic mirrors to spectrally separate injection units, by transmitting and reflecting as a function of wavelength. The dichroic mirrors can also be used to couple two different injection units into the eye. Figure 12.1 illustrates the final system's global architecture, considering all the previous points in this section.

-AO injection unit: The wavefront sensor (WFS) source has to favor the therapeutic laser ocular aberration pre-compensation. Because the eye presents chromatic aberrations, the WFS source wavelength has to be close to 577 nm, but far enough to spectral separation with dichroic mirrors. This is why, a fiber monomode diode laser of λ 635 nm (diameter of 5 µm), designed by Quantel-Medical, is chosen. -ImStab injection unit: Just like the PARIS AO-FIO platform, we are going to choose the OMICRON fiber SLED with λ = 850 nm (∆λ = 60 nm), with 2 mm diameter, which is able to deliver hundreds of milliwatts. The wavelength choice is based on a tradeoff between the fact that the eye safety standards are more permissible and the retina reflectance is more important (maximum at 850 nm) for infrared wavelengths, and the fact that the diffraction-limit is higher for longer wavelengths. Another important factor is the patient comfort, as the eye is less sensitive to near-infrared wavelengths than visible, a 850 nm illumination source is preferable. -OCT injection unit: To be able to spectrally separate the OCT signal from the others, we have chosen a commercial OCT at λ = 1050 nm. -WImStab injection unit: The Quantel Medical retinal fundus imaging system is done using a LED Slit Lamp with a large spectrum bandwidth in the visible (from 400 nm to 700 nm). To be able to distinguish this injection unit from the others, a dichroic mirror reflecting wavelengths around 577 nm, 635 nm and near infrared, and transmitting the other wavelengths in the visible, was customized.

Correction units definition

-TLas correction unit: The Tip/Tilt mirrors, to position the laser impacts in the retina laterally, has to cover ±0.5 • , which corresponds to less than the isoplanatic patch of the retina [164], i.e. the field where the AO-correction performance is considered to be close to the diffraction limit. The translation stage, to position the laser impacts in the retina axially, has to cover 300 µm in the retina and it has to be motorized with a precision inferior to 10 µm in the retina. The Thorlabs translation stage used in PARIS AO-FIO platform fits the specifications, and, therefore, it will be used. -AO correction unit: The deformable mirror has to correct the first 9 Zernike radial orders (equivalent to the first 50 Zernike modes, starting from defocus) and with a stroke of ± 3dpt. For this reason, an ALPAO DM97-08 of 7.2 mm diameter pupil, 11 actuators, and with an inter-actuators distance of 0.8 mm is chosen. The deformable mirror physically fixates the system pupil diaphragm, and it is equivalent to 5mm at the eye's pupil plane. -ImStab correction unit: The Tip/Tilt mirror has to cover an amplitude displacement of ±7.5 • in the retina, enabling a total of ±10 • field in the retina for imaging and therapy. The translation stage, to axially position the imaging focal plane in the retina layer of interest, has to cover 300 µm in the retina and it has to be motorized with a precision inferior to 10 µm in the retina. The same Thorlabs translation stage used for the TLas correction unit will be chosen for this function.

Detection units definition

-AO detection unit: The AO detection unit (composed of a lenslet array and a detection camera) has to measure the first 9 Zernike radial orders. Using the Nyquist-Shannon sampling theorem, we chose a Thorlabs lenslet array with 18 × 18 lenslets of 300 µm diameter and a focal length of 18.8 mm. To maximize the WFS dynamics and to avoid overlap between different wavefront slopes, the detection camera has to have, at least, 15 pixels per lenslet, totalizing 270 × 270 pixels. Moreover, the detector may have a relevant quantum efficiency for the WFS source wavelength and a sampling frequency superior to 50 Hz. Therefore, an IDS camera of 5.86 µm pixel size and sampling frequency up to 350 Hz is chosen. -ImStab detection unit: The ImStab detection unit has two photodetectors: the stabilization and the imaging cameras. Both cameras have to image a 4 • × 4 • fieldof-view in the retina at a high frame rate, and with a relevant quantum efficiency at 850 nm (illumination source wavelength). These conditions are very similar to the specifications of the PARIS AO-FIO platform, therefore, once again, we opt for the same detector for both cameras, i.e. the ORCA 4 flashV2, with 2048 × 2048 pixels, 6.5 µm pixel size, sampling frequency up to 100 Hz and quantum efficiency of 0.35 for 850 nm. A beam splitter 70/30 will be used to split the illumination source back-scattered in the retina over both imaging (70%) and stabilization (30%) camera. Now that the system's global architecture and the unit components are defined, a feasibility study has to be conducted to conclude if all system specifications and definitions are coherent with the expected performance. This is all the more critical and challenging regarding the photometry budget, because of the multi-source characteristic of the AOLP system.

Photometry feasibility study

In ophthalmology application the optical flux management has two fundamental limits that we have to take into account: the laser power sent to the eye is limited by the eye safety standards [145], and the photons collected by the detector units are mainly single back-scattered photons, which represents around 1 photon collected by 10 000 photons entering the eye [165]. The last limitation implies, on the one hand, that the detectors have to collect enough photons to beat the noise and to be able to measure or image the retina. On the other hand, it implies that stray light of all kind (light emitted by other injections units, light reflected from lens surfaces, light reflected by the cornea, and light leaks in the enclosure of the system) have to be avoided. This fundamental limit has a direct impact on the optical design.

Managing stray light:

To avoid stray light coming from lens surfaces reflection, all the injection units, except the TLas injection unit, will be designed in a catoptrics configuration, which also maximizes the amount of light flux power arriving at the eye. To avoid stray light from other injection units collected by the detection units, besides the dichroic mirrors, interferometric filters, for spectral discrimination, will be placed in front of each detection unit. This is all the more critical for the TLas injection unit, as an important amount of power (around 50 mW) may be used to photocoagulation. We saw in Ch. 6 that the WFS source reflected by the cornea can be critical. Here, instead of using an annular pupil stop, as in the PARIS AO-FIO platform, we adopted a decentered circular aperture to be placed in the pupil plane of the system, only seen by the AO injection unit.

Eye safety standards maximum permissible exposure: To calculate the eye safety limits several parameters have to be considered: the entering power, entering surface at the eye's pupil plane, injection units wavelength, exposure time and light operation (continuous or pulsed or scanned). In our case, considering an exposure time lower than 1h and a continuous illumination operation (except for the OCT, which is a scanning system), the Wavelength (nm) Limit Cornea 915 nm to 2500 nm 60 mW cm -2 Cornea 380 nm to 1200 nm 4 W cm -2 Retina 380 nm to 1200 nm 0.7 ×R(λ)W cm -2 Table 12.1: Maximum permissible exposure in the case of 1h and continuous exposure (cf.

[166] at Sect. 5.4.1.4, 5.4.1.5 and 5.4.1.6). For a scanning illumination system, the maximum permissible power entering the eye is 1.32 mW (cf.

[166] at Sect. 5.2.1). R(λ) is the thermal hazard weighting function, which is equal to 1 in the visible and decreases in UV and NIR (equal to 0.5 for λ = 850 nm and 0.2 for 1050 nm), see [166] Annex A. maximum permissible exposure for group 1, according to the ANSI Z80.36-2016 eye safety standards [166], is given by Tab. 12.1.

The eye safety standards consider that the smallest possible spot in the retina has a 30 µm diameter. Although the lateral resolution of AO-corrected instruments can achieve 2 µm, the standard keeps 30 µm as the smallest diameter possible since the retina is constantly in motion [167]. However, this will not be the case for our system, since the injection units will be corrected by AO and by an optical stabilization system, correcting from eye motion. In the case of the AO injection unit, to be in phase with the standards, the previously mentioned decentered pupil stop will have an aperture of 0.43 mm diameter at the cornea plane, leading to a 30 µm diameter laser spot in the retina. The OCT injection unit will enter the eye with a 2 mm diameter aperture, and the ImStab and WImStab injection units will enter the eye with a 5 mm diameter aperture. Considering the aperture diameter and the illuminated field in the retina, the maximum permissible power, for each of the four subsystems, is presented in Tab. 12.2. The therapeutic laser delivered power is naturally higher than the eye safety standards limits as a photocoagulation effect is expected, that is why the TLas injection unit will not be considered to the photometry feasibility in the following. As our system is a multiple source instrument, the limit that is applicable for each surface of the eye is given by the following expression [166]: Where P i is the entering power of the subsystem i, and the P max i is the maximum permissible power for the subsystem i. To be able to choose the entering power for each subsystem, we have to evaluate the required flux arriving into the detectors to achieve the expected performance.

P AO P max

Photometry budget study:

To analyze the photometry feasibility of the system, evaluating the flux arriving into the detectors, we have to consider the optical path of photons 12.3. Photometry feasibility study 207 from the moment they enter into the eye (N ph -limited by the eye safety standards) to the moment they are converted into Analog-to-Digital Unit (ADU) by each detection unit pixels and for each frame (F det ). In this study, one can consider that all light sources can deliver enough power to reach the eye safety standards limits. We define the following elemnts to be considered for the analysis:

-Eye transmission (τ eye ): When photons enter into the eye, we saw that only a minimal amount will be single back-scattered out of the eye, while the other photons will be diffused, absorbed, reflected by other eye surfaces than the retina, multiply scattered, and reflected with an angle, compared to the optical axis, not reaching the detection units. The eye transmission for a 5 mm diameter pupil is around 3.4 × 10 , not all pixels will collect photons since the number of pixel per lenslet was overestimated to avoid overlap problems (cf. Sect. 12.2). Moreover, not all lenslet array (18 × 18 in our case) will be used to focus light, since the incoming light is circular (the DM has a physical pupil stop). So a total of 260 lenslet (over 324) will focus light over 9 pixels. This case is not applied to the ImStab detection units since the illumination field was already considered. -Pixel size in the retina in µm (T pix ): In the case of the AO detection unit, this item is not applied, so it is equal to 1. For the ImStab detection unit, the size of a pixel at the retinal focal plane is at the same time relevant to the spatial sampling and the photons collection capacity. -Exposure time (t exp ): The exposure time will influence the number of collected photons by pixel.

Considering all the described elements above, the collected flux (F det ) in ADU for each pixel for one single frame can be deduced as the following:

F AO det = N ph τ eye τ opt η q t exp N pix G det [ADU/pixel/ f rame] (12.
2)

F ImStab det = N ph τ eye τ opt η q t exp T 2 pix F Illu G det [ADU/pixel/ f rame] (12.3)
Based on the images generated by the WFS and imaging camera from the PARIS AO-FIO platform, we know that our expected performance can be achieved with at least F AO-exp det = 1000 ADU/pixel/frame and F ImStab-exp det = 2000 ADU/pixel/frame for the AO and the ImStab detection units respectively. Moreover, based on Quantel-Medical experience, only one-fourth of the maximum permissible power (i.e. 588 mW), is necessary for the WImStab detection unit. Therefore, by evaluating the photons optical path elements, we can deduce, from Eqs. 12.2 and 12.3, the required total number of photons entering the eye (N ph ). Then, the required total power entering the eye (P), necessary to verify the laser safety limits from Eq. 12.1, can be directly computed using the following expression:

P = N ph × hc λ (12.4)
Where h is the Boltzmann constant and c is the speed of the light. Table 12.3 shows the photometry budget study for the AO and the ImStab subsystems, starting from the required flux obtained experimentally (F exp det ), to the estimation of the required total power entering the eye for both analyzed subsystems, using Eqs. 12.2, 12.3 and 12.4. By applying the estimated required total power entering the eye for the AO and Im-Stab subsystems (deduced in Tab. 12.3), together with the maximum permissible power (calculated in Tab. 12.2), on Eq. 12.1, the maximum power which can be sent by the OCT source can be estimated as follows:

Cornea :

1 We find P OCT < 650 µW, which is quite realistic compared to other OCT systems, where the total power entering the eye is around 400 µW [168]. Besides, the result demonstrates flexibility, meaning that a new balance arrangement between subsystem's total power, from Eqs. 12.5 and 12.6, could also be possible since the minimum required total power entering the eye for each subsystem is respected. For example, by fixating the OCT entering power to 400 µW and by increasing the power delivered by the ImStab injection unit.

After completing the photometry budget study and showing that the defined global architecture and components can provide the expected performance, the final optical design was done using ZEMAX software, by Bruno Fleury (ONERA). Thanks to ZEMAX

Conclusion

This chapter introduced the multi-modal Adaptive Optics Laser Photocoagulation (AOLP) system's global architecture, describing its subsystems, units, each one responsible for a particular system function. Moreover, the spatial and temporal system layouts were also defined. The required technical specifications were studied, helping on the system components definition. To conclude on the system optical design, a photometry feasibility study was realized to evaluate if the defined global architecture and components were able to achieve the expected performance. Despite the multiple sources characteristic of the system, we saw that enough photons can be collected by each subsystem photodetectors to achieve the expected performance, all in line with the maximum permissible power according to the eye safety standards. Finally, the final AOLP prototype was presented, being the first system allying adaptive optics with a retinal therapeutic application, which will enable 3D high-resolution image-guided Laser Photocoagulation microsurgery.

Conclusion and perspectives Conclusion

This thesis studied the use of Adaptive Optics to guide laser photocoagulation systems in order to control the 3D confinement and position of the laser impact in the retina, producing a genuine "high-resolution 3D laser bistoury".

To ensure the highest performance of Adaptive Optics to compensate for ocular aberrations for any patient and 100% of the time, enabling the control of the 3D laser confinement in the retina, a high spatiotemporal resolution characterization of the ocular aberrations was realized and presented in part II of this manuscript. This study provided an unique database composed of ocular aberration and pupil motion time series from a 50-eye population, making it possible to come up with a statistical model for both characterization of ocular aberrations and understanding of the contribution of eye movements on ocular dynamic aberrations, which is all the more vital when designing an AO-system for clinical imaging or therapeutic purposes.

With the knowledge of the eye's typical temporal aberration statistics, we performed a simulation of the temporal evolution of the 3D laser confinement in the retina, demonstrating that the correction of ocular dynamic aberrations can reliably increase the AOsystem performance, assuring the control of the 3D laser confinement for 98,4% of the time. Thanks to the ocular aberration and movement database, we showed that fixational eye movements are a negligible source of dynamic aberration, giving a definitive answer to this controversial question and discarding the use of an eye tracker to compensate for dynamic aberration. Moreover, we showed that micro-saccadic eye movements are the main source of laser confinement degradation. Finally, with the developed knowledge on both ocular aberrations (static and dynamic) and AO-corrected 3D laser confinement, as well as its different sources of degradation, we were able to conclude on an optimal AOcontrol strategy, consisting of an an integrator controller, with 2-frame delay, a gain of 0.5 and an AO-loop rate at 50 Hz.

To be able to identify the therapeutic target 3D coordinates and to control the 3D position of the therapeutic laser, compensating for eye movements and accommodation microfluctuations, novel methods to explore, in real-time, the retina volume and temporal dynamics, using an Adaptive Optics Flood-Illumination Ophthalmoscope (AO-FIO), were presented in part III of this manuscript. We built a unique AO-FIO able to achieve a 50 Hz AO-loop rate and to acquire wide-field (5.4 • × 2.7 • ), distortionless retinal images with an unprecedented resolution at 200 Hz.

Using the custom-built AO-FIO as a pathfinder, we proposed an image-based method to estimate the eye motion in real-time and with micrometer precision. We showed that this method opens up the possibility to realize a high-resolution 3D optical stabilization system, enabling the 3D stabilization of the therapeutic laser position compared to the retina for 95.8% of the time. Moreover, to guide the surgeon to localize the therapeutic targets during the laser therapy, we demonstrated that noise-free images with enhanced contrast could be displayed at 20 Hz, thanks to a proposed imaging procedure consisting of retinal images registration and averaging in real-time, which we named "Shift & Add" procedure.

Owing to the high-resolution retinal images generated by the AO-FIO, we described a novel method to generate tomographic retinal cross-sections without an interferometry setup (such as OCT) named Optical Incoherence Tomography (OIT). OIT consists of the acquisition of retinal images from different focal planes by translating the imaging camera in the optical axis direction, and the measurement of the high-spatial frequency energy of the acquired Z-stack. We showed that the OIT could be used to control the axial position of the laser impact in the retina in a real-time manner, preventing healthy neighboring tissues from collateral damages. Moreover, using the OIT, we demonstrated the effective axial resolution (or laser confinement) enhancement afforded by a 50 Hz AO-loop rate compared to 10 Hz. Furthermore, we showed that the OIT is a promising tool that can also be used for retinal imaging purposes, e.g. positioning the imaging focal plane at the retinal layer of interest; mapping longitudinal capillaries; studying the retina diffusion, reflectivity, transparency and absorption characteristics; imaging hypo-reflective and transparent retinal features; and generating dark-field tomographic retinal cross-sections.

Because of the high-temporal resolution offered by the AO-FIO system, we proposed a technique to explore the dynamic of retinal vasculature, enabling the generation of widefield distortionless noninvasive angiographic maps, crucial images that could be used to identify the 3D coordinates of a therapeutic target. Indeed, we demonstrated that the proposed technique can assess the retinal microvasculature, lumen size of retinal vessels from various calibers, and the speed of the blood flow, the last one being represented by colored angiographic maps.

Finally, using the previously proposed methods, the design and realization of the first 3D high-resolution AO-assisted Laser Photocoagulation system were presented in part IV of this manuscript. We showed that a 100% fail-safe system can be achieved using an image-based technique to detect sporadic degradation occurrences. Finally, we demonstrated that an AO-assisted Laser Photocoagulation system is entirely feasible and safe regarding the expected performance and the limits imposed by the eye safety standards, making it suitable for clinical and surgical applications.

Perspectives

To successfully transform the AO-assisted Laser Photocoagulation (AOLP) system to a clinical and surgical device, there are still some engineering tasks ahead. Indeed before testing the efficiency of the AOLP for therapeutic purposes, it would be necessary to validate each subsystem, i.e. Adaptive Optics, Small-field, high-resolution imaging and optical stabilization, and Wide-field low-resolution imaging and optical stabilization, for imaging purposes (without the therapeutic laser subsystem) first in an artificial eye and then for in-vivo retinal imaging in humans. Since the AOLP comprises five subsystems, it will be crucial to test each subsystem separately and then all together to show that the achieved performances match with the expected performance. Besides, the real-time controller has to be designed and validated, to demonstrate the capability of the system to control a multi-modal system.

The OCT system still has to be coupled to the AOLP system, a key step to demonstrate the effectiveness and benefits brought by an AO-assisted laser therapy on the treatment of macular edema. Indeed, an OCT coupled to the AOLP system will enable to monitor the laser impact confinement, to analyze the changes on the retinal morphology during and after a laser impact, and to verify if the therapeutic target was effectively photocoagulated.

AOLP system realization
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A study of the power dosimetry and thermal propagation during an AO-assisted laser impact has to be performed, as the new system imposes a new therapeutic condition, i.e. a 3D control of the laser confinement in the retina. Such study would allow identifying the optimal amount of energy that has to be delivered by the laser to create a coagulation effect on the therapeutic target and to avoid a significant thermal diffusion that could damage healthy neighboring tissues. V. Emiliani's group has done some similar work, by the quantification of heat during photoactivation, for optogenetics applications using a diffraction limit laser beam to stimulate targeted cells [169].

Moreover, the development of the first (AOLP) system opens new perspectives that go beyond the surgical application:

• Current eye safety standards for ophthalmic instruments are mostly based on non-AO-corrected devices and without optical stabilization. The AOLP device could be used as a tool to study the thermal, chemical and mechanical effects caused by lighttissue interaction, enabling the refinement and improvement of current standards applied for AO-corrected ophthalmic devices.

• Knowing that the retina can be considered as a part of the brain, the capacity of controlling the 3D confinement and position of a laser beam in the retina allied with the capacity of acquiring high-resolution retinal images with a high-speed rate could be explored to study the neurovascular coupling. The neurovascular coupling refers to a mechanism linking the neural activity and subsequent changes in blood flow. By stimulating photoreceptors with an AO-controlled laser, one can measure changes on retinal vessels via high-resolution images, which can be a biomarker of retinal diseases such as diabetic retinopathy and age-related macular degenerescence, as well as systematic diseases, notably Alzheimer. Such a perspective will be certainly approached by my colleagues at ONERA since an ANR project had been approved (ANR EYEWin).

• The AOLP system can also be explored as an imaging system for clinical and diagnostic purposes, as it will provide AO-corrected retinal images (4 • × 4 • ) with 3D optical stabilization, making it possible to image patients with poor fixation. Moreover, thanks to the "Shift & Add" procedure and OIT, the physician could finely position the imaging focal plane at the retina layer of interest, making it easier to interpret and analyze the displayed images without further post-processing steps, helping diagnosing retinal diseases at early stages and monitoring the progression of retinal diseases as well as the effect of new and conventional therapies. 
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Fig. 1 .

 1 Fig. 1. Schematic drawing of the experimental set-up, comprising a Reference Unit (used to acquire the reference wavefront), an Injection Unit creating a point source on the retina and an Analysis Unit with a custom-made Shack-Hartmann Wavefront Sensor (SH WFS), in parallel with a pupil camera.(L: lens -associated focal lengths are reported on the schematic drawing, BS: beam splitter, M: mirror). All pupil planes (marked with P) are optically conjugated.

Fig. 2 .

 2 Fig. 2. Description of the 50-eye population regarding (a) age, (b) spherical equivalent, (c) cylindrical component J0, (d) cylindrical component J45. Spherical equivalent and cylindrical components were taken from the spectacle prescription of our population.

Fig. 4 .

 4 Fig. 4. Distribution of the static part of the aberrations over the population for a 5-mm diameter pupil. (a) Zernike coefficients from the 2 nd to the 8 th radial order over the 50eye subpopulation. Symbols indicate mean values of a i and error bars plus and minus one standard deviation from the mean values. (b) Contribution of each radial order to the total static SWFE. Symbols indicate mean values of i ∈n t h ra dial order (a i (eye)) 2 and error bars plus one standard deviation from the mean values.

Fig. 5 .

 5 Fig.5. Experimental example of temporal series of Zernike coefficients from the 2 nd to the 4 th radial order on one eye across a 5-mm diameter pupil during a 3.4-second-long sequence. Modes are attributed different colors and are specified beside the traces. The traces have been vertically shifted for clarity. As a consequence, mean values do not represent static aberrations. (a) Second-order dynamic aberrations (a 4 , a 5 , a 6 ). (b) Third-order dynamic aberrations (a 7 , a 8 , a 9 , a 10 ). (c) Fourth-order dynamic aberrations (a 11 , a 12 , a 13 , a 14 , a 15 ).

Fig. 7 .

 7 Fig. 7. Power-law model of the temporal PSD of the aberration time series. (a) PSD of vertical coma (a 7 ) measured on a real eye, in blue. The solid line indicates the power-law regression f -p i . The dotted straight line indicates the theoretical noise level (see Sect. 4.1 for details). The dashed straight line indicates the experimental high-frequency plateau of the temporal spectrum. For information, the level of local turbulence in the optical bench is given in green (corresponding to an acquisition at high flux on an artificial eye).(b) Distribution of the power-law exponent for each Zernike mode i up to the 8 th order over the population for a 5-mm diameter pupil. Symbols indicate mean values of -p i and error bars plus and minus one standard deviation from the mean values.

Fig. 9 .

 9 Fig. 9. Temporal error SWFE tem poral as a function of the sampling frequency f s for various portions of the population corrected. For each eye, the temporal error is calculated as SWFE tem poral = N c o r r e c t ed i=1

Fig. 10 .

 10 Fig. 10. Example of Shack-Hartmann wavefront sensor image for one typical eye.

Fig. 4 .

 4 Fig. 4. Illustration of the correlation between eye movements and dynamic aberrations.(a), (b) and (c) : horizontal (black line) and vertical (magenta line) pupil translation of eyes 13, 16 and 31 respectively. (d), (e) and (f): second order Zernike coefficients time series without pupil stabilization of eyes 13, 16 and 31 respectively. (g), (h) and (i): third order Zernike coefficients time series without pupil stabilization of eyes 13, 16 and 31 respectively. Modes are attributed different colors and are specified in (e) and (h). The plots have been vertically shifted for clarity. As a consequence, mean values do not represent static aberrations. Vertical dashed lines highlight fast and large horizontal micro-saccade occurrences for eyes 13 and 31. Horizontal dashed lines indicate slow and large amplitude horizontal drift occurrence for eye 16.

Figure 5 . 7 :

 57 Figure 5.7: The axial resolution temporal mean value for each eye from the studied population, using AO-loop rates at 10 Hz (black line), 50 Hz (red line) and 120 Hz (blue line).

Figure 5 . 8 :

 58 Figure 5.8: Distribution of the axial resolution over the population as a function of the AO-loop rate. Blue bars indicate the average of the temporal axial resolution over the population. Red error bars indicate one standard deviation of the temporal axial resolution over the population.

Figure 5 . 11 :

 511 Figure 5.11: Mean Strehl ratio over time for each eye from the studied population. The red-dashed line indicates a temporal mean Strehl Ratio inferior to 0.55, which is only the case for eyes 11, 13, 23, 24 and 44.

Figure 5 . 12 :

 512 Figure 5.12: Strehl Ratio as a function of the axial resolution for all time points from the studied population. The blue-dashed line indicates a Strehl Ratio of 0.5 and the red-dashed line an axial resolution of 1.2r z , where r z is the diffraction-limit axial resolution.

Fig. 1 .

 1 Fig.1. Schematic drawing of the experimental setup. The system can be divided into two subsystems. The wavefront (WF) sensing and control, in yellow, is composed of a reference source (Ref Source), a wavefront sensor (WFS) (microlens array, relay optics, and WFS camera), a WFS beacon source, and a deformable mirror (DM). An additional calibration source can be inserted in place of the eye to calibrate the adaptive optics loop. The other subsystem, in purple, is illumination and detection and is composed of the retinal imaging camera and the corresponding wide-field imaging source.

Fig. 2 .

 2 Fig. 2. Chronogram of the adaptive optics loop. Two frames (i.e., wavefront sensor camera exposure time) separate a wavefront sensor exposure and the corresponding deformable mirror (DM) state (2frame delay loop).WFS, WFS camera exposure; Read, WFS camera read out; C, actuator voltages computation.

Fig. 3 .

 3 Fig. 3. General flow diagram of retinal image processing.

Fig. 4 .

 4 Fig. 4. Point spread function in closed loop on the calibration source (λ 860 nm). The color scale is logarithmic so as to reveal the ripples.

Fig. 5 .

 5 Fig. 5. Rejection transfer function. Black: experimental rejection. Red: theoretical rejection with a two-frame delay loop.

Fig. 6 .

 6 Fig. 6. Image of the wavefront sensor laser beacon at subject EG's fovea (a) without adaptive optics correction and (b) with adaptive optics correction (in addition to the sharp dot corresponding to the laser beacon, some multiply-scattered light is present). Scale bar is 50 μm.

Fig. 7 .

 7 Fig. 7. Average image from a video sequence of the large illumination beam on a phantom eye. (Left) without AO correction. (Right) with AO correction. Scale bar is 50 μm.

  ) and 9(d)] and capillaries [see yellow arrowheads in Fig. 9(c)]-to large vessel structures-arterioveinous crossings or bifurcations [see Figs. 9(a) and 9(b)]. The retinal nerve fiber layer is highly contrasted [see Figs. 9(b) and 9(d)]

Fig. 8 .

 8 Fig. 8. Cone photoreceptor mosaic at 4°temporal (subject EG). (a) Raw image and (b) its power spectral density (PSD) with a 10 Hz AO-loop correction. (c) Corresponding 160 images average, after (d) registration and correction of uneven background illumination and associated PSD. (e), (f ) same as (c), (d), but with a 50 Hz AO-loop correction. (g), (h) Image and associated PSD obtained after deconvolution of image (e). Photoreceptor images are represented in linear scale and PSD images represented in logarithm scale. Scale bar is 50 μm. (i) Radial average of the log10-power spectrum densities.

Fig. 9 .

 9 Fig. 9. (a) Average image of a bifurcated artery crossing a vein. (b) Average image of vessels crossing embedded in the retinal nerve fiber layer. One of the vessels is above the fiber layer (yellow arrowheads); the other one (red arrowhead) is below the fiber layer. (c) Average image of capillaries (yellow arrowheads) irrigating the retina. (d) Average image of retinal vessels, an 80 μm retinal artery. Red arrowheads indicate vessel wall (thickness around 10 μm). Scale bar is 50 μm.

Fig. 10 .

 10 Fig. 10. Average image of a large curved vessel. In the video sequence (see Visualization 1), the vessel is deformed following cardiac pulses. Scale bar is 50 μm.

Fig. 11 .

 11 Fig. 11. Processed image of the lamina cribrosa (a) before and (b) after uneven illumination correction. Red arrowheads indicate a vessel inside the lamina cribrosa (blood flow is visible in the corresponding sequence, see Visualization 2). Yellow arrowhead points out fibrous branches from deeper layers of the lamina cribrosa. Scale bar is 50 μm.

1 .

 1 Figure 7.1 (a) shows a raw-image acquired at 200 Hz, with an exposure time of 5 ms, from the photoreceptor layer. The image is composed of 1024 × 1024 pixels, meaning, in our case, a field-of-view of 2.7 • x2.7 • in the retina. One can notice three common aspects inherent to an AO-FIO system: 1) the uneven illumination background [Fig. 7.1(b)]; 2) a low signal-to-noise ratio (SNR) due to the short exposure time [Fig. 7.1(c)]; 3) the temporal evolution of the overall intensity of the illumination [Fig. 7.1(d)]. Each of these AO-FIO inherent aspects are described with more details Uneven illumination background: Figure 7.1 (b) presents the plot of the intensity profile from the center of Fig. 7.1 (a)

  Figure 7.1 (c) presents the radial average power spectral density (PSD) of the central region of Fig. 7.1 (a), enabling to asses the SNR for a specific spatial frequency. The red dashed line, surrounded by a red area, highlights the photoreceptor mosaic spatial frequency. The green dashed line shows the noise level.

  Figure 7.1 (d) presents the time series of the overall intensity collected by the imaging camera, showing a significant temporal variability.

7. 2 .Figure 7 . 4 :

 274 Figure 7.4: Algorithm diagram flow to achieve real-time performance.

-

  -field, low-resolution imaging and optical stabilization (WImStab) units -Injection unit: Light source to illuminate a wide field-of-view of the retina, more than 30 • × 30 • . 12.1. System's global architecture 201 Detection unit: acquisition of a wide field-of-view retinal fundus image, more than 30 • × 30 • , to help the physician to identify the therapeutic target location. -Control unit: The eye motion is estimated by a Quantel-Medical algorithm which uses the images acquired by the WImStab detection unit and converted the estimation eye motion into voltages to pilot the WImStab correction unit. -Correction unit: Tip/Tilt mirrors are used to laterally displace the image field-ofview, enabling exploration of the retina to identify the region of interest where the therapeutic target is located. This function is manually done by the physician. The same Tip/Tilt mirrors are also used to compensate from eye motion, and it is automatically driven by the WImStab control unit. Adaptive Optics (AO) units -Injection unit: Laser source to create a laser beacon in the retina, enabling wavefront sensing. -Detection unit: A Shack-Hartmann wavefront sensor, composed of a lenslet array and a photodetector, to acquire slopes corresponding to the optical wavefront characteristics. -Control unit: Real-time calculator to convert the acquired sloped from the AO detection unit into voltages to pilot the AO correction unit. -Correction unit: Deformable mirror to correct the wavefront aberrations introduced by the eye and the bench, which is automatically driven by the AO control unit. Small-field, high-resolution imaging and optical stabilization (ImStab) units -Injection unit: Light source to illuminate a small field-of-view of the retina, more than 4 • × 4 • . -Detection unit: Composed of two fast cameras: one for high-resolution retinal imaging, in a small field-of-view (around 4 • × 4 • ), and the other for high-resolution retinal motion stabilization, preferentially conjugated to the photoreceptor layer, and in a even small field-of-view (1 • × 1 • ). -Control unit: Composed of two real-time calculators: one linked to the stabilization camera, from the ImStab detection unit, to convert the eye movement estimation into voltage to pilot the Tip/Tilt mirror from the ImStab correction unit; and the other one one linked to the imaging camera, from the ImStab detection unit, to generate "shift and add" images (in real-time), angiography maps and OIT images (A-scans or Bscans), helping to identify the 3D coordinates of the therapeutic target, which is sent to the TLas control unit. -Correction unit: Composed of two instruments: a Tip/Tilt mirror to compensate from eye motion, driven by the ImStab control unit; and a translation stage to manually, or automatically, move the imaging camera perpendicularly to the optical axis, changing the imaging focal plane in the retina, which enables the localization of the therapeutic target 3D coordinates. Therapeutic laser (TLas) units -Injection unit: Therapeutic laser source to be delivered in the therapeutic target. -Detection unit: No detection unit. -Control unit: Responsible for converting the 3D coordinates of the therapeutic target (sent by the ImStab control unit) and into voltages to drive the TLas correction units.

- 4 [

 4 165]. -Illumination field (F Illu ): Not applied for point sources, such as the AO injection unit. The illumination field for the ImStab injection unit is 1.5 × 1.5 mm 2 , set by a field diaphragm conjugated to the system focal plane and only seen by the ImStab injection unit. -Instrument transmission (τ opt ): The use of optical lenses, mirrors, dichroic mirrors, and beam splitters play an important role in the instrument transmission. -Detectors quantum efficiency (η q ): It gives the percentage of photons, with a certain amount of energy, necessary to produce charge carriers at the surface of the photodetector. -Camera gain (G det ): Is the photo-electron to ADU conversion factor. In our case, we have a gain of 0.5 phe -/ADU. -Number of pixels (N pix ): In the case of the AO detector unit (lenslet array + photodetector)
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  AO-system parameters (AO-loop rate, number of actuators in the deformable mirror, and others -see Sect. 2.3) and by specifying a target value for the total residual wavefront variance. Of course, this parametric study must rely on a statistical model of the ocular aberrations. As mentioned in Sect. 1.4, such statistical model does exist for ocular static aberration, from which Doble et al. have derived the required specification of the corrector depending on the targeted performance

Table 1 .

 1 Repartition over the population of the dynamic SWFE and associated Strehl ratio (SR). Strehl ratios are computed at 833 nm as : SR = exp -4π 2 λ 2 • SWFE dyn .

	Quintile	1-st (20 %) 2 nd (40 %)	3 rd (60 %)	4 th (80 %)	5 th (100 %)
	SWFE dyn (µm 2 ) 3.4 × 10 -3 4.6 × 10 -3	6.6 × 10 -3	8.3 × 10 -3	2.0 × 10 -2
	SR (%)	82	77	69	62	33

  2 λ 2 • SWFE . It is then logical to analyze residual aberrations through an SWFE budget. Such a simplified error budget can be expressed as: SWFE res = SWFE fitti ng + SWFE tem poral + SWFE noi se + SWFE alia si ng + SWFE NC P A r e f

	,
	SWFE WFS
	(6)
	where SWFE WFS represents the wavefront sensing error (see Sect.2.5 and Eq. (

Table 1 .

 1 Population (mean ± standard deviation) and eyes 13,16,31 (mean values) information concerning age, horizontal (H) and vertical (V) pupil translation standard deviation, wavefront error, high-order wavefront error and the specificity of each case compared to the studied population as a whole.

	Eyes	Population	Eye 13	Eye 16	Eye 31
	AGE (yo)	30±7	27	35	25
	Fixational eye movement	H:48±23,	H:110.4,	H:116.6,	H:28.9,
	Standard Deviation (µm)	V: 30±14	V: 38.3	V: 19.1	V: 31
	Static Wavefront Error	0.59 ± 0.31	1.25	0.31	0.34
	(WFE) (µm)				
	High-order aberration	0.21 ± 0.10	0.69	0.20	0.19
	WFE (µm)				
	Specificity	-	Lasik case	Poor fixation Typical case
			and poor fix-		
			ation		

Table 7 .1: Summary

 7 

	2	326 × 326 µm 2

of all modification applied to the reference method in order to achieve a realtime performance.

Table 7 .2:

 7 • , temporal inferior position, around the OPL.

	7.4. Towards a real-time 3D optical stabilization of the retina			121
	Retinal	Total	MS	Frame-out Failed Estimation RMSE (µm)
	Location Frames Frames		Frames Efficiency	(x)	(y)
	5TI01	1000	16	0	1	98.3%	0.52	0.49
	5TI02	1000	6	0	1	99.3%	0.62	0.61
	5TI03	1000	17	85	0	89.8%	0.66	1.67
	5TS01	1000	17	0	0	98.3%	0.64	0.52
	5TS02	1000	17	8	0	97.5%	0.70	0.66
	5TS03	1000	0	0	0	100%	0.45	0.43
	7N01	1000	15	0	0	98.5%	0.46	0.47
	7N02	1000	22	9	0	96.9%	1.10	0.69
	7N03	1000	6	54	0	94%	0.62	0.66
	7NI01	1000	0	0	0	100%	0.41	0.37
	7NI02	1000	5	23	0	97.2%	0.88	0.60
	7NI03	1000	0	0	0	100%	0.72	0.51
	9T01	1000	5	0	0	99.5%	0.45	0.48
	9T02	1000	15	0	0	98.4%	0.62	0.54
	9T03	1000	42	0	0	91.5%	1.16	1.03

Table 12 . 2 :

 122 Maximum permissible power calculated for each subsystem conditions.

	Injection units	AO	ImStab	OCT	WImStab
	Aperture diameter	0.43 mm	5 mm	2 mm	5 mm
	Field in the retina 30 µm (diameter) 0.112 × 0.112 cm 2 scanning system 0.84 × 0.84 cm 2
	P max (Cornea)	5.72 mW	784 mW	1.32 mW	785 mW
	P max (Retina)	4.9 µW	32.2 mW	1.32 mW	588 mW

Table 12 . 3 :

 123 Photometry budget study table. According to the images obtained in the WFS and imaging camera from the PARIS AO-FIO platform, the expected performances could be achieved for the F exp det specified in the top of the table. Using Eqs. 12.2, 12.3 and 12.4, the required total power entering the eye for one subsystem is deduced, and presented at the bottom of the table.

	Detection units	AO	Stabilization camera	Imaging camera
	F det exp	1000 ADU/pixel/frame 2000 ADU/pixel/frame 2000 ADU/pixel/frame
	τ eye	3.4 × 10 -4	3.4 × 10 -4	3.4 × 10 -4
	F illu	not applied	1500 × 1500 µm 2	1500 × 1500 µm 2
	τ opt	0.17	0.096	0.224
	G det	0.5 phe -/ADU	0.5 phe -/ADU	0.5 phe -/ADU
	η q	0.55 phe -/ph	0.35 phe -/ph	0.35 phe -/ph
	N pix	9 pixels x 260 lenslet	128 × 128 pixels	1024 × 1024 pixels
	T pix	not applied	3 µm	1.5 µm
	t exp	10 ms	5 ms	10 ms
	Required P	1.1 µW	1000 µW	877 µW
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"fail cases", i.e. frames considered as "high-risk laser impact", were not avoided due to the temporal error, i.e. happening just before a micro-saccade. By decreasing the image quality metric threshold, these frames would be detected, at the cost of the augmentation of false alarm events. Since these fail-cases are not consecutive, a 100% fail-safe system can be achieved by adopting a pulse laser strategy, where a series of pulsed laser impacts, at the same therapeutic target, is needed to provoke a photothermal effect.
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Chapter 10. Design of an AO-assisted Laser Photocoagulation system 3D position of the photocoagulation laser at the therapeutic target. Important decisions considering the optical design of the prototype were presented, and they will be further detailed in Ch. 12.

We showed that a 3D confinement below 70 × 70 × 70 µm 3 is attainable 98.4% of the time when using an AO-loop rate at 50 Hz. Moreover, the stabilization efficiency expected was estimated to 95.8%, when acquiring images from the photoreceptor layer at 200 Hz. Both efficiency performances are quite high and promising. However, the "fail cases" can represent a high risk to the patient. It seems all the more critical to study a method to detect them, as soon as possible, avoiding irreversible damage from the laser treatment.

Chapter 11

Towards a fail-safe AO-assisted laser photocoagulation system

Although the Adaptive Optics and the 3D optical stabilization systems have high efficiency (over 95%), it is not enough for a laser surgery application, such as laser photocoagulation, where the system has to achieve high-resolution performance 100% of the time. Indeed, in our case, a sporadic loss of axial confinement or 3D stabilization can damage healthy neighboring tissues as the photoreceptor and the retinal pigment epithelium layers, provoking a local vision loss, such as current conventional laser systems.

The objective of this chapter is to propose fast methods to detect "fail cases" in order to cut off the therapeutic laser, avoiding non-controlled laser impacts in the retina. First, the main sources of performance degradation in our case are introduced (Sect. 11.1). Then, two complementary methods to fast detection of "fail cases", one based on eye motion estimation precision (Sect. 11.2) and the other based on the acquired image sharpness (Sect. 11.3), are presented.

Potential sources of performance degradation

We saw in Ch. 10 that the AO and the 3D optical stabilization systems are responsible for controlling the ocular aberrations and movements, respectively, during the laser surgery. If the 3D optical stabilization system fails, a highly confine laser impact will touch a retinal layer or eccentricity other than the one where the therapeutic target is located. Besides, if the AO system fails, the laser impact will lose its fine confinement, retrieving the conventional laser systems conditions and presenting a risk of damaging healthy neighboring tissues.

To be sure that the system will guarantee a controlled laser impact, both AO and 3D optical stabilization systems have to work in its high performances (as those studied in Chs. 5, 6 and 7) for all laser impacts. The primary sources of performance degradation for both systems and possible solution are listed below:

Pupil size: The pupil size can change during the surgery session and among patients, impacting the laser confinement. To benefit from the AO capacity to confine the laser impact, pupil dilation is necessary. Moreover, to master the system confinement performance for every eye, instead of limiting the confinement performance to the patient pupil size, we can position a circular pupil stop conjugated to the pupil plane, with an equivalent 5 mm diameter aperture in the eye's pupil plane.

Accommodation and defocus dynamics: Accommodation evolution, during surgery session, can provoke an axial displacement of the laser impact. Moreover, in these conditions, Appendix A

eyes population axial confinement temporal series

This Appendix presents individual eye temporal series information, such as pupil displacement, pupil speed, residual Zernike coefficients from a 5 to a 11 , Strehl ratio, axial resolution and 3D PSF axial movement due to defocus. Vertical dashed lines identify Microsaccades occurrences.

Appendix B

Retinal averaged images from data collected throughout my thesis

Throughout the manuscript, I presented some results obtained from data acquired from the AO-FIO system presented in Ch. 6. Here, I present the data used for Chs. 7 and 8, in the form of averaged images, which the eye movements were estimated using the HPFICC method described in Ch. 7.